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Introduction 1
Jason A. Burdick and Robert L. Mauck

Contents

1.1
Overview and Intent of the Book

When approached to put together this compilation on recent advances on the material
component of tissue engineering, we first asked ourselves whether there was a need for
another book in this field. Tissue engineering books abound; however, a review of
the existing literature soon made clear that no other work exists that focuses specifically
on the material aspects of tissue engineering science and the approach that we and others
use within our own research. Namely, we operate under the principle that rational material
design, directed and informed by native tissue structure and function, will enhance the
generation of engineered constructs with functional utility. Moreover, as advances are being
made in this arena at an exceedingly rapid pace, it is important to routinely update the field.
To address this important need, we asked several emerging experts, who we thought may
contribute a fresh perspective on this topic, to contribute reviews on past and current work
on a range of materials and the formation of engineered tissues from these materials.
Further, we asked that each contributor provide their own opinion on the new directions
that the field is taking, so as to identify the emerging consensus areas of focus for the future.

This book is divided into three main sections. The first section focuses on a variety of
types of materials, including hydrogels, fibrous materials, ceramics, elastomers, micro- and
nanotechnology, natural materials, and polypeptides. These topics cover the main types and
classes of biomaterials that are being investigated for engineering a range of tissues.
The chapters provide basic background on each material type, as well as a review of how
these materials have been implemented into tissue engineering constructs and/or products.
The second section focuses on the biomaterial component in the engineering of specific
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tissues such as cartilage, tendon/ligament, bone, fibrocartilage, liver, cardiac muscle,
vascular structures, and neural tissues. This section also addresses aspects of how biomate-
rial design may be utilized to control stem cell fate. Within these chapters, specific criteria in
biomaterial development are addressed, and materials that have been investigated to
engineer the respective tissues are reviewed. The final section addresses the translation of
these new tissues to the clinic, and issues that must be considered in this process.

1.2
A Brief Overview of Tissue Engineering

In developing this book, we formulated our own perspective on the progress of the general
field of tissue engineering and the direction that this field is taking. To begin, this field was
defined nearly 20 years ago, when Langer and Vacanti published a seminal article describ-
ing the process of tissue engineering [1], in which biological and engineering principles are
harnessed to assemble cells, biomolecules, and scaffolding to repair or grow new tissues. At
the time, the concept of de novo creation of tissues in the laboratory may have sounded far-
fetched or perhaps Frankenstein-like. However, landmark studies soon followed; for exam-
ple, the growth of a human-shaped ear on the back of a mouse excited and directed a new
way of thinking towards the regeneration of entire tissues [2]. Rapidly, new synthetic
materials were generated and fabrication processes developed to support the production
of these neo-tissues.

Despite this excitement and activity, and significant public and private investment, clinical
advances in tissue engineering have moved much slower than many had envisioned [3, 4].
Regardless, some recent clinical successes have been reported; engineered skin for burn
victims and treatment of diabetic ulcers [5], implantation of an engineered trachea in a woman
with a failing airway [6], cartilage therapies used clinically or in clinical trials [7], and
implantation of engineered bladders in patients with spina bifida [8]. It is interesting to note
that, despite our intense focus on developing synthetic scaffolds, and except for a composite
system in the bladder device, these successes have all been realized using scaffolds derived
from native tissues, either collagen alone or decellularized extracellular matrix (ECM).

Natural materials, by their very composition, and with a millennia of fine-tuning, possess
precisely those features that are necessary to enable robust tissue growth and remodeling.
Indeed, properties such as adhesion, catabolism, and growth factor retention, may underlie
some of the recent success in their clinical application. The processing of natural matrices
typically involves removal of antigenicity and decellularlization, essentially stripping the
native tissue of some of the complexity to produce a base material that will not provoke an
adverse response when implanted.

With this in mind, it is important to consider if synthetic materials will actually find utility
in tissue engineering approaches. We believe there is a place for these synthetic systems,
but that insight from the natural ECM can be applied to advance and direct sophisticated
material design. One important area is in cases where tailored mechanics are needed and
cannot be met with ECM-derived materials. Also, the engineering of more complex
tissues (e.g., myocardium and neural tissues) that exhibit organized heterogeneity and

2 J.A. Burdick and R.L. Mauck
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multiple cell types may not be achieved without added complexity. For these situations, it
may be more appropriate to build up a synthetic system with the appropriate user-
orchestrated biological signals, rather than breaking down a native tissue into basic
biological components.

As a field, biomaterials scientists increasingly appreciate the complexity of the under-
lying biology of tissue formation and healing, and are considering how a range of cues from
the local microenvironment (including mechanics, topography, and chemistry), and their
sequence of presentation, may influence the decision of a cell to expand, migrate, or
differentiate [9]. It is clear (as evidenced from many chapters within this work) that scaffold
design is increasing in complexity and becoming “smarter” with this knowledge. Tradition-
ally, synthetic scaffolds were designed as a structural component with features of degradation
times, stability, and toxicity considered. However, the emerging trend is to incorporate some
biological sophistication into scaffolds, introduce those cues that are necessary and sufficient
to promote regeneration, and better understand how these features engender more active and
instructive scaffolds [10]. Advances in chemical and fabrication methodologies have
provided additional tunability to scaffold design, such as multiple degradation mechanisms
under independent control [11], incorporating features that would not be possible in native
tissue matrices.

One example of this is with hydrogels (water-swollen polymer networks) that maintain
cells in an important 3-dimensional context and may possess tissue-like properties [12]. The
evolution of hydrogels has transitioned from purely synthetic materials to covalent append-
ing of appropriate signals through advanced chemistry or through hybrid synthetic/natural
systems. For instance, hydrogels based on the natural ECM, including with hyaluronic acid,
are being used to direct the fate of stem cells through their chemistry [13]. Several groups
have also modulated mesenchymal stem cell phenotypic transitions by incorporating
biologic moieties into otherwise inert hydrogel backbones [14]. Engineered polypeptide
and protein hydrogels introduce another level of complexity and can be designed with a
range of properties and signals [15].

A recent report demonstrated new photolabile chemistry within hydrogels that can be used
to impart control over material properties and biological cues in space (with masks or lasers)
or in time (with intermittent light exposure) [16]. The power of this technology is the precision
that is possible using light for material manipulation. Beyond molecular interactions, the
ability of a scaffold to guide direction-dependent tissue formation may be critical. Engelmayr
et al. [17] designed scaffolds with unique accordion-like structures, to replicate key aniso-
tropic features of the native myocardium. Others have designed synthetic nanofiber-based
scaffolds that direct tissue anisotropy [18], have dynamic material and degradation profiles
[19], and recapitulate complex native tissue hierarchies [20].

These examples illustrate the increasing sophistication in scaffold design, particularly
when compared to early tissue engineering scaffolds. These new materials have significant
potential for regenerative therapies and are already providing insight into how cells interact
with their microenvironment and how native tissues form and function. Their successful
application may depend on the degree to which they are able to recapitulate key features of
native tissue, while preserving their material flexibility such that modification can further
optimize tissue growth. Beyond their efficacy, it is also important to consider therapies that
will actually be used by surgeons, whose costs will be considered worthwhile, and that are
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clinically superior to current alternatives. Additional hurdles for synthetics relate to intel-
lectual property and regulatory considerations, the first of which may limit widespread
application of new materials and encourage the development of “better mousetraps” to
circumvent prior art, and the second of which will slow the transition of new materials
to clinical application. As antibiotic development has advanced from simple anti-microbial
sulfa drugs to extensive current options, so too might the development of materials for
tissue engineering lead to more desirable and clinically useful therapies. Let’s hope the
transition in this case is timely.

1.3
Closing Thoughts

This book represents a careful review of the necessary aspects related to biomaterial design,
and reviews past research in the field and new technologies for future implementation. We
hope that this book will excite the current and next generation of researchers in this field to
further expand the complexity of biomaterials in tissue engineering. We also hope that this
work will be a resource for the field, and will further advance tissue engineered products
towards clinical realization for the restoration of damaged and diseased tissues and organs.
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Abstract The successful engineering of synthetic hydrogels that exhibit key features of the
natural extracellular matrices has led to significant advances in the field of tissue engineering.
Various chemical and physical approaches have been developed for hydrogel synthesis.
While the chemical methods rely on the presence of readily addressable functional groups
for the formation of covalent bonds at the crosslinking points, the physical approaches utilize
weak and reversible interactions for gelation purposes. In many cases, physical gels need to
be covalently stabilized for their long term applications in tissue engineering. Over the past
decade, hydrogels have evolved from passive scaffolding materials to bioactive and cell-
responsive matrices that play a defining role in the regulation of cellular functions and tissue
growth. Novel hydrogels with tunable microstructures, mechanical properties, and degrada-
tion rates have been engineered. Biological motifs or soluble factors have been successfully
incorporated in the hydrogel matrices to allow for a higher level of cell-matrix communica-
tion. These synthesis methods have resulted in the production of a wide variety of functional
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hydrogels that support the growth of many different tissue types. The development of the
next generation biomimetic hydrogels relies on parallel advancements in materials chemis-
try, cell biology and developmental biology.

Keywords Bioactive l Covalent crosslinking l Extracellular matrix l Growth factors l

Hierarchical l Hydrogels l Mechanical properties l Networks l Physical crosslinking l

Structure l Tissue engineering

Abbreviations

ADH Adipic acid dihydrazide
BMP-2 Bone morphogenic protein 2
CD Cyclodextrin
CryoSEM Cryogenic scanning electron microscopy
DXN Doubly crosslinked network
ECM Extracellular matrix
EDC N,N-(3-dimethylaminopropyl)-N-ethyl carbodiimide
ELP Elastin-like polypeptide
Fmoc Fluorenylmethoxycarbonyl
GAG Glycosaminoglycan
HA Hyaluronic acid
HBGF Heparin binding growth factor
HBP Heparin-binding peptide
HGP Hydrogel particle
HGP-P1 Perlecan domain I conjugated hydrogel particles
HMDI 1,6-hexamethylene diisocyanate
HRP Horse radish peroxidase
HSPG Heparan sulfate proteoglycan
IGF Insulin-like growth factor
MMP Matrix metalloproteinase
OPF Oligo[poly(ethylene glycol) fumarate]
OTMC Oligo (trimethylene carbonate)
PCL Poly(e-caprolactone)
PDLA Poly(D-lactide)
PEG Poly(ethylene glycol)
PEGDA Poly(ethylene glycol) diacrylate
PGA Poly(glycolic acid)
PLA Poly(lactic acid)
PLGA Poly(lactic-co-glycolic acid)
PLLA Poly(L-lactide)
PlnDI Domain I of perlecan
PMAA Poly(methacrylic acid)
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PAA Poly(acrylic acid)
PPF Poly(propylene fumarate)
PVA Poly(vinyl alcohol)
PVFF Porcine vocal fold fibroblast
RGD Arginine-Glycine-Aspartic acid
SEM Scanning electron microscopy
sGAG Synthetic glycosaminoglycan
TGF Transforming growth factor

2.1
Introduction

The goal of tissue engineering is to replace or regenerate the normal biological functions of
the tissues or organs via the rational combination of cells, biomimetic matrices, biological
signals and biophysical cues. Whereas in vivo tissue engineering takes advantage of the
body’s own healing power and utilizes scaffolding materials to recruit endogeneous cells for
tissue repair, in vitro tissue engineering relies on the ability of engineers to re-create the
microenvironment ex vivo for the generation of tissue-like constructs that can be implanted.
Although the cells ultimately are the true “engineers”, the importance of the scaffolding
materials cannot be neglected. Polymeric scaffolds are not simply physical templates, rather
they are designed to actively regulate cell functions and promote tissue growth by present-
ing specific cell recognition sites and signaling molecules in a temporal and spatial fashion
[1, 2].

Hydrogels are the most attractive tissue engineering scaffolds due to their structural and
functional similarities to the natural extracellular matrices (ECM). Hydrogels are defined as
interconnected networks of macroscopic dimensions, consisting of hydrophilic (or amphi-
philic) building blocks that are rendered insoluble due to the presence of crosslinks.
Hydrogels can be formed from soluble monomers, multifunctional polymers (macromers),
or insoluble, microscopic entities such as nanofibrils and nano- or micro-particles. Cross-
links, whether chemical or physical in nature, are junction points where more than two
polymeric chains or microscopic objects cross over.

In general, hydrogels to be used as the transient artificial ECM for tissue engineering
should (1) be biocompatible and biodegradable; (2) allow for the free diffusion of nutrients
and metabolites; (3) be able to provide mechanical support and effectively transmit forces
from the environment to the growing tissue over a prolonged period of time and (4) present
biological cues in a spatial and temporal fashion [3, 4]. In this chapter, we discuss how
hydrogels are synthesized, how their intrinsic properties are modulated and how they can be
made biodegradable and bioactive. When rationally designed and properly processed,
hydrogels have the potential to provide cells with a biologically relevant microenvironment
that fosters cell proliferation, migration and ECM production, ultimately leading to the
growth of functional tissues.
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2.2
Basic Concepts

Hydrogels are created through a crosslinking process, during which the subunits, or the
constituent building blocks, bond, associate or entangle with each other, ultimately forming
a network of macroscopic dimensions where all the subunits are interconnected. Several
distinct levels of crosslinking can be observed during the gelation process. Initially, the
subunits grow and branch out, but remain soluble or dispersible. As the crosslinking
continues, clusters form, and the size of the clusters increases. Eventually, the structure
becomes infinite in size and a gel point is reached where all the subunits are linked to each
other at multiple points. The presence of crosslinks ensures the structural and mechanical
integrity of the hydrogels and prevents them from dissolution when exposed to an aqueous
environment [5].

Hydrogels are inherently heterogeneous, containing solid-rich regions distributed within
a liquid environment. Water in hydrogels can be free to diffuse in and out of the matrix, or
be loosely bound or tightly associated to the network. Hydrogels are solid-like since they
exhibit an infinite viscosity, defined shape and modulus. Hydrogels are also liquid-like.
Solute molecules can diffuse freely through the matrix so long as their sizes do not exceed
the average mesh size of the network and no specific interactions exist between the solute
and the hydrogel building blocks. Depending on the chemical composition and the method
of crosslinking, hydrogels vary in their morphology, mesh size, viscoelasticity, degradation
behaviors and biological activities.

2.3
Hydrogel Synthesis

2.3.1
Chemical Crosslinking

Ideally, chemical methods adopted for hydrogel synthesis should be efficient, high-yielding
and functional group-tolerant. The reactions should occur under mild conditions with
mimimal by-products. Crosslinking reagents must contain at least two functional groups
and should share common solvents with the polymer precursors to ensure accessibility of
the functional groups. As the crosslinking reaction proceeds, the solution viscosity
increases, and the diffusivity of the polymeric species decreases. Consequently, 100%
functional group consumption is not possible. Ideally, the residual, un-reacted functional
groups should not react with the biological entities, including electrolytes, proteins and
cells. Certain by-products from the chemical process can be physically trapped in the
hydrogels and be released later on when cells are present, causing toxicity. Therefore,
long-term biocompatibility has to be considered when new crosslinking chemistry is
introduced. Depending on the particular crosslinking chemistry applied, one can synthesize
the hydrogels first and then process them into the desired geometry and porosity. Cells can
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be subsequently introduced to the pre-existing scaffolds for both in vivo and in vitro tissue
engineering purposes. Alternatively, cells can be included during the gelation process and
be entrapped within the cage established by the polymeric chains.

2.3.1.1
Covalent Crosslinking via Vinyl Groups

Radical polymerization is the most widely used method for synthesizing covalently
crosslinked hydrogels using monomers containing vinyl groups along with multifunc-
tional crosslinkers [6]. Alternatively, macromonomers can be prepared by modifying the
end groups or the repeating units of the prepolymers with (meth)acrylic acid or its
derivatives (Fig. 2.1a). Radicals can be generated via the reaction between the oxidation
(typically a persulfate) and reducing reagents (such as ascorbate, N,N,N0,N0-tetramethyl
ethylenediamine or metabisulfite) in aqueous media at ambient temperature. Photoinitiators,
such as 2,2-dimethoxy-2-phenylacetophenone (Irgacure 651), 2-hydroxy-l-[4-(hydroxyethoxy)
phenyl]-2-methyl-propanone (Darocur 2959) and Eosin Y, photolytically decompose to gener-
ate free radicals [7].

Once generated, radicals immediately participate in subsequent propagation and cross-
linking reactions through the vinyl groups. The monomer reactivity ratio needs to be taken
into account when designing radically crosslinked hydrogels using monomers and macro-
mers with different vinyl groups [7]. Radically crosslinked hydrogels have been prepared
from a variety of monomer/polymer sources, including (meth)acrylic acid, 2-hydroxyethyl
methacrylate, N-vinylpyrrolidone, N-isopropylacrylamide, dextran, hyaluronic acid (HA),
(hydroxylethyl)starch, poly(vinyl alcohol) (PVA), oligo[poly(ethylene glycol) fumarate]
(OPF) and poly(ethylene glycol) (PEG). If the initiator and the wavelength of the light
are carefully tuned, photocrosslinking allows for in situ cell encapsulation in a spatial and
temporal fashion with minimal DNA damage and cell toxicity [8].

2.3.1.2
Covalent Crosslinking via Carboxylate Groups

In the presence of an appropriate activating reagent, such as N,N-(3-dimethylaminopropyl)-
N-ethyl carbodiimide (EDC), polymers carrying carboxylic acid groups can be crosslinked
by amine-presenting molecules, forming amide bonds at the crosslinking points. Reaction
of carboxylic acids with EDC involves the formation of an unstable O-acylisourea interme-
diate that has the tendency to rearrange to a more stable, unreactive N-acylurea [9, 10].
However, if bicarbodiimide is used, this undesirable rearrangement reaction can still lead to
hydrogel formation. [11] On the other hand, rescuing the active intermediate by 1-hydroxy-
benzotriazole or N-hydroxysuccinimide (NHS) allows the coupling reaction between –NH2

and –COOH to occur in water (Fig. 2.1a). The slow reaction kinetics, combined with the
need for activating reagents and the generation of small molecule leaving groups, makes
this type of chemistry unsuitable for in situ cell encapsulation. Nevertheless, gelatin/
chondroitin hydrogels, crosslinked by EDC/NHS and impregnated in Dacron, have
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Fig. 2.1 (continued)
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Fig. 2.1 Overview of chemical (a) and physical (b) approaches for hydrogel synthesis. Hydrogels
can be synthesized by covalent crosslinking using readily addressable functional groups as the
reactive handles. Physical crosslinking can be established by weak secondary forces, molecular
self-assembly or biological recognition events
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been shown to induce a mild tissue reaction when implanted in subcutaneous pockets in
rats [12].

The carbodiimide chemistry has been frequently employed to stabilize reconstituted
collagen gels by the coupling reaction between the carboxylic acid groups (in glutamic acid
and aspartic acid residues) and lysine amines, forming zero length crosslinks. This method
has been successfully applied to fabricate transparent, robust hydrogels as corneal sub-
stitutes [13]. Instead of using lysine amines, Duan et al. utilized polypropyleneimine
octaamine dendrimers as effective collagen crosslinkers. Compared to the zero length
crosslinking, the resulting hydrogels had a lower water uptake and were more resistant to
denaturation and enzymatic degradation [14].

2.3.1.3
Covalent Crosslinking via Amino Groups

Polymers containing amine groups can react with various electron deficient groups includ-
ing isocyanates, isothiocyanates, epoxides, anhydrides and NHS-esters (Fig. 2.1a) to form
crosslinked hydrogels [15]. For example, multiblock hybrid copolymers consisting of
alternating lysine-containing peptide and PEG segments were crosslinked by 1,6-hexam-
ethylene diisocyanate (HMDI) in DMSO to afford elastomeric hydrogels [16]. HMDI, in
conjunction with high pressure CO2, produced crosslinked, highly porous a-elastin hydro-
gel scaffolds [17]. Crosslinked chitosan films were obtained in a mixed solvent using a
water-soluble, protected isocyanate, hexamethylene-1,6-di-(aminocarboxysulfonate), via
the formation of a urea linkage [18]. It is worth emphasizing that isocyanates can react
with various functional groups in proteins such as lysine, cysteine, and histidine, although
the relative reactivity varies [19].

In addition to EDC-activated carboxylates, amine derivatives can react with carbonyl
groups, such as aldehydes (or ketones) to form a Schiff base. Schiff bases formed between
primary amines and aldehydes, also known as imines, lack the adjacent resonance structure
that stabilizes the C¼N bond, and therefore are hydrolytically unstable. Sodium cyanoboro-
hydride (NaBH3CN) can be used to reduce the unstable double bond to a stable C–N single
bond [15]. This addition/reduction reaction has been utilized for the covalent crosslinking
of recombinant human collagen type III using synthetic glycosaminoglycan (sGAG)
mimetics [20]. Crosslinking occurs between the lysine amines in collagen and the ring-
opened aldose form of galactose (aldehyde) in sGAG. The resulting composite gels were
shown to be less susceptible to collagenase-induced biodegradation than the control gels
crosslinked by EDC/NHS.

Glutaraldehyde has been widely applied to stabilize protein-based hydrogels in the
absence of the reducing agent, although the chemistry involved has been largely ignored.
The expected reaction between the aldehyde and the amino groups leads to a reversible
Schiff base that does not contribute significantly to the overall crosslinking. In fact,
glutaraldehyde is known to undergo polymerization by aldol condensation to give rise to
polymers with a,b-unsaturated aldehydes at neutral or slightly alkaline pH. Subsequent
nucleophilic addition of amines to the unsaturated C¼C bonds creates a stably crosslinked
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collagen gel [21]. Although glutaraldehyde is an effective protein crosslinker, severe
toxicity has been observed from glutaraldehyde-crosslinked hydrogels [10].

Hydrazides are a unique class of compounds containing an N–N bond with an acyl
substituent. Having lower pKa values than amines, hydrazides are more nucleophilic under
neutral or acidic conditions. Hydrazides are capable of undergoing facile reactions with all
amine-reactive molecules. Furthermore, hydrazides react rapidly with aldehydes (or ketones)
to form hydrazone linkages that are significantly more stable than the corresponding imine
bonds. For example, hydrazide-derivitized HA has been crosslinked by bis-NHS-esters,
glutaraldehyde or NaIO4-oxidized HA to form bulk gels with high water content [10, 22,
23]. The rapid gelation kinetics and the biocompatibility of the hydrazone chemistry (Fig. 2.1a)
allow for in situ encapsulation and 3D culture of non-adherent, prostate cancer cells [24]. The
same chemistry, when conducted within the water/mineral oil inverse emulsion droplets
stabilized by Span 80, afforded HA-based hydrogel particles with an average diameter of
10 mm [25].

Although hydrazone linkages are more stable than imine bonds, in aqueous solution,
they are still hydrolyzable and rapidly exchange with a hydrazide under acidic conditions.
Mooney and coworkers [26] generated covalently crosslinked alginate gels using oxidized
alginate and adipic acid dihydrazide (ADH). The hydrazone linkage is degradable in
aqueous media and the degradation behavior generally depends on the cross-linking
density. Interestingly, hydrogels with many dangling single-end molecules showed retarded
degradation behavior irrespective of their low initial modulus and low degree of cross-
linking density due potentially to re-crosslinking of dangling single-end molecules during
degradation. The mechanical properties and degradation time can be decoupled by utilizing
partially bound crosslinking molecules that are capable of reversibly crosslinking the
polymer to form the hydrogel.

Finally, amines can undergo quantitative reactions with phosphine derivatives that
contain hydroxy-methyl group substitutions, forming stable secondary or tertiary amines.
Recombinantly expressed elastin-like polypeptides (ELPs) comprised of crosslinkable,
hydrophobic ELP blocks with periodic lysine residues and aliphatic, hydrophilic ELP
blocks with no crosslinking sites were covalently crosslinked with hydroxymethylphos-
phine in aqueous solution. Rapid crosslinking was observed within several minutes under
physiological conditions. The biocompatible nature of the chemistry allowed for fibroblasts
to be embedded in the gels during the cross-linking process [27]. A similar approach was
employed to prepare elastomeric hydrogels based on resilin-like polypeptides [28].
Although stable in aqueous solutions, these phosphine derivatives are susceptible to
oxidation to form the uncreative, phosphine oxide derivatives [29].

2.3.1.4
Covalent Crosslinking via Hydroxyl Groups

Hydroxyl groups, when activated by N,N0-carbonyl diimidazole (CDI), N-hydroxysuccini-
midyl chloroformate or N,N0-disuccinimidyl carbonate, react with amines to form a stable
urethane bond. Owing to the susceptibility of the activating reagents to hydrolysis, cross-
linking reactions are usually carried out in organic solvents. In addition, hydroxyls can react
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with isocyanate, epoxide (Fig. 2.1a) and vinyl sulfone derivatives to form urethane or ether
linkages. For example, HA can be crosslinked by ethylene glycol diglycidyl ether in
ethanolic NaOH solution at 60�C to afford a hydrogel with high water content and
inflammation-dependent degradation properties. HA has also been crosslinked by divinyl
sulfone in alkaline medium via the reaction of the vinyl groups with the hydroxyl groups
[30, 31]. Polyrotaxane-based hydrogels were formed by the reaction between the CDI-
activated hydroxyls of a-cyclodextrins (a-CDs) and PEG-diamine. The polyrotaxane was
composed of a PEG chain threaded with many a-CDs and capped with bulky groups via
ester linkages [32].

The low reactivity of the hydroxyl groups has motivated researchers to convert them
into chemoselective moieties for rapid hydrogel formation in the presence of cells.
Ossipov et al. reported straightforward approaches for introducing different types of the
chemoselective functionalities, including thiols, amines, aminooxy, hydrazide, methacry-
late, or maleiimide, into PVA at low degrees (3%). The PVA derivatives were proven to be
effective crosslinkers [33].

2.3.1.5
Covalent Crosslinking via Sulfhydryl Groups

Sulfhydryl groups have been extensively investigated for bioconjugation purposes due to
the presence of cysteine in various macromolecules. Alternatively, cysteine residues can be
readily incorporated in peptides either by solid phase peptide synthesis or genetic engineer-
ing. In synthetic polymers, sulfhydryl groups can be introduced using heterodifunctional
reagents or protected cysteine derivatives. Sulfhydryl groups are capable of undergoing
rapid and efficient addition reactions with a,b-unsaturated carbonyls, such as maleimide
derivatives (Fig. 2.1a), vinyl sulfones, and acryloyl derivatives, forming stable thioester
bonds without creating any by-products [29]. These reactions represent one particular class
of Michael addition reactions. Maleimide reactions have been widely explored for hydrogel
formation in the pH range of 6.5–7.5 where the reaction of the maleiimides with sulfhydryls
proceeds at a rate 1,000 times greater than its reaction with amines. Vinyl sulfone groups
can be used to crosslink thiol containing polymers in aqueous solution at slightly alkaline
pH. Derivatives of acrylic acid also are able to participate in Michael addition reactions,
although the rate is slower than that of maleimides. Sulfhydryl groups can dimerize to form
disulfide bonds. This reaction is typically much slower than Michael addition reactions, and
oxidation reagents, such as O2 or H2O2, have been introduced to accelerate the reactions
[34]. To avoid this undesirable reaction, trace amounts of reducing agents, such as tris(2-
carboxyethyl)phosphine or dithiothreitol, can be included in the reaction mixture.

TheMichael addition reaction has gained increasing popularity as a standard method for in
situ cell encapsulation and 3D culture of mammalian cells. Typically, telechelic, multifunc-
tional polymers carrying Michael addition acceptors (a,b-unsaturated carbonyls) are allowed
to react with polymers or peptides with multiple sulfhydryl groups under physiological
conditions. Inclusion of biologically active peptide motifs into the hydrogels permits cell-
responsive matrices to be custom engineered (see below). Realizing the ability of acrylates
to participate in both Michael addition reactions and radical polymerization, Burdick and
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coworkers created a novel process to provide gel environments that are either permissive or
inhibitory to cellular spreading. Specifically, acrylated HA was first crosslinked with an
addition reaction using a metalloproteinase (MMP)-cleavable peptide containing thiol groups.
When an adhesive peptide was also coupled to the network, this environment permitted the
spreading of encapsulated human mesenchymal stem cells. The introduction of a second
network via a photoinitiated radical mechanism created covalent barriers that rendered the
matrix non-adhesive. The directionality of photochemistry allowed for cell spreading to be
spatially controlled [35].

Another important class of reaction involving sulfhydryl groups is the so-called thiol-
ene chemistry. Discovered in 1905, the thiol-ene addition reaction has been extensively
explored in coating, printing, adhesive and imaging technologies. Thiol-ene polymerization
proceeds via a free-radical, step-growth mechanism involving multifunctional thiol and ene
(vinyl) monomers. Radicals, commonly generated through a photoinitiation process,
abstract hydrogen atoms from a thiol monomer, creating thiyl radicals which can either
propagate through a carbon–carbon double bond or terminate by coupling. The subsequent
propagation-chain transfer events lead to polymer formation. Competing reactions exist
when electron-deficient vinyl monomers (such as acrylate-based monomers) are used, in
which case chain growth homopolymerization dominates with a preferential consumption
of the acrylate monomers. Conjugated double bonds copolymerize very slowly with thiols,
whereas mercaptopropionate esters polymerize faster than mercaptoacetate esters, which
in turn react more quickly than simple alkyl thiols [36].

When adapted to hydrogel synthesis, the thiol-ene reaction leads to rapid and efficient
crosslinking. Similar to photoinitiated radical polymerization, thiol-ene chemistry allows
for spatial and temporal control of the polymerization. The step-growth mechanism ensures
a delayed gelation at high monomer conversion, potentially giving rise to more homoge-
neous network structures. Unlike traditional radical chain mechanisms, thiol-ene polymeri-
zation cannot be quenched or significantly affected by O2 [36, 37]. The versatility of the
thiol-ene reaction permits biological species to be readily incorporated into the hydrogel
formulation. The mild reaction conditions and rapid gelation are suitable for in situ cell
encapsulation. Thiol-ene chemistry has been extensively investigated for the formation of
PEG-based hydrogels [38, 39].

2.3.1.6
Covalent Crosslinking Using Orthogonal Click Chemistry

The Cu(I)-catalyzed Huisgen 1,3-dipolar cycloaddition reaction between azide and terminal
alkyne moieties has proven to be an efficient method for bioconjugation and polymer
synthesis [40]. Known as Orthogonal Click Chemistry, this reaction proceeds rapidly with
close to 100% yield, forming a stable triazole ring without any byproducts. The orthogonal
nature of this reaction ensures the absence of cross-reactions with other functional groups.
The instability of Cu(I) requires it to be generated in situ by the reduction of Cu(II) with
ascorbic acid. Hawker and coworkers [41] reported the preparation of well-defined PEG-
based hydogels using alkyne-terminated and azide-terminated star PEG (Fig. 2.1a). They
suggest that the resulting gels have improved mechanical properties compared to their
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homologues produced by free radical photocrosslinking. When an azide-functionalized RGD
peptide was included, cell-adhesive “Click Gels” were obtained [42]. Similarly, PVA [43] or
polysaccharide-based [44] hydrogels were synthesized using the prepolymers partially deri-
vatized with azide and alkyne groups. The toxicity of the catalyst renders such reactions
undesirable for in situ cell encapsulation. The residual Cu (I) trapped in the gels during the
synthesis needs to be extracted thoroughly before the gels can be used for cell culture.

The thermodynamic barrier for alkyne-azide cycloaddition in the absence of a copper
catalyst can be overcome by introducing ring strain. Hence, azide and cyclooctyne deriva-
tives undergo rapid cycloaddition reactions under physiological conditions in the absence of
auxiliary reagents [45, 46]. Taking advantage of this chemistry, Johnson et al. [47] prepared
photodegradable networks with well-defined structures and tunable gelation times using
bifunctional, fluorinated cyclooctynes for in situ “click” crosslinking of azide-terminated
photodegradable star polymers. More recently, Anseth and coworkers successfully
encapsulated 3T3 fibroblasts in PEG/peptide “Click” hydrogels with minimum cell death.
Subsequently, thiol-ene photocoupling chemistry was introduced that enabled patterning of
biological functionalities within the gel in real time and with micrometer scale resolution.
This material system enabled researchers to tailor independently the biophysical and
biochemical properties of the cell culture microenvironments in situ [48].

2.3.1.7
Other Chemical Crosslinking Methods

Other less explored chemical approaches for hydrogel synthesis include the Diels-Alder
reaction, aryl azide-based photochemical reactions, Staudinger ligation and Native Chemi-
cal Ligation. The Diels-Alder reaction involves the covalent coupling of a diene with an
alkene to form a 6-membered ring product in the absence of initiator or catalyst. Under
different conditions, the Diels-Alder adduct can be decomposed to the starting species via a
retro-Diels-Alder reaction. Electron-withdrawing substituents on the alkene and the electron-
donating groups on the diene are important for increasing reaction rates [15]. When properly
modified with furan and maleimide groups, polyoxazoline [49] and poly(acrylamide)/PEG-
based [50] thermoreversible hydrogels can be synthesized. Another type of photochemistry
that has been employed for hydrogel synthesis relies on the presence of aryl azide derivatives
that form short-lived nitrenes upon photolysis. Nitrenes subsequently undergo ring expansion
reactions or non-specific insertions with polymeric species [29] to form covalently crosslinked
hydrogel networks [51]. This chemistry, however, is mechanistically different from the
photocrosslinking discussed above.

Two bioorthogonal chemistries that have been widely used for bioconjugation purposes
are Staudinger ligation and native chemical ligation. Staudinger ligation refers to the amide
bond formation between an azide and a phosphine derivative containing a neighboring
electrophilic group. This reaction is chemoselective, biocompatible and does not require
any catalyst, and thereby is well suited for selective chemical transformations within a
cellular context [52]. Staudinger ligation has been explored for the covalent stabilization of
ionically crosslinked alginate hydrogels using azide functionalized alginate and 1-methyl-2-
diphenylphosphinoterephthalate-terminated, telechelic PEG [53]. In native chemical ligation,

20 S.E. Grieshaber et al.

2



a peptide having a C-terminal thioester reacts with an N-terminal cysteine residue in another
peptide to undergo a transthioesterification reaction, resulting in the formation of the
neighboring a-amine group on cysteine. A subsequent nucleophilic attack of the electron-
rich nitrogen in the ester carbonyl results in an S–N shift, forming a native amide bond. This
reaction proceeds at physiological pH under mild conditions without any additional addi-
tives. Recently, native chemical ligation has been explored to create covalently crosslinked
hydrogels [54] using macromonomers of four-armed PEG with either thioester or N-terminal
cysteine peptides. Mixing the respective macromonomer solutions results in rapid gelation
within minutes. The thiol functional groups regenerated after the crosslinking were utilized
as the reactive handles for bioconjugation with a maleimide-GRGDSPG-NH2 peptide [55].
A similar strategy has been applied to prepare anti-inflammatory hydrogels supporting islet
cell survival in the presence of diffusible pro-inflammatory cytokines [56].

Enzymes can be employed to catalyze various reactions with high efficiency and
minimal toxicity. The action of enzymes requires very specific substrates, thus it is
orthogonal and specific. Enzyme-catalyzed reactions occur at physiological conditions,
and are therefore suitable for cell encapsulation. Transglutaminase (also known as
Factor XIII), when activated by thrombin and Ca2+ to factor XIIIa during the blood
coagulation cascade, is capable of catalyzing covalent crosslinks between the e-amine
group of lysine side chains and the g-glutamyl side chain of glutamine residues. When
transglutaminase substrates were incorporated into synthetic or peptidic building
blocks, rapid gelation in the presence of the enzyme and its cofactor, Ca2+ ions, was
observed [57–59].

Horse radish peroxidase (HRP) catalyzes the oxidative coupling of neighbouring tyro-
sine in the presence of H2O2 to form dityrosine. Lee et al. created an enzymatically-
crosslinked HA hydrogel with tunable mechanical strength and gelation rate by mixing
[60] an HA-tyramine conjugate with HRP in the presence of H2O2. The HRP-catalyzed
hydrogelation of a saccharide-peptide alternating copolymer was reported by Guan and
coworkers. The polymers are composed of alternating galactaric acid and lysine on the
backbone, with tyrosine grafted onto the side chain as a handle for enzymatic reaction [61].
The resulting hydrogels are degradable under simulated physiological conditions and
exhibit minimal cytotoxicity on dermal fibroblasts and PC-12 cells. Enzyme-catalyzed
gelation reactions usually result in heterogeneous hydrogels with low mechanical strength
due to the low conversion imposed by the inability of enzymes to diffuse readily during the
gelation process [62].

2.3.2
Physical Crosslinking

Hydrogels can also be prepared via physical means (Fig. 2.1b) in the absence of crosslinking
reagents. Traditionally, crosslinking is initiated by isolated non-covalent interactions such as
ionic interaction, hydrophobic association, H-bonding, crystallization, stereocomplexation
or host-guest inclusion complexation. On the other hand, molecular self-assembly requires
the interplay of multiple physical interactions that contribute synergistically to the overall
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integrity of the gels. Finally, biological motifs involved in specific protein/protein
associations and protein/carbohydrate interactions have been incorporated in synthetic
hydrogels for crosslinking purposes. Compared to the covalently crosslinked hydrogels,
physical crosslinking, in general, affords highly versatile, dynamic and responsive
hydrogel materials. Due to the low stability and mechanical strength, covalent cross-
linking can be introduced during or after the physical assembly to stabilize the network
structure.

2.3.2.1
Traditional Physical Crosslinking

Ionic crosslinking (Fig. 2.1b) occurs when multivalent ions form charge complexes with
polyelectrolytes. Both naturally occurring and synthetic polyelectrolytes have been ioni-
cally crosslinked. For example, alginate is capable of forming ionically-crosslinked hydro-
gels by divalent calcium ions at room temperature under physiological conditions in the
presence of living cells or biomacromolecules. Islet cells [63] and endostatin-transfected
cells [64] have been successfully encapsulated in ionically-crosslinked alginate beads for
immunoisolation purposes. High molecular weight HA has been crosslinked by Fe3+ to
form hydrogel films for the prevention of post-surgical adhesions [31]. Chitosan has been
ionically crosslinked by glycerol-phosphate disodium salts at elevated temperature [65].
Dextran microspheres coated with anionic and cationic polymers exhibit spontaneous
gelation upon mixing due to ionic complex formation between the oppositely charged
microparticles [66] Ionically-crosslinked hydrogels suffer from low stability; degradation
occurs when ionic species in the cell culture media or in the extracellular fluid bind
competitively with the gel components [67].

Advances in controlled polymerization techniques have allowed for amphiphilic block
copolymers with well-defined molecular architecture, controlled molecular weight and
narrow polydispersity to be readily synthesized [68–71]. Under appropriate conditions,
these block copolymers can assemble into hydrogels in aqueous solutions with aggregated
hydrophobic segments surrounded by hydrophilic shells that bridge between neighboring
hydrophobic clusters [72]. The gelation temperature depends on the polymer concentration,
the relative length of the hydrophobic and hydrophilic blocks, and the chemical structure
and molecular architecture of the polymer [67]. While PEG or poly(acrylic acid) (PAA) are
commonly used as the hydrophilic block, the hydrophobic block varies from polyesters
[poly(lactic-co-glycolic acid) (PLGA), poly(e-caprolactone) (PCL), poly(propylene fuma-
rate)], polyether [poly(propylene oxide)], polyisobutylene, poly(g-benzyl L-glutamate),
poly(N-isopropylacrylamide), polyurethanes and poly(organophosphazene). Similar to
ionically-crosslinked hydrogels, hydrophobically-associated hydrogels suffer from weak
mechanical strength and rapid dissociation [73].

Gelation can be induced by crystallization and/or H-bonding interaction. For example,
PVA, when subjected to repeating freeze-thawing cycles, forms a relatively strong and
elastic gel by the formation of small crystallites that serve as physical junctions. The
crystallites formed in PVA gels are strengthened by H-bonding between the hydroxyls.
The properties of the gel depend on the PVA molecular weight, the PVA concentration, the
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temperature and time of the freezng and the numbers of the cycles. PVA hydrogels with
anisotropic stiffness mimicking the aorta were created via the application of thermal cycling
and external strain [74].

H-bonding can be established between the carboxyls in PAA or poly(methacrylic acid)
(PMAA) and oxygen in PEG. In the case of PMAA, hydrophobic interactions also play a
role. The deprotected carboxylic acid is not an H-bonding donor. Therefore, when the media
pH is altered, these gels may dissociate [75, 76]. When polymers containing multiple
stereoisomeric units are mixed, stereocomplexation leads to physical gels. Classical exam-
ples are polymers based on PEG-b-poly(L-lactide) and PEG-b-poly(D-lactide) [77]. Physical
gels can be formed via specific host-guest inclusion mechanisms.

Host-guest inclusion complexation has been exploited for hydrogel formation. Formation
of inclusion complexes between adamantane or cholesterol with b-CD has been frequently
exploited for the assembly of polymeric networks owing to their high binding constants.
Typically, b-CD and adamantane (or cholesterol) are separately coupled to the synthetic
polymer repeating units or to the termini and gelation is induced via simple mixing of the
complementary solutions under appropriate conditions [78]. The physical nature of the
networks render them sensitive to external stimuli, such as mechanical forces, temperature,
and the addition of competitive inclusion complex forming molecules.

2.3.2.2
Physical Crosslinking by Molecular Self-Assembly

Molecular self-assembly refers to the ordered arrangement of molecular species into well-
defined nanostructures with tunable macroscopic properties via a process that involves con-
certed action of weak and non-covalent interactions [79]. Molecular self-assembly is emerging
as a promising new route to engineer hydrogel matrices (Fig. 2.1b) that provide cells with more
physiologically relevant microenvironments. Due to their strong tendency to associate, pep-
tides with specific motifs or sequences have been investigated for gelation purposes.

Aromatic fluorenylmethoxycarbonyl (Fmoc)-dipeptides can self-assemble to form nano-
fibrous matrices. Gelation occurs through the formation of antiparallel b-sheets that are
stabilized by the fluorenyl groups by aromatic interactions (p–p stacking). By including
the RGD peptide in the modular mixture, cell adhesive hydrogels can be engineered [80].
The low solubility of these peptides in aqueous solution requires that the peptides be
solubilized in organic solvent and self-assembly be induced by solvent exchange. Masking
tyrosine with phosphate groups rendered the peptide water-soluble and the self-assembly
process was by triggered by enzymatic dephosphorylation. By controlling the levels of
calcium and phosphate ions associated with the supramolecular structure, mineralized hydro-
gels of variable hardness can be prepared in the form of hybrid composites comprising
interconnecting networks of calcified nanofilaments [81]. However, the complexity of the
system and co-existences of several processes, including enzymatic reactions, peptide asso-
ciation and mineralization, may limit the practical application of such materials in tissue
engineering.

A 15 amino acid-long, facially amphiphilic peptide has been commercialized as
PuraMatrixTM by BD Bioscience as 3D matrices for cell culture. This peptide contains
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alternating hydrophilic and hydrophobic amino acid residues. The hydrophilic residues, in
turn, alternate between being positively and negatively charged. Several physical mechan-
isms, including ionic interactions, H-bonding and hydrophobic interactions, synergistically
contribute to the self-assembly process. Upon exposure to cell culture media, the
peptide self-assembles into b-sheets that further stack to form double-walled nanoribbons.
Physical entanglement of the nanoribbons gives rise to macroscopic gels. The resulting
hydrogels contain nanofibers of 7–10 nm in diameter, and 50–400 nm sized nanopores,
closely mimicking the morphological characteristics of natural ECM. Despite their low
mechanical strength, these hydrogels have been shown to support the growth of a wide
spectrum of mammalian cells [82], maintain the functions of differentiated neural cells [83]
and chondrocytes [84] and promote the differentiation of liver progenitor cells [85].

Separately, peptide amphiphiles containing a hydrophobic alkyl tail and a hydrophilic
oliogopeptide head were shown to assemble into cylindrical nanofibers with defined fibril
diameters. Self-assembly is driven by the hydrophobic interaction between the hydrophobic
tails and the H-bonding interaction between the amino acid residues. Liquid-to-gel trans-
formation was induced by fibril entanglement. Covalent coupling between neighboring
cysteine residues was introduced to stabilize the resulting fibrous structures [86–88].
Peptide sequences that facilitate mineralization and foster cell adhesion can be readily
incorporated in these amphiphilic molecules without compromising their assembly poten-
tial. More importantly, the density of the bioactive epitope can be modulated via peptide
design. These peptide amphiphiles can assemble into stable hydrogels under physiological
conditions, allowing cells to be encapsulated in a 3D nanofibrous matrix. Rapid, selective
differentiation of neural progenitor cells into neurons was achieved through the amplifica-
tion of the bioactive epitope to cells by the assembled nanofibers [89].

A higher level of organizational control was demonstrated using a de novo designed
peptide that forms a pH-responsive self-assembled b-hairpin [90]. The sequence consists of
alternating hydrophobic (valine) and hydrophilic (lysine) residues of high b-sheet propen-
sity flanking a four-residue segment incorporated to promote the formation of a type II
b-turn. Hydrogelation proceeds through peptide intramolecular folding into b-hairpins and
concomitant self-assembly into branched clusters of well-defined (uniform, 3 nm cross
section), semiflexible, b-sheet-rich nanofibrils [91, 92]. Due to the non-covalent nature of
the hydrogel, it is responsive to external stimuli, including addition of salt, pH and
temperature changes and mechanical shear [93], making it an ideal matrix for in situ cell
encapsulation. The hydrogel construct has been shown to be non-toxic and cytocompatible
[94]. Interestingly, this class of hydrogels fosters the attachment and proliferation of
mammalian cells [94], yet effectively inhibits and kills bacteria [95] on contact, demon-
strating the versatility of the hydrogels.

Genetically engineered protein polymers composed of tandemly repeated silk-like
(GAGAGS) and elastin-like (GVGVP) amino acid blocks can self-assemble to form elastic
gels. Hydrogels form due to the crystallization of the silk-like segments through the
formation of aligned H-bonded b-strands [96]. The non-covalent nature of the gelation
ensures safe inclusion of bioactive molecules during the gelation process. The periodic
inclusion of elastin-like blocks imparts flexibility to the matrix. These hydrogels are shown
to be biocompatible and biodegradable [97].
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The hydrogels described above rely predominantly on the presence of b-sheet structure.
Noteworthy, self-assembled hydrogels have also been obtained from linear peptides with
purely a-helical structures. The peptide sequences can be engineered to alter the underlying
mechanism of gelation and, consequently, the hydrogel properties [98]. Hierarchical a-helical
structures such as coiled-coils have also been exploited for gelation purposes. Coiled-coil
motifs are comprised of left-handed superhelices of several right-handed a-helices, and are
characterized by a hydrophilic and a hydrophobic side due to a typical repeating sequence of
amino acids with different polarity.

Tirrell and coworkers [99] created artificial proteins consisting of terminal leucine zipper
domains flanking a central, flexible, water-soluble polyelectrolyte segment. The polypep-
tide undergoes reversible gelation in response to changes in pH or temperature. Formation
of coiled-coil aggregates of the terminal domains in near-neutral aqueous solutions triggers
formation of a 3D polymer network, with the polyelectrolyte segment retaining solvent and
preventing precipitation of the chain. Dissociation of the coiled-coil aggregates through
elevation of pH or temperature causes dissolution of the gel and a return to the viscous
behavior that is characteristic of polymer solutions. The rapid erosion of these hydrogels,
however, limits their potential application. By harnessing the selective molecular recogni-
tion, discrete aggregation number and orientational discrimination of coiled-coil protein
domains [100], the erosion rate can be tuned over several orders of magnitude in these
artificial protein hydrogels. The coiled-coil motifs, in conjunction with a metal chelating
mechanism, have been incorporated into poly(N-(2-hydroxypropyl) methacrylamide) for
the assembly of thermal-responsive physical gels [101–103].

2.3.2.3
Physical Crosslinking by Recognition Events

Biological recognition events can be introduced to synthetic polymers to induce physical
gelation via specific and reversible protein/protein and protein/carbohydrate interactions.
The ability of an antigen to recognize a specific antibody provides the basis for the
fabrication of antigen-sensitive hydrogels (Fig. 2.1b). A polyacrylamide-based, semi-inter-
penetrating network was synthesized by redox-initiated radical polymerization/crosslinking
of N-succinimidyl acrylate-functionalized antibodies and antigens, along with acrylamide
monomer and N,N0-methylenebis(acrylamide). In this system, the covalently crosslinked
polyacrylamide establishes the major framework that is further reinforced by the antigen/
antibody interaction. Reversible swelling/deswelling was observed upon alternating expo-
sure of the hydrogel to antigen-containing and antigen-free solutions. Such a system holds
potential for controlled release of biomolecules in response to specific antigens [104].

Protein/polysaccharide affinity interactions have also been exploited for the formation of
highly responsive hydrogels. Heparin is a highly negatively charged GAG comprised of
variably sulfated disaccharides of iduronic acid and glucosamine and is capable of media-
tion of binding to many proteins [105, 106], including antithrombin III and growth factors.
Viscoelastic hydrogel materials can be generated by mixing heparin with vinyl sulfone-
functionalized star PEGs that contain cysteine-equipped, heparin-binding peptides (HBP)
[107]. Owing to the inferior mechanical properties of these initial materials, additional,
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covalent, crosslinks comprising bis-cysteine-functionalized peptides were incorporated into
the PEG-based hydrogels [108]. The dually-crosslinked gels showed temperature- and
frequency-dependence of their viscoelastic properties. Similarly, direct mixing of star
PEGs that have been modified with low molecular weight heparin and HBPs results in
soft hydrogels with growth factor binding capacity [109, 110]. Replacing HBPs with
vascular endothelial growth factor (VEGF) permits the formation of hydrogels that selec-
tively erode in the presence of the VEGFR-2 receptor [111].

2.4
Modulating Hydrogel Microstructure and Mechanical Properties

2.4.1
Modulating Hydrogel Microstructure

It is well known that the structural characteristics of hydrogels, such as the mesh size and
the matrix morphology, have profound effects on cellular functions including cell migra-
tion, proliferation, phenotype and metabolism [112]. Traditional hydrogels are macroscopic
gels consisting of nanoscale pores [113, 114] defined by the soluble polymer precursors that
are randomly interconnected, lacking the structural complexity and functional diversity
seen in the natural ECM. On the other hand, the natural ECM has to be able to accommodate
cells that are typically ~10 mm in size, yet exhibit features at all length scales from the macro
down to the molecular to allow cells to respond, maintain and remodel their environment as
they go through various cell cycles and different stages of development [112].

Intrigued by the multiple levels of matrix organization in the natural biological system,
researchers started to develop methodologies to create more complex and information-rich
hydrogels. As discussed above, molecular self-assembly has emerged as a bottom-up
technology that has the potential to recapitulate the hierarchical organization found in the
natural ECM. We have discussed several elegant examples of hierarchically-assembled
peptide gels above (Fig. 2.2a). Alternatively, nanostructured hydrogels have been prepared
using hydrogel particles of nano or micron size as the building blocks or crosslinkers
instead of linear or branched soluble polymer precursors used in the preparation of
traditional hydrogels [62, 115]. Using HA as the starting material, Jia and coworkers
have created a new class of hydrogels with HA hydrogel particles (HGPs) embedded in
and covalently crosslinked to a secondary network that is also HA-based [25, 30, 116].
Nanoporous HA HGPs were synthesized by an inverse emulsion crosslinking technique.
Doubly crosslinked networks (DXNs) were obtained by covalent crosslinking of HA HGPs
with a water-soluble, secondary crosslinker. Structural analysis [117] of the DXNs by
cryogenic scanning electron microscopy (cryoSEM) and neutron scattering techniques
revealed the presence of a hierarchical structure with densely crosslinked, nanoporous
HGPs interconnected to a loose secondary network that exhibited porosity at the micron
size range. A close inspection of the cryoSEM image (Fig. 2.2b) for DXNs indicates a
diffuse interphase between individual HGPs and the secondary matrix, which proves that
the secondary network originates from the particle surface. As a result, the secondary
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network can exert mechanical constraints on the hydrogel particles, leading to the deforma-
tion of HGPs through the covalent linkages between the secondary network and the HGP
surface. These novel HA based hydrogels are promising ECM mimetics for cartilage tissue
regeneration.

Rather than altering the dimension of the hydrogel building blocks, hierarchically
structured hydrogels with optimal environments for cell adhesion, proliferation, differenti-
ation and neotissue formation can be induced by careful employment of novel processing
conditions. Macroporous hydrogel scaffolds have been created by employing a variety of
processing techniques, such as salt leaching, gas foaming, freeze drying, colloidal templat-
ing, and phase separation [17, 118–121]. Combining a thermally induced phase separation
technique with a porogen-leaching process, Ma and coworkers [122] created macroporous
gelatin scaffolds containing nanofibrous structures of the same chemical makeup. System-
atic variation of the processing parameters permits control over the fiber diameter, fiber
length, surface area, porosity, pore size, interpore connectivity, pore wall architecture, and
mechanical properties of the nanofibrous gelatin scaffolds (Fig. 2.2c). The resulting scaf-
folds possess high surface areas (>32 m2/g), high porosities (>96%), well-connected
macropores, and nanofibrous pore wall structures. Compared to commercial gelatin foam
(Gelfoam®), these scaffolds showed much better dimensional stability in a tissue culture
environment.

Fig. 2.2 Representative SEM images of synthetic hydrogels. (a) CryoSEM image of HA-based,
doubly crosslinked networks [117]. Copyright permission from American Chemical Society. (b)
SEM image of an IKVAV nanofiber network formed by adding cell media to a peptide amphiphile
aqueous solution [89]. Copyright permission from American Association for the Advancement of
Science. (c) SEM image of nanofibrous gelatin scaffold [122]. Copyright permission from Elsevier
Science Ltd
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2.4.2
Engineering Hydrogels with Robust Mechanical Properties

In addition to matrix architecture, abundant evidence suggests that mechanical signals have
profound effects on cellular functions including growth, differentiation, apoptosis, motility,
and gene expression [123]. Furthermore, cells are known to preferentially differentiate on
artificial extracellular matrices that have mechanical stiffness similar to that of their natural
tissues [124, 125]. These discoveries underscore the importance of engineering hydrogel
matrices with high strength and appropriate elasticity in order to maintain the desired cell
phenotype and to effectively transmit the external mechanical forces to the encapsulated cells
[126, 127]. Unfortunately, traditional hydrogels usually exhibit slow responses and inferior
mechanical properties. The presence of network defects, such as dangling chain ends and
loops, compromises the overall mechanical integrity of the hydrogels. The uncontrolled and
inefficient chemical methods, combined with the increase in the viscosity of the reaction
media, give rise to variations in molecular weight between crosslinks (Mc) and a random
distribution of crosslinking points in the network. These problems are further compounded
by possible phase separation during the reaction [128, 129].

Due to their high water content, low density of polymer chains, and small friction between
the chains, hydrogels are mechanically weak. Theoretically, a hydrogel matrix can be
reinforced by hard and stiff inorganic nanoparticles [130]. By homogeneously dispersing
exfoliated inorganic clay particles and initiating polymerization from their surfaces [131,
132], Gong et al. have constructed nanocomposite gels with unprecedented mechanical
strength. In these composite hydrogels, neighboring clay sheets act as multifunctional cross-
linking agents for the polymers in the absence of organic crosslinkers. The gels must be
formed by initiating polymerization from the clay surface, resulting in the flexible polymer
chains with a random coil conformation connecting the clay and filling the space between the
clay sheets. With a monomer:water ratio of 0.1, the nanocomposite gels have an elastic
modulus of about 104 Pa, and can be stretched to about ten times their original length. The
unique properties were attributed to the reduced fluctuation in the crosslinking density of the
gels and the cooperativity of the polymer chains connecting the same clays [132].

If efficient energy dissipation mechanisms can be introduced, hydrogels with robust
mechanical properties can be obtained. Taking advantage of host-guest inclusion complex-
ation, highly water-absorbent and remarkably stretchable hydrogels have been prepared.
The basic building blocks of the hydrogels are polyrotaxane consisting of PEG chains
threaded with multiple CD molecules and end-capped with bulky functional groups.
Intermolecular crosslinking between the threaded CDs created figure-eight crosslinks that
can slide along the PEG chains. The resulting gels are referred to as topographical gels. In
traditional chemical gels, tension is distributed unevenly among the polymer chains,
causing chain scission to occur gradually. Such tension can be released in topographical
gels through the sliding of the polymer chains by figure-eight crosslinks [132, 133].

Alternatively, double network gels consist of two interpenetrating polymer networks:
one made of highly cross-linked rigid polymers and the other of loosely cross-linked
flexible polymers. Such double network gels, containing about 90 wt% water, possess
both hardness (elastic modulus of 0.3 MPa) and toughness (fracture stress of 10 MPa).
The loosely crosslinked network entangled around the densely crosslinked first network
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effectively absorbs the elastic energy around the crack either by viscous dissipation or by
large deformation of the polymer chains, preventing the crack growth to a macroscopic
level [131, 132, 134]. Recent work by the same group showed that by entrapping ionically-
crosslinked, highly ordered, anisotropic poly(2,20-disulfonyl-4,40-benzidine terephthala-
mide) in an interpenetrating, radically-crosslinked poly(acrylamide) network, the resulting
hydrogels can be extended to >2,200% its original length [135]. Although these hydrogels
exhibit unprecedented mechanical strength, their utility in tissue engineering has not been
realized yet.

By carefully balancing the hydrophobicity/hydrophilicity of the hydrogel network and
the molecular weight between crosslinks, mechanically tough and biodegradable hydrogels
were developed from triblocks comprising a long PEG (PEG20, 20,000 g/mol) center block
flanked with short trimethylene carbonate (OTMC, total of 650 g/mol) segments. Both ends
of the block copolymer were methacrylated for photocrosslinking purposes [136]. The
presence of long flexible chains between the crosslinking points is believed to allow the
hydrogels to undergo deformation upon stress and the incorporation of short, hydrophobic
OTMC blocks was found to enhance the overall mechanical properties (compressive
modulus, fracture stress, toughness) of these hydrogels without compromising the swelling
ratio and ability to deform under stress before breakage with near-complete recovery.
Hydrogels synthesized from block copolymers with the same PEG center block but more
OTMC segments were found to be brittle under the same experimental conditions. Such
observations underscore the importance of fine-tuning the network parameters for the
attainment of desirable hydrogel mechanical properties.

The approaches discussed above rely on the microscopic level manipulation of hydrogel
compositions. Our group has developed elastomeric hydrogels by mimicking the molecular
architecture and mechanical properties of natural elastin. Elastin achieves its excellent
mechanical properties through a multiblock copolypeptide structure composed largely of
two types of short segments that alternate along the polypeptide chain: highly flexible
hydrophobic segments composed of VPGVG repeats, with many transient structures that
can easily change their conformation when stretched; and alanine- and lysine- rich a-helical
segments, which form crosslinks between adjacent molecules via the action of lysyl oxidase
in the ECM [137]. The elasticity of the protein has been discussed primarily in terms of
dominant entropic components [138, 139] and the main models of elastin’s elasticity share
the perspective that either chain entropy or internal chain dynamics are at least in part at the
origin of the elasticity [140–142].

Our strategy involves the synthesis of multiblock hybrid polymers consisting of flexible
synthetic polymers alternating with alanine-rich, lysine containing peptides that are the
structural component of the hydrophilic crosslinking domains of natural elastin (Fig. 2.3a)
[16]. Specifically, multiblock elastin mimetic hybrid polymers were synthesized via a
condensation polymerization approach employing orthogonal click chemistry using
azide-functionalized, telechelic PEG and alkyne-terminated peptides [X(AKAAAKA)2X,
X: propargyl glycine, A: alanine, K: lysine] as the macromonomers. Covalent crosslinking
of the resulting multiblock copolymers by HMDI was achieved universally through the
lysine side chains of the peptide domain to form urea linkages. Compared to the dry
samples, the fully swollen hybrid hydrogels are softer and more compressible, consistent
with results observed for natural elastin [143]. Moreover, the hybrid hydrogels exhibit
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similar compressive properties to a hydrophobic polyurethane elastomer (Tecoflex SG80A)
widely used for tissue engineering applications. The elastin mimetic hybrid hydrogels are
capable of rapid recovery from mechanical stress, as evidenced by the remarkable over-
lapping loading-unloading curves in the cyclic compression tests. To promote integrin-
mediated cell adhesion to these gels, fibronectin-derived GRGDSP domains have been
included in the peptide building blocks. Human neonatal foreskin fibroblasts (hNFF) are
able to attach and proliferate readily on RGD-containing, bis(sulfosuccinimidyl) suberate
(BS3)-crosslinked hybrid copolymers (Fig. 2.3b). The modular nature of the design,
coupled with the chemical nature of the synthesis, will permit facile adjustment of mechan-
ical, morphological and biological properties of the resulting polymers.

Fig. 2.3 Covalent crosslinking of RGD-containing, hybrid multiblock copolymers afforded cell-
adhesive, elastomeric matrices. Unpublished results from the Jia/Kiick Groups. (a). Synthesis of
RGD-containing, multiblock, hybrid copolymer via Cu(I) catalyzed alkyne-azide cycloaddition.
(b). Immunostaining of neonatal foreskin fibroblasts cultured on the RGD-containing, covalently
crosslinked, elastin mimetic hybrid hydrogels. Cells were cultured in serum-free media for 24 h.
Nuclei, F-actin and vinculin were stained blue, red and green, respectively
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2.5
Biodegradable and Bioactive Hydrogels

2.5.1
Biodegradable Hydrogels

For use as tissue engineering scaffolds, hydrogel degradation needs to be fine tuned to meet
the ever-evolving needs of the cells. Matrix degradation inevitably results in alteration of
the average mesh size and the swelling level, as well as the matrix viscoelasticity. On the
one hand, the increased mesh size facilitates the diffusion of macromolecules and migration
of the cells. On the other hand, the mechanical properties of the degrading hydrogel
decrease significantly if cells residing in the matrix have not produced their own matrix
components. Ideally, the degradation of the synthetic matrix should mirror the deposition of
the native ECM proteins so that the physical properties of the matrix remain unchanged
during the initial period of culture. Various functional groups or biological motifs have been
incorporated in the hydrogel formulation, rendering the resulting matrices degradable by
mild chemical and/or enzymatic processes [144].

2.5.1.1
Hydrolytically Degradable Hydrogels

Typically, synthetic hydrogels can be made biodegradable by introducing hydrolytically labile
groups such as ester bonds or cyclic acetal linkages [7, 145, 146]. Hydrogels formed by photo-
polymerization of PEGdi(meth)acrylate are non-degradablewithin the typical timescale of cell
culture experiments, but can be rendered degradable by introducing oligo poly(esters), such as
poly(lactic acid) (PLA), poly(glycolic acid) (PGA) or PCL to a PEG center block prior to the
coupling of (meth)acrylate groups. By varying the composition and the length of the hydro-
lyzable blocks, the degradation rate can be tailored [147]. Taking advantage of the neighboring
group participation-assisted hydrolysis, the degradation rate of PEG-peptide hydrogels,
synthesized via aMichael addition reaction between 4-arm PEG-acrylate and cysteine-bearing
peptides, was systematically modulated by tailoring the amino acid composition [148].
Installing fumaric acid to the repeating units of synthetic polymers provides unique opportu-
nities to modulate the degradation and bioactivity of the hydrogels. While the ester bonds can
be hydrolytically degraded, the abundant unsaturated double bonds facilitate crosslinking as
well as bioconjugation. Bioactive and biodegradable hydrogels with varying stiffnesses have
been engineered from fumarate-containing macromers.[149]

Hydrogels containing oligoesters degrade into acidic byproducts that accumulate in
tissues, provoking an inflammatory response and altering scaffold degradation kinetics.
To address this concern, a novel class of hydrogels containing cyclic acetal moieties in the
crosslinking points was developed [145]. The hydrolysis products are neutral hydroxyl and
carbonyl-terminated compounds that do not lead to significant changes in the solution/tissue
pH values. Minimal inflammatory response was observed when this type of hydrogels was
used in vivo to repair bone defects.
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2.5.1.2
Externally Degradable Hydrogels

The degradation mechanisms described above are passive in that the hydrolysis of esters or
acetals is induced non-specifically by water. One of the desirable features of synthetic
hydrogel matrices is a user-controllable composition that would permit rapid recovery of
viable cells under mild, non-enzymatic conditions. To this end, Prestwich and colleagues
synthesized PEG-diacrylate-based crosslinkers containing disulfide linkages for covalent
crosslinking of [150] thiol-modified HA and gelatin macromonomers in the presence of
cells. Such a matrix permits in situ encapsulation and 3D expansion of a variety of cells.
Hydrogels can be readily dissociated using the thiol-disulfide exchange reaction in the
presence of N-acetyl-cysteine or glutathione, releasing the encapsulated cells in high yield
and with high viability. Such a system is promising as a 3D platform for expanding cells in a
physiologically relevant microenvironment.

Alternatively, photocrosslinked, PEG-based hydrogels were rendered photolytically
degradable by incorporating a photolabile nitrobenzyl ether-derived moiety [151]. Post
gelation control of the gel properties was demonstrated to introduce temporal changes,
creation of arbitrarily shaped features, and on-demand pendant functionality release. Using
laser rastering with a single- or two-photon laser scanning microscope, 3D channels were
created in the presence of cells. Photodegradation at predetermined locales within the gels
led to the deprivation of cell adhesive modalities and allowed cell migration to occur,
inducing chondrogenic differentiation of encapsulated stem cells. The ability to manipulate
material properties or chemistry in real time in a spatial manner provides dynamic environ-
ments to regulate cellular functions.

2.5.1.3
Enzymatically Degradable Hydrogels

A more biomimetic approach for hydrogel degradation relies on the enzymes secreted by
the cells, including the cysteine and serine proteases and matrix metalloproteinases
(MMPs), all of which target specific cleavage sites on ECM proteins and proteoglycans.
MMP-cleavable peptide sequences have been identified and incorporated as crosslinking
motifs in synthetic hydrogels to enable cell-mediated proteolysis. Hydrogel materials that
were not sensitive to hydrolytic cleavage, but were susceptible to enzymatic degradation
have been developed by Hubbell and co-workers [152, 153]. In their early studies, peptide-
PEG-peptide triblock copolymers were synthesized and end-functionalized with acrylate
groups to allow for UV-initiated photocrosslinking. The peptide sequences incorporated
were potential collagenase or plasmin substrates. The resulting hydrogels were degraded
under the action of the target enzyme but remained stable in the presence of the other
enzyme [154]. Using vinyl sulfone-terminated multiarm PEG macromers and a cysteine-
terminated MMP substrate as the crosslinker (Fig. 2.4) [155, 156], Lutolf et al. synthesized
enzymatically-degradable hydrogels that have gained increasing popularity among
researchers as 3D culture platforms. If a cell adhesive peptide is included, the resulting
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gels allow for cell attachment and migration through a cell-mediated matrix remodeling
process (see below).

Combining cell-mediated matrix remodeling with careful selection of chemical compo-
sition of the hydrogels, cellular functions can be, in turn, modulated by the enzymatic
breakdown products. For example, hydrogels containing polyphosphoesters can be
degraded both hydrolytically and enzymatically by alkaline phosphatase, a naturally abud-
nant enzyme in bone matrix, and its level of expression directly correlated to the activity of
osteoblasts [157, 158]. Due to their natural origin, the breakdown products of the phos-
phoesters are capable of binding calcium ions to induce matrix calcification, thereby
recapitulating the natural event during bone formation. Finally, the ability of the calcified
scaffolds to sequester cell-secreted proteins, such as osteopontin, makes this class of
hydrogels attractive candidates for bone tissue engineering [159].

2.5.2
Engineering Bioactive Hydrogels

2.5.2.1
Bioactive Hydrogels with Immobilized Biological Motifs

As discussed above, tissue engineering scaffolds are designed to serve as provisional
matrices for cells to proliferate, organize and perform normal cellular functions. Ideal
synthetic matrices should provide an instructive microenvironment that responds to changes
in cell cycles [160]. Due to their hydrophilic nature, most synthetic hydrogels exhibit
minimal protein adsorption, preventing direct cell/matrix interactions. In order to design
hydrogels that mediate cell attachment, integrin binding sites such as RGD peptides, alone

Fig. 2.4 Cell-responsive hydrogel matrices were synthesized by a two-step process using Michael
type addition reaction. In the first step, vinyl sulfone-functionalized multiarm PEGs were allowed to
react with mono-cysteine adhesion peptides. Subsequent reaction with bis-cystaine MMP substrate
peptides led to the formation of elastic gels in the presence of cells. This type of hydrogel allows for
cell-mediated local matrix remodeling [156]. Copyright permission from Wiley Interscience
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or in conjunction with other cell-binding motifs, have been incorporated [161, 162].
Unfortunately, while hydrogels modified with adhesion peptides allow cell adhesion on
2D hydrogel surfaces, adaptation of these hydrogels into 3D culture has been unsuccessful.
In fact, the RGD-modified PEG gels did not seem to support sustained cell attachment and
cell viability in 3D. Compared to the 2D asymmetrical substrate lying underneath them,
cells in 3D are subjected to the same environment in all directions. When entrapped during
the encapsulation process, cells naturally maintain the round-shape morphology, and the
very small pore size and inherent non-degradability of the PEG-based cross-links prevent
further spreading and migration of these cells.

A further improvement in cell-matrix interaction has been demonstrated by integrating
the invasive characteristics of native ECM into the synthetic hydrogels. Using Michael-type
addition reactions, RGD peptides and MMP substrates were conjugated into the PEG-based
hydrogels. The resulting hydrogels contain MMP peptides bridging adjacent PEG and RGD
peptides dangling from the network. The crosslinking chemistry allows for cells to be
entrapped in 3D biomimetic matrices. The matrix was degradable and invasive by cells via
cell-secreted MMPs, thus the properties of the matrix were directly controlled by cell cycles
(Fig. 2.4). Further, primary human fibroblasts were demonstrated to proteolytically invade
these networks, a process that depended on MMP substrate activity, adhesion ligand
concentration and network crosslinking density [152, 155, 156]. By systematic modulation
of matrix elasticity, MMP-sensitivity and the concentration of a matrix-bound RGDSP
peptide, mature cardiac cells could be obtained from pluripotent cardio progenitors [163].

To further enhance the complexity of the hybrid hydrogel matrices, artificial proteins
containing the repeating amino acid sequences based on fibrinogen and anti-thrombin III,
comprising an RGD integrin-binding motif, two plasmin degradation sites, and a heparin-
binding site was created by recombinant DNA methods and chemically grafted with PEG
diacrylate (PEGDA). Subsequent photopolymerization of the macromers yielded protein-
graft-PEG hydrogels. With initial Young’s moduli up to 3.5 kPa, these hydrogels are (1) cell
adhesive, both on 2D and in 3D; (2) cell invasive, via cell secreted serineprotease; and (3)
capable of binding heparin [164]. Alternatively, researchers resort to intact proteins for
enhanced biological functions. PEG-fibrinogen or PEG-fibronectin hydrogels, first
described by Seliktar [165] and colleagues, were shown to support the attachment and
proliferation of smooth muscle cells [166], chondrocytes [167], cardiomyocytes [168] and
dorsal root ganglion in 3D [169]. PEGylation of fibrinogen or fibronectin gave rise to
photocrosslinkable proteins that can be copolymerized with varying amounts of PEGDA
to form 3D hybrid hydrogels in the presence of UV irradiation [170]. The addition of
fibrinogen or fibronectin into this system provided an opportunity for both cell adhesion and
cell-mediated degradation and remodeling of the original gels with time. The mechanical
properties of PEG-fibrinogen gels can be readily tuned to match that of the targeted tissues
[168]. Although hybrid protein-containing hydrogels are promising candidates for use as
3D matrices for tissue engineering, it is difficult to obtain a large quantity of pure and well-
defined proteins for structure-function assessment. Chemical modification of large proteins
is not trivial either.

In addition to proteins, natural ECM also contains GAGs that are not just space fillers;
they perform a wide spectrum of biological functions. Their incorporation into the afore-
mentioned synthetic matrices can further enhance their overall bioactivities. HA is an
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essential ECM component that not only modulates cellular adhesion, signaling, differentia-
tion and motility, but also plays a key role in natural wound healing, morphogenesis and
cancer metastasis [171]. HA-based hydrogels have become increasingly popular as con-
trolled release devices [172, 173] and tissue engineering matrices [24, 174–177]. Prestwich
and coworkers have developed modular and hybrid hydrogels for 3D cell culture, with the
goal of replicating the complexity of the native ECM environment with the minimum
number of components necessary to allow cells to rebuild and replicate a given tissue. These
semi-synthetic ECMs are based on HA derivatives as the matrix, modified gelatin for cell
attachment, and PEGDA for stability and enhanced crosslinking kinetics. These covalently
crosslinked, biodegradable hydrogels are suitable for 3D culture of primary and stem cells
in vitro, and for tissue formation in vivo. The synthetic ECMs can be engineered to provide
appropriate biological cues needed to recapitulate the complexity of a given ECM environ-
ment [178, 179]. Using chemically derivatized HA as the constituent building blocks, we
have synthesized HA/collagen composite hydrogels composed of immature collagen fibrils
interpenetrated in an amorphous, covalently crosslinked HA matrix. Porcine vocal fold
fibroblasts (PVFFs) encapsulated in the matrix adopted a fibroblastic morphology and
expressed genes related to important ECM proteins. PVFFs not only proliferate within
the matrix but also actively remodel its viscoelasticity to an end value close to that of a
mature vocal fold lamina propria [180].

2.5.2.2
Bioactive Hydrogels with Soluble Growth Factors

The development of biomimetic hydrogel matrices with spatial and temporal presentation of
biochemical cues may lead to novel multifunctional platforms able to control and guide the
tissue regeneration processes [181]. Unlike macroscopic, bulk hydrogel matrices, particle-
based systems offer versatility to tailor the release rate and bioavailability by changing the
particle composition, hydrophilicity, average particle mesh size and the overall particle size
and morphology [182, 183]. In the absence of covalent coupling or physical associations
between the carriers and the proteins, initial burst followed by minimum release afterwards
is frequently encountered. In the native ECM, growth factors are stored as an intact, latent
complex through their specific binding to ECM molecules including heparan sulfate
proteoglycans (HSPGs). HSPGs, alone or through their specific binding with heparin
binding growth factors, effectively modulate cellular growth, development, angiogenesis,
and tissue regeneration [184].

To emulate this feature in vitro, Jia and colleagues [185] covalently immobilized domain I
of perlecan (PlnDI), an important HSPG expressed in many ECM and basement membranes,
to HA HGPs through a flexible PEG linker. Compared to HGPs without PlnDI, PlnDI
conjugated HGPs (HGP-P1) exhibited significantly (higher bone morphogenic protein 2)
BMP-2 binding capacity and distinctly different BMP-2 release kinetics. Heparitinase
treatment increased the amount of BMP-2 released from HGP-P1, confirming the HS-
dependent BMP-2 binding. While BMP-2 was released from HGPs with a distinct burst
release followed by a minimal cumulative release, its release from HGP-P1 exhibited a
minimal burst release followed by linear release kinetics over 15 days. The bioactivity of the
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hydrogel particles was evaluated using micromass culture of multipotent mesenchymal stem
cells (MSCs), and the chondrogenic differentiation was assessed by the production of
glycosaminoglycan, aggrecan and collagen type II. Our results revealed that BMP-2 loaded
HGP-P1 stimulates more robust cartilage-specific ECM production as compared to BMP-
2 loaded HGP, due to the ability of HGP-P1 to potentiate BMP-2 and modulate its release
with near zero-order release kinetics.

Alternatively, the therapeutic potential of growth factor cytokines can be maximized by
embedding growth factor-loaded particles in a hydrogel matrix [67]. If compatible hydrogel
particles, rather than hydrophobic particles, are used, these composite matrices can provide
defined biological cues for tissue repair, functional angiogenesis and stem cell differentia-
tion [186]. Using glutaraldehyde-crosslinked gelatin HGPs loaded with various growth
factors, the Mikos group has demonstrated the applicability of the composite hydrogels for
cartilage tissue engineering [187]. In most cases, the matrix is based on radically cross-
linked OPF that is hydrolytically degradable. This technology was extended to the dual
delivery of IGF-1 (insulin-like growth factor) and TGF-b1 (transforming growth factor) by
loading these growth factors into either the OPF hydrogel phase or gelatin microparticle
phase of composites [188]. Release profiles were successfully manipulated by altering the
phase of growth factor loading and microparticle crosslinking extent [189]. Compared to
hydrogels without the HGPs, constructs containing TGF-b1 loaded HGPs induced better
chondrocyte attachment, increased the construct cellularity and maintained cell phenotype
[190].

2.6
Conclusion and Future Directions

This chapter highlights the chemical and physical methods employed for hydrogel synthesis
and new strategies for fine-tuning hydrogel properties, including structural characteristics,
mechanical strength and biological activities. Over the past few decades, hydrogel bioma-
terials have evolved from passive supporting scaffolds with simple chemical composition
and inferior mechanical properties to interactive matrices that are capable of providing
cells with biochemical and biomechanical cues. As insight continues to be gleaned from
developmental biology and other biology disciplines, more intelligent and complex hydro-
gel materials will likely emerge as conducive matrices for tissue repair and regeneration
[1, 116, 191].

Inspirations drawn from nature have motivated researchers to develop biocompatible
and biodegradable hydrogels whose materials properties and biological responses can be
readily tailored for specific tissues. Strikingly, natural ECM exhibits a high degree of
functional complexity, yet it is relatively simply in composition. Nature modulates the
mechanical and biological properties of tissues by subtle adjustments of its composition,
yet a perceivable alteration of its micro- or nano- scale organization. Its hierarchical
organizations allow the matrix to take a variety of forms in different tissues and at different
stages of development in the same tissue. Furthermore, biological assemblies are dynamic
entities whose transitions may include the disassembly and re-assembly of some of the
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subunits to accomplish local and global conformation changes. Many biological molecules
exhibit distinctly different biological functions depending on whether they are in folded
or unfolded states, assembled into filaments or dissembled as the monomeric units, intact or
degraded. Recapitulating such responsive characteristics will likely lead to the generation
of robust, dynamic and information-rich hydrogels that provide guidance cues to the
embedded cells.

As the choice of the building blocks for the construction of hydrogels continues to
expand, more advanced hydrogel synthesis techniques need to be developed to accommo-
date the ever-increasing need to build more complex hydrogels. Recent advancements in
organic chemistry and polymer synthesis suggest that the preparation of well-defined
polymers and nanostructure materials is possible and materials scientists are uniquely
positioned to take this challenge to develop the next generation of hydrogels that are
compositionally simple but functionally diverse.

Acknowledgements We acknowledge funding from the US National Institutes of Health (National
Institute on Deafness and Other Communication Disorders) and the US National Science Foundation
(Division of Materials Research, Biomaterials Program).

References

1. Place ES, Evans ND, Stevens MM. Complexity in biomaterials for tissue engineering. Nat
Mater 2009;8:457–70.

2. Langer R, Vacanti JP. Tissue engineering. Science 1993;260:920–6.
3. Langer R, Tirrell DA. Designing materials for biology and medicine. Nature 2004;

428:487–92.
4. Lutolf MP, Gilbert PM, Blau HM. Designing materials to direct stem-cell fate. Nature

2009;462:433–41.
5. Bohidar HB, Dubin P, Osade Y. Polymer Gels: Fundamentals and Applications (ACS

Symposium Series). Washington, DC: American Chemical Society; 2003.
6. Odian G. Principles of Polymerization. 4th ed. Hoboken, NJ: John Wiley & Sons, Inc.; 2004.
7. Ifkovits JL, Burdick JA. Review: Photopolymerizable and degradable biomaterials for tissue

engineering applications. Tissue Eng 2007;13:2369–85.
8. Bryant SJ, Nuttelman CR, Anseth KS. Cytocompatibility of UVand visible light photoinitiat-

ing systems on cultured NIH/3T3 fibroblasts in vitro. J Biomater Sci Polym Ed 2000;
11:439–57.

9. Williams A, Ibrahim IT. Carbodiimide chemistry – recent advances. Chem Rev 1981;
81:589–636.

10. Bulpitt P, Aeschlimann D. New strategy for chemical modification of hyaluronic acid:
Preparation of functionalized derivatives and their use in the formation of novel biocompatible
hydrogels. J Biomed Mater Res 1999;47:152–69.

11. Kuo JW, Swann DA, Prestwich GD. Chemical modification of hyaluronic-acid by carbodii-
mides. Bioconjugate Chem 1991;2:232–41.

12. Kuijpers AJ, van Wachem PB, van Luyn MJA, Brouwer LA, Engbers GHM, Krijgsveld J,
et al. In vitro and in vivo evaluation of gelatin-chondroitin sulphate hydrogels for controlled
release of antibacterial proteins. Biomaterials 2000;21:1763–72.

13. Liu W, Merrett K, Griffith M, Fagerholm P, Dravida S, Heyne B, et al. Recombinant human
collagen for tissue engineered corneal substitutes. Biomaterials 2008;29:1147–58.

2 Hydrogels in Tissue Engineering 37



14. Duan X, Sheardown H. Crosslinking of collagen with dendrimers. J Biomed Mater Res A
2005;75A:510–8.

15. March J. Advanced Organc Chemistry. 4th ed. New York, NY: JohnWiley & Sons, Inc.; 1992.
16. Grieshaber SE, Farran AJE, Lin-Gibson S, Kiick KL, Jia XQ. Synthesis and characterization

of Elastin-Mimetic hybrid polymers with multiblock, alternating molecular architecture and
elastomeric properties. Macromolecules 2009;42:2532–41.

17. Annabi N, Mithieux SM, Boughton EA, Ruys AJ, Weiss AS, Dehghani F. Synthesis of highly
porous crosslinked elastin hydrogels and their interaction with fibroblasts in vitro. Biomater-
ials 2009;30:4550–7.

18. Welsh ER, Price RR. Chitosan cross-linking with a water-soluble, blocked diisocyanate. 2.
Solvates and hydrogels. Biomacromolecules 2003;4:1357–61.

19. Nowatzki PJ, Tirrell DA. Physical properties of artificial extracellular matrix protein films
prepared by isocyanate crosslinking. Biomaterials 2004;25:1261–7.

20. Merrett K, Liu WG, Mitra D, Camm KD, McLaughlin CR, Liu YW, et al. Synthetic
neoglycopolymer-recombinant human collagen hybrids as biomimetic crosslinking agents
in corneal tissue engineering. Biomaterials 2009;30:5403–8.

21. Richards FM, Knowles JR. Glutaraldehyde as a protein cross-linking reagent. J Mol Biol
1968;37:231–3.

22. Jia XQ, Colombo G, Padera R, Langer R, Kohane DS. Prolongation of sciatic nerve blockade
by in situ cross-linked hyaluronic acid. Biomaterials 2004;25:4797–804.

23. Luo Y, Kirker KR, Prestwich GD. Cross-linked hyaluronic acid hydrogel films: new bioma-
terials for drug delivery. J Control Release 2000;69:169–84.

24. Gurski LA, Jha AK, Zhang C, Jia XQ, Farach-Carson MC. Hyaluronic acid-based hydrogels
as 3D matrices for in vitro evaluation of chemotherapeutic drugs using poorly adherent
prostate cancer cells. Biomaterials 2009;30:6076–85.

25. Jia XQ, Yeo Y, Clifton RJ, Jiao T, Kohane DS, Kobler JB, et al. Hyaluronic acid-based
microgels and microgel networks for vocal fold regeneration. Biomacromolecules 2006;
7:3336–44.

26. Lee KY, Bouhadir KH, Mooney DJ. Degradation behavior of covalently cross-linked poly
(aldehyde guluronate) hydrogels. Macromolecules 2000;33:97–101.

27. Lim DW, Nettles DL, Setton LA, Chilkoti A. In situ cross-linkinig of elastin-like polypeptide
block copolymers for tissue repair. Biomacromolecules 2008;9:222–30.

28. Charati MB, Ifkovits JL, Burdick JA, Linhardt JG, Kiick KL. Hydrophilic elastomeric
biomaterials based on resilin-like polypeptides. Soft Matter 2009;5:3412–6.

29. Hermanson GT. Bioconjugate Techniques. 2nd ed. London, UK: Elsevier Inc; 2008.
30. Sahiner N, Jha AK, Nguyen D, Jia XQ. Fabrication and characterization of cross-linkable

hydrogel particles based on hyaluronic acid: potential application in vocal fold regeneration.
J Biomater Sci Polym Ed 2008;19:223–43.

31. Shu XZ, Prestwich GD. Therapeutic Biomaterials from Chemically Modified Hyaluronan. In:
Garg HG, Hales CA, editors. Chemistry and biology of hyaluronan. 1st ed. Oxford: Elsevier
Ltd.; 2004. p. 475–504.

32. Ichi T, Watanabe J, Ooya T, Yui N. Controllable erosion time and profile in poly(ethylene
glycol) hydrogels by supramolecular structure of hydrolyzable polyrotaxane. Biomacromole-
cules 2001;2:204–10.

33. Ossipov DA, Piskounova S, Hilborn J. Poly(vinyl alcohol) cross-linkers for in vivo injectable
hydrogels. Macromolecules 2008;41:3971–82.

34. Liu YC, Shu XZ, Prestwich GD. Biocompatibility and stability of disulfide-crosslinked
hyaluronan films. Biomaterials 2005;26:4737–46.

35. Khetan S, Katz JS, Burdick JA. Sequential crosslinking to control cellular spreading in
3-dimensional hydrogels. Soft Matter 2009;5:1601–6.

38 S.E. Grieshaber et al.

2



36. Hoyle CE, Lee TY, Roper T. Thiol-enes: Chemistry of the past with promise for the future.
J Polym Sci Pol Chem 2004;42:5301–38.

37. Cramer NB, Bowman CN. Kinetics of thiol-ene and thiol-acrylate photopolymerizations with
real-time Fourier transform infrared. J Polym Sci Pol Chem 2001;39:3311–9.

38. Aimetti AA, Machen AJ, Anseth KS. Poly(ethylene glycol) hydrogels formed by thiol-ene
photopolymerization for enzyme-responsive protein delivery. Biomaterials 2009;30:6048–54.

39. Salinas CN, Cole BB, Kasko AM, Anseth KS. Chondrogenic differentiation potential of
human mesenchymal stem cells photoencapsulated within poly(ethylene glycol)-arginine-
glycine-aspartic acid-serine thiol-methacrylate mixed-mode networks. Tissue Eng 2007;
13:1025–34.

40. Kolb HC, Finn MG, Sharpless KB. Click chemistry: Diverse chemical function from a few
good reactions. Angew Chem Int Ed Engl 2001;40:2004-21.

41. Malkoch M, Vestberg R, Gupta N, Mespouille L, Dubois P, Mason AF, et al. Synthesis of
well-defined hydrogel networks using Click chemistry. Chem Commun 2006:2774–6.

42. Liu SQ, Ee PLR, Ke CY, Hedrick JL, Yang YY. Biodegradable poly(ethylene glycol)-peptide
hydrogels with well-defined structure and properties for cell delivery. Biomaterials
2009;30:1453–61.

43. Ossipov DA, Hilborn J. Poly(vinyl alcohol)-based hydrogels formed by “click chemistry”.
Macromolecules 2006;39:1709–18.

44. Crescenzi V, Cornelio L, Di Meo C, Nardecchia S, Lamanna R. Novel hydrogels via click
chemistry: Synthesis and potential biomedical applications. Biomacromolecules 2007;
8:1844–50.

45. Agard NJ, Prescher JA, Bertozzi CR. A strain-promoted [3+2] azide-alkyne cycloaddition for
covalent modification of blomolecules in living systems. J Am Chem Soc 2004;126:15046–7.

46. Prescher JA, Bertozzi CR. Chemistry in living systems. Nat Chem Biol 2005;1:13–21.
47. Johnson JA, Baskin JM, Bertozzi CR, Koberstein JT, Turro NJ. Copper-free click chemistry

for the in situ crosslinking of photodegradable star polymers. Chem Commun 2008:3064–6.
48. DeForest CA, Polizzotti BD, Anseth KS. Sequential click reactions for synthesizing and

patterning three-dimensional cell microenvironments. Nat Mater 2009;8:659–64.
49. Chujo Y, Sada K, Saegusa T. A novel nonionic hydrogel from 2-methyl-2-oxazoline. 4.

Reversible gelation of polyoxazline by means of diels-alder reaction. Macromolecules
1990;23:2636–41.

50. Wei HL, Yang Z, Zheng LM, Shen YM. Thermosensitive hydrogels synthesized by fast Diels-
Alder reaction in water. Polymer 2009;50:2836–40.

51. Yeo Y, Geng WL, Ito T, Kohane DS, Burdick JA, Radisic M. Photocrosslinkable hydrogel for
myocyte cell culture and injection. J Biomed Mater Res Part B 2007;81B:312–22.

52. Saxon E, Bertozzi CR. Cell surface engineering by a modified Staudinger reaction. Science
2000;287:2007–10.

53. Gattas-Asfura KM, Stabler CL. Chemoselective cross-linking and functionalization of algi-
nate via staudinger ligation. Biomacromolecules 2009;10:3122–9.

54. Dawson PE, Muir TW, Clarklewis I, Kent SBH. Synthesis of proteins by native chemical
ligation. Science 1994;266:776–9.

55. Hu BH, Su J, Messersmith PB. Hydrogels cross-linked by native chemical ligation. Bioma-
cromolecules 2009;10:2194–200.

56. Su J, Hu BH, Lowe WL, Kaufman DB, Messersmith PB. Anti-inflammatory peptide-functio-
nalized hydrogels for insulin-secreting cell encapsulation. Biomaterials 2010;31:308–14.

57. Ehrbar M, Rizzi SC, Schoenmakers RG, San Miguel B, Hubbell JA, Weber FE, et al.
Biomolecular hydrogels formed and degraded via site-specific enzymatic reactions. Bioma-
cromolecules 2007;8:3000–7.

58. Sanborn TJ, Messersmith PB, Barron AE. In situ crosslinking of a biomimetic peptide-PEG
hydrogel via thermally triggered activation of factor XIII. Biomaterials 2002;23:2703–10.

2 Hydrogels in Tissue Engineering 39



59. Sperinde JJ, Griffith LG. Synthesis and characterization of enzymatically-cross-linked poly
(ethylene glycol) hydrogels. Macromolecules 1997;30:5255–64.

60. Lee F, Chung JE, Kurisawa M. An injectable enzymatically crosslinked hyaluronic acid-
tyramine hydrogel system with independent tuning of mechanical strength and gelation rate.
Soft Matter 2008;4:880–7.

61. Liao SW, Yu TB, Guan ZB. De novo design of saccharide-peptide hydrogels as synthetic
scaffolds for tailored cell responses. J Am Chem Soc 2009;131:17638–46.

62. Gan TT, Zhang YJ, Guan Y. In situ gelation of P(NIPAM-HEMA) microgel dispersion and its
applications as injectable 3D cell scaffold. Biomacromolecules 2009;10:1410–5.

63. Chaikof EL. Engineering and material considerations in islet cell transplantation. Annu Rev
Biomed Eng 1999;1:103–27.

64. Read TA, Sorensen DR, Mahesparan R, Enger PO, Timpl R, Olsen BR, et al. Local endostatin
treatment of gliomas administered by microencapsulated producer cells. Nat Biotechnol 2001;
19:29–34.

65. Cho MH, Kim KS, Ahn HH, Kim MS, Kim SH, Khang G, et al. Chitosan gel as an in situ-
forming scaffold for rat bone marrow mesenchymal stem cells in vivo. Tissue Eng 2008;
14:1099–108.

66. Van Tomme SR, van Steenbergen MJ, De Smedt SC, van Nostrum CF, Hennink WE. Self-
gelling hydrogels based on oppositely charged dextran microspheres. Biomaterials 2005;
26:2129–35.

67. Hoare TR, Kohane DS. Hydrogels in drug delivery: Progress and challenges. Polymer 2008;
49:1993–2007.

68. Mespouille L, Hedrick JL, Dubois P. Expanding the role of chemistry to produce new
amphiphilic polymer (co)networks. Soft Matter 2009;5:4878–92.

69. Braunecker WA, Matyjaszewski K. Controlled/living radical polymerization: Features, deve-
lopments, and perspectives. Prog Polym Sci 2007;32:93–146.

70. Hawker CJ, Wooley KL. The convergence of synthetic organic and polymer chemistries.
Science 2005;309:1200–5.

71. Albertsson AC, Varma IK. Recent developments in ring opening polymerization of lactones
for biomedical applications. Biomacromolecules 2003;4:1466–86.

72. Hennink WE, van Nostrum CF. Novel crosslinking methods to design hydrogels. Adv Drug
Deliver Rev 2002;54:13–36.

73. He CL, Kim SW, Lee DS. In situ gelling stimuli-sensitive block copolymer hydrogels for drug
delivery. J Control Release 2008;127:189–207.

74. Millon LE, Mohammadi H, Wan WK. Anisotropic polyvinyl alcohol hydrogel for cardiovas-
cular applications. J Biomed Mater Res Part B 2006;79B:305–11.

75. Yoshihito O. Equilibrium study of polymer-polymer complexation of poly(methacrylic acid)
and poly(acrylic acid) with complementary polymers through cooperative hydrogen bonding.
J Polym Sci Pol Chem 1979;17:3485–98.

76. Haglund BO, Joshi R, Himmelstein KJ. An in situ gelling system for parenteral delivery.
J Control Release 1996;41:229–35.

77. Fujiwara T, Mukose T, Yamaoka T, Yamane H, Sakurai S, Kimura Y. Novel thermo-respon-
sive formation of a hydrogel by stereo-complexation between PLLA-PEG-PLLA and PDLA-
PEG-PDLA block copolymers. Macromol Biosci 2001;1:204–8.

78. Koopmans C, Ritter H. Formation of physical hydrogels via Hostâˆ’guest interactions of
Î²-cyclodextrin polymers and copolymers bearing adamantyl groups. Macromolecules 2008;
41:7418–22.

79. Ulijn RV, Smith AM.Designing peptide based nanomaterials. Chem Soc Rev 2008;37: 664–75.
80. Orbach R, Adler-Abramovich L, Zigerson S, Mironi-Harpaz I, Seliktar D, Gazit E. Self-

assembled Fmoc-peptides as a platform for the formation of nanostructures and hydrogels.
Biomacromolecules 2009;10:2646–51.

40 S.E. Grieshaber et al.

2



81. Schnepp ZAC, Gonzalez-McQuire R, Mann S. Hybrid biocomposites based on calcium
phosphate mineralization of self-assembled supramolecular hydrogels. Adv Mater 2006;
18:1869–72.

82. Zhang S, Holmes TC, DiPersio CM, Hynes RO, Su X, Rich A. Self-complementray oligo-
peptide matrices support mammalian cell attachment. Biomaterials 1995;16:1385–93.

83. Holmes TC, de Lacalle S, Su X, Liu GS, Rich A, Zhang SG. Extensive neurite outgrowth and
active synapse formation on self-assembling peptide scaffolds. Proc Natl Acad Sci USA 2000;
97:6728–33.

84. Kisiday J, Jin M, Kurtz B, Hung H, Semino C, Zhang S, et al. Self-assembling peptide
hydrogel fosters chondrocyte extracellular matric production and cell division: implications
for cartilage tissue repair. Proc Nat Acad Sci USA 2002;99:9996–10001.

85. Semino CE, Merok JR, Crane GG, Panagiotakos G, Zhang SG. Functional differentiation of
hepatocyte-like spheroid structures from putative liver progenitor cells in three-dimensional
peptide scaffolds. Differentiation 2003;71:262–70.

86. Hartgerink JD, Beniash E, Stupp SI. Self-assembly and mineralization of peptide-amphiphile
nanofibers. Science 2001;294:1684–8.

87. Hartgerink JD, Beniash E, Stupp SI. Peptide-amphiphile nanofibers: A versatile scaffold for
the preparation of self-assembling materials. Proc Natl Acad Sci USA 2002;99:5133–8.

88. Stupp SI, Donners J, Li LS, Mata A. Expanding frontiers in biomaterials. MRS Bulletin 2005;
30:864–73.

89. Silva GA, Czeisler C, Niece KL, Beniash E, Harrington DA, Kessler JA, et al. Selective
differentiation of neural progenitor cells by high-epitope density nanofibers. Science 2004;
303:1352–5.

90. Schneider JP, Pochan DJ, Ozbas B, Rajagopal K, Pakstis L, Kretsinger J. Responsive
hydrogels from the intramolecular folding and self-assembly of a designed peptide. J Am
Chem Soc 2002;124:15030–7.

91. Ozbas B, Rajagopal K, Schneider JP, Pochan DJ. Semiflexible chain networks formed via self-
assembly of beta-hairpin molecules. Phys Rev Lett 2004;93:268106.

92. Yucel T, Micklitsch CM, Schneider JP, Pochan DJ. Direct observation of early-time hydro-
gelation in beta-hairpin peptide self-assembly. Macromolecules 2008;41:5763–72.

93. Ozbas B, Kretsinger J, Rajagopal K, Schneider JP, Pochan DJ. Salt-triggered peptide folding
and consequent self-assembly into hydrogels with tunable modulus. Macromolecules 2004;
37:7331–7.

94. Kretsinger JK, Haines LA, Ozbas B, Pochan DJ, Schneider JP. Cytocompatibility of self-
assembled [beta]-hairpin peptide hydrogel surfaces. Biomaterials 2005;26:5177–86.

95. Salick DA, Kretsinger JK, Pochan DJ, Schneider JP. Inherent antibacterial activity of a
peptide-based beta-hairpin hydrogel. J Am Chem Soc 2007;129:14793–9.

96. Megeed Z, Cappello J, Ghandehari H. Genetically engineered silk-elastinlike protein poly-
mers for controlled drug delivery. Adv Drug Deliver Rev 2002;54:1075–91.

97. Haider M, Cappello J, Ghandehari H, Leong KW. In vitro chondrogenesis of mesenchymal
stem cells in recombinant silk-elastinlike hydrogels. Pharm Res 2008;25:692–9.

98. Banwell EF, Abelardo ES, Adams DJ, Birchall MA, Corrigan A, Donald AM, et al. Rational
design and application of responsive alpha-helical peptide hydrogels. Nat Mater 2009;8:
596–600.

99. Petka WA, Harden JL, McGrath KP, Wirtz D, Tirrell DA. Reversible hydrogels from self-
assembling artificial proteins. Science 1998;281:389–92.

100. Shen W, Zhang KC, Kornfield JA, Tirrell DA. Tuning the erosion rate of artificial protein
hydrogels through control of network topology. Nat Mater 2006;5:153–8.

101. Kopecek J. Smart and genetically engineered biomaterials and drug delivery systems. Eur J
Pharm Sci 2003;20:1–16.

102. Kopecek J. Hydrogel biomaterials: A smart future? Biomaterials 2007;28:5185–92.

2 Hydrogels in Tissue Engineering 41



103. Wang C, Stewart RJ, Kopecek J. Hybrid hydrogels assembled from synthetic polymers and
coiled-coil protein domains. Nature 1999;397:417–20.

104. Miyata T, Asami N, Uragami T. A reversibly antigen-responsive hydrogel. Nature 1999;
399:766–9.

105. Capila I, Linhardt RJ. Heparin-protein interactions. Angew Chem Int Ed 2002;41:390–412.
106. Fromm JR, Hileman RE, Caldwell EEO, Weiler JM, Linhardt RJ. Pattern and spacing of basic

amino acids in heparin binding sites. Arch Biochem Biophys 1997;343:92–100.
107. Seal BL, Panitch A. Physical polymer matrices based on affinity interactions between peptides

and polysaccharides. Biomacromolecules 2003;4:1572–82.
108. Seal BL, Panitch A. Viscoelastic behavior of environmentally sensitive biomimetic polymer

matrices. Macromolecules 2006;39:2268–74.
109. Yamaguchi N, Kiick KL. Polysaccharide-poly(ethylene glycol) star copolymer as a scaffold

for the production of bioactive hydrogels. Biomacromolecules 2005;6:1921–30.
110. Zhang L, Furst EM, Kiick KL. Assembly of hydrogels with controlled protein delivery

profiles via the use of peptide-polysaccharide interactions. J Control Release 2006;114:
130–42.

111. Yamaguchi N, Zhang L, Chae BS, Palla CS, Furst EM, Kiick KL. Growth factor mediated
assembly of cell receptor-responsive hydrogels. J Am Chem Soc 2007;129:3040–1.

112. Stevens MM, George JH. Exploring and engineering the cell surface interface. Science
2005;310:1135–8.

113. Kong HJ, Alsberg E, Kaigler D, Lee KY, Mooney DJ. Controlling degradation of hydrogels
via the size of cross-linked junctions. Adv Mater 2004;16:1917–21.

114. Freudenberg U, Hermann A, Welzel PB, Stirl K, Schwarz SC, Grimmer M, et al. A star-PEG-
heparin hydrogel platform to aid cell replacement therapies for neurodegenerative diseases.
Biomaterials 2009;30:5049–60.

115. Bencherif SA, Siegwart DJ, Srinivasan A, Horkay F, Hollinger JO, Washburn NR, et al.
Nanostructured hybrid hydrogels prepared by a combination of atom transfer radical poly-
merization and free radical polymerization. Biomaterials 2009;30:5270–8.

116. Jia XQ, Kiick KL. Hybrid multicomponent hydrogels for tissue engineering. Macromol
Biosci 2009;9:140–56.

117. Jha AK, Hule RA, Jiao T, Teller SS, Clifton RJ, Duncan RL, et al. Structural analysis and
mechanical characterization of hyaluronic acid-based doubly cross-linked networks. Macro-
molecules 2009;42:537–46.

118. Huang T, Xu HG, Jiao KX, Zhu LP, Brown HR, Wang HL. A novel hydrogel with high
mechanical strength: A macromolecular microsphere composite hydrogel. Adv Mater 2007;
19:1622–6.

119. Martin L, Alonso M, Girotti A, Arias FJ, Rodriguez-Cabello JC. Synthesis and characteriza-
tion of macroporous thermosensitive hydrogels from recombinant elastin-like polymers.
Biomacromolecules 2009;10:3015–22.

120. Keskar V, Marion NW,Mao JJ, Gemeinhart RA. In vitro evaluation of macroporous hydrogels
to facilitate stem cell infiltration, growth, and mineralization. Tissue Eng A 2009;15:
1695–707.

121. Plieva FM, Ekstrom P, Galaev IY, Mattiasson B. Monolithic cryogels with open porous
structure and unique double-continuous macroporous networks. Soft Matter 2008;4:2418–28.

122. Liu XH, Ma PX. Phase separation, pore structure, and properties of nanofibrous gelatin
scaffolds. Biomaterials 2009;30:4094–103.

123. Chicurel ME, Chen CS, Ingber DE. Cellular control lies in the balance of forces. Curr Opin
Cell Biol 1998;10:232–9.

124. Discher DE, Janmey P, Wang Y-L. Tissue cells feel and respond to the stiffness of their
substrate. Science 2005;310:1139–43.

42 S.E. Grieshaber et al.

2



125. Engler AJ, Griffin MA, Sen S, Bonnetnann CG, Sweeney HL, Discher DE. Myotubes
differentiate optimally on substrates with tissue-like stiffness: pathological implications for
soft or stiff microenvironments. J Cell Biol 2004;166:877–87.

126. Ingber DE. Cellular mechanotransduction: putting all the pieces together again. FASEB J
2006;20:811–27.

127. Kung C. A possible unifying principle for mechanosensation. Nature 2005;436:647–54.
128. Kopecek J. Hydrogels: From soft contact lenses and implants to self-assembled nanomaterials.

J Polym Sci Pol Chem 2009;47:5929–46.
129. Smith KE, Parks SS, Hyjek MA, Downey SE, Gall K. The effect of the glass transition

temperature on the toughness of photopolymerizable (meth)acrylate networks under physio-
logical conditions. Polymer 2009;50:5112–23.

130. Haraguchi K, Farnworth R, Ohbayashi A, Takehisa T. Compositional effects on mechanical
properties of nanocomposite hydrogels composed of poly(N,N-dimethylacrylamide) and clay.
Macromolecules 2003;36:5732–41.

131. Gong JP, Katsuyama Y, Kurokawa T, Osada Y. Double-network hydrogels with extremely
high mechanical strength. Adv Mater 2003;15:1155–8.

132. Tanaka Y, Gong JP, Osada Y. Novel hydrogels with excellent mechanical performance. Prog
Polym Sci 2005;30:1–9.

133. Okumura Y, Ito K. The polyrotaxane gel: A topological gel by figure-of-eight cross-links.
Adv Mater 2001;13:485–7.

134. Osada Y, Gong JP. Soft and wet materials: Polymer gels. Adv Mater 1998;10:827–37.
135. Yang W, Furukawa H, Gong JP. Highly extensible double-network gels with self-assembling

anisotropic structure. Adv Mater 2008;20:4499–503.
136. Zhang C, Aung A, Liao LQ, Varghese S. A novel single precursor-based biodegradable

hydrogel with enhanced mechanical properties. Soft Matter 2009;5:3831–4.
137. Vrhovski B, Weiss AS. Biochemistry of tropoelastin. Eur J Biochem 1998;258:1–18.
138. Aaron BB, Gosline JM. Elastin as a random-netowkr elastomer – a mechanical and optical

analysis of single elastin fibers. Biopolymers 1981;20:1247–60.
139. Fleming WW, Sullivan CE, Torchia DA. Characterization of molecular motions in C13-

labeled aortic elastin by C12-H1 magnetic double resonance. Biopolymers 1980;19:597–617.
140. Gosline JM. Hydrophobic ineraction and a model for elasticity of elastin. Biopolymers

1978;17:677–95.
141. Tamburro AM, Guantieri V. Classical and fractal description of elastin structure. In: Rossi C,

Tiezzi E, editors. Amsterdam: Elsevier; 1991. p. 391.
142. Urry DW, Hugel T, Seitz M, Gaub HE, Sheiba L, Dea J, et al. Elastin: A representative ideal

protein elastomer. Philos Trans R Soc Lond B Biol Sci 2002;357:169–84.
143. Lillie MA, Gosline JM. The effects of hydration on the dynamic mechanical properties of

elastin. Biopolymers 1990;29:1147–60.
144. Eglin D, Mortisen D, Alini M. Degradation of synthetic polymeric scaffolds for bone and

cartilage tissue repairs. Soft Matter 2009;5:938–47.
145. Falco EE, Patel M, Fisher JP. Recent developments in cyclic acetal biomaterials for tissue

engineering applications. Pharm Res 2008;25:2348–56.
146. Kim JK, Lee KW, Hefferan TE, Currier BL, Yaszemski MJ, Lu LC. Synthesis and evaluation

of novel biodegradable hydrogels based on poly(ethylene glycol) and sebacic acid as tissue
engineering scaffolds. Biomacromolecules 2008;9:149–57.

147. Benoit DSW, Durney AR, Anseth KS. Manipulations in hydrogel degradation behavior
enhance osteoblast function and mineralized tissue formation. Tissue Eng 2006;12:1663–73.

148. Jo YS, Gantz J, Hubbell JA, Lutolf MP. Tailoring hydrogel degradation and drug release
via neighboring amino acid controlled ester hydrolysis. Soft Matter 2009;5:440–6.

149. Kasper FK, Tanahashi K, Fisher JP, Mikos AG. Synthesis of poly(propylene fumarate).
Nat Protoc 2009;4:518–25.

2 Hydrogels in Tissue Engineering 43



150. Zhang JX, Skardal A, Prestwich GD. Engineered extracellular matrices with cleavable cross-
linkers for cell expansion and easy cell recovery. Biomaterials 2008;29:4521–31.

151. Kloxin AM, Kasko AM, Salinas CN, Anseth KS. Photodegradable hydrogels for dynamic
tuning of physical and chemical properties. Science 2009;324:59–63.

152. Lutolf MP, Hubbell JA. Synthesis and physicochemical characterization of end-linked poly
(ethylene glycol)-co-peptide hydrogels formed by Michael-type addition. Biomacromolecules
2003;4:713–22.

153. Sakiyama-Elbert SE, Hubbell JA. Functional biomaterials: Design of novel biomaterials.
Annu Rev Mater Res 2001;31:183–201.

154. West JL, Hubbell JA. Polymeric biomaterials with degradation sites for proteases involved in
cell migration. Macromolecules 1999;32:241–4.

155. Lutolf MP, Lauer-Fields JL, Schmoekel HG, Metters AT, Weber FE, Fields GB, et al.
Synthetic matrix metalloproteinase-sensitive hydrogels for the conduction of tissue regenera-
tion: Engineering cell-invasion characteristics. Proc Natl Acad Sci USA 2003;100:5413–8.

156. Lutolf MP, Raeber GP, Zisch AH, Tirelli N, Hubbell JA. Cell-responsive synthetic hydrogels.
Adv Mater 2003;15:888–92.

157. Li Q, Wang J, Shahani S, Sun DDN, Sharma B, Elisseeff JH, et al. Biodegradable and
photocrosslinkable polyphosphoester hydrogel. Biomaterials 2006;27:1027–34.

158. Wachiralarpphaithoon C, Iwasaki Y, Akiyoshi K. Enzyme-degradable phosphorylcholine
porous hydrogels cross-linked with polyphosphoesters for cell matrices. Biomaterials 2007;
28:984–93.

159. Wang DA, Williams CG, Yang F, Cher N, Lee H, Elisseeff JH. Bioresponsive phosphoester
hydrogels for bone tissue engineering. Tissue Eng 2005;11:201–13.

160. Lutolf MP, Hubbell JA. Synthetic biomaterials as instructive extracellular microenvironments
for morphogenesis in tissue engineering. Nat Biotechnol 2005;23:47–55.

161. Gullberg D, Ekblom P. Extracellular matrix and its receptors during development. Int J Dev
Biol 1995;39:845–54.

162. Hersel U, Dahmen C, Kessler H. RGD modified polymers: Biomaterials for stimulated cell
adhesion and beyond. Biomaterials 2003;24:4385–415.

163. Kraehenbuehl TP, Zammaretti P, Van der Vlies AJ, Schoenmakers RG, Lutolf MP, Jaconi ME,
et al. Three-dimensional extracellular matrix-directed cardioprogenitor differentiation: Sys-
tematic modulation of a synthetic cell-responsive PEG-hydrogel. Biomaterials 2008;29:
2757–66.

164. Halstenberg S, Panitch A, Rizzi S, Hall H, Hubbell JA. Biologically engineered protein-graft-
poly(ethylene glycol) hydrogels: A cell adhesive and plasm in-degradable biosynthetic
material for tissue repair. Biomacromolecules 2002;3:710–23.

165. Gonen-Wadmany M, Oss-Ronen L, Seliktar D. Protein-polymer conjugates for forming
photopolymerizable biomimetic hydrogels for tissue engineering. Biomaterials 2007;28:
3876–86.

166. Peyton SR, Kim PD, Ghajar CM, Seliktar D, Putnam AJ. The effects of matrix stiffness and
RhoA on the phenotypic plasticity of smooth muscle cells in a 3-D biosynthetic hydrogel
system. Biomaterials 2008;29:2597–607.

167. Schmidt O, Mizrahi J, Elisseeff J, Seliktar D. Immobilized fibrinogen in PEG hydrogels does
not improve chondrocyte-mediated matrix deposition in response to mechanical stimulation.
Biotechnol Bioeng 2006;95:1061–9.

168. Shapira-Schweitzer K, Seliktar D. Matrix stiffness affects spontaneous contraction of cardi-
omyocytes cultured within a PEGylated fibrinogen biomaterial. Acta Biomater 2007;3:33–41.

169. Sarig-Nadir O, Seliktar D. Compositional alterations of fibrin-based materials for regulating
in vitro neural outgrowth. Tissue Eng A 2008;14:401–11.

44 S.E. Grieshaber et al.

2



170. Dikovsky D, Bianco-Peled H, Seliktar D. The effect of structural alterations of PEG-fibrino-
gen hydrogel scaffolds on 3-D cellular morphology and cellular migration. Biomaterials 2006;
27:1496–506.

171. Laurent TCE. The Chemistry, Biology, and Medical Applications of Hyaluronan and its
Derivatives. Miami: Portland Press; 1998.

172. Leach JB, Schmidt CE. Characterization of protein release from photocrosslinkable hyalu-
ronic acid-polyethylene glycol hydrogel tissue engineering scaffolds. Biomaterials 2005;
26:125–35.

173. Varghese OP, Sun WL, Hilborn J, Ossipov DA. In situ cross-linkable high molecular weight
hyaluronan-bisphosphonate conjugate for localized delivery and cell-specific targeting: A
hydrogel linked prodrug approach. J Am Chem Soc 2009;131:8781–3.

174. Gerecht S, Burdick JA, Ferreira LS, Townsend SA, Langer R, Vunjak-Novakovic G. Hyaluronic
acid hydrogen for controlled self-renewal and differentiation of human embryonic stem cells.
Proc Natl Acad Sci USA 2007;104:11298–303.

175. Chung C, Beecham M, Mauck RL, Burdick JA. The influence of degradation characteristics
of hyaluronic acid hydrogels on in vitro neocartilage formation by mesenchymal stem cells.
Biomaterials 2009;30:4287–96.

176. Jia XQ, Burdick JA, Kobler J, Clifton RJ, Rosowski JJ, Zeitels SM, et al. Synthesis and
characterization of in situ cross-linkable hyaluronic acid-based hydrogels with potential
application for vocal fold regeneration. Macromolecules 2004;37:3239–48.

177. Masters KS, Shah DN, Leinwand LA, Anseth KS. Crosslinked hyaluronan scaffolds as
a biologically active carrier for valvular interstitial cells. Biomaterials 2005;26:2517–25.

178. Cai S, Liu Y, Zheng Shu X, Prestwich GD. Injectable glycosaminoglycan hydrogels for
controlled release of human basic fibroblast growth factor. Biomaterials 2005;26:6054–67.

179. Serban MA, Prestwich GD. Synthesis of hyaluronan haloacetates and biology of novel cross-
linker-free synthetic extracellular matrix hydrogels. Biomacromolecules 2007;8:2821–8.

180. Farran AJE, Teller SS, Jha AK, Hule R, Jiao T, Clifton RJ, et al. Three Dimensional culture
of vocal fold fibroblasts: Effects of matrix composition and microstructure on cellular func-
tions. Tissue Eng Epub ahead of print; PMID: 20064012.

181. Biondi M, Ungaro F, Quaglia F, Netti PA. Controlled drug delivery in tissue engineering.
Adv Drug Deliv Rev 2008;60:229–42.

182. Oh JK, Drumright R, Siegwart DJ, Matyjaszewski K. The development of microgels/nanogels
for drug delivery applications. Prog Polym Sci 2008;33:448–77.

183. GoldbergM, Langer R, Jia XQ. Nanostructured materials for applications in drug delivery and
tissue engineering. J Biomater Sci Polym Ed 2007;18:241–68.

184. Farach-Carson MC, Hecht JT, Carson DD. Heparan sulfate proteoglycans: key players in
cartilage biology. Crit Rev Eukaryot Gene Expr 2005;15:29–48.

185. Jha AK, Yang WD, Kirn-Safran CB, Farach-Carson MC, Jia XQ. Perlecan domain I-conju-
gated, hyaluronic acid-based hydrogel particles for enhanced chondrogenic differentiation
via BMP-2 release. Biomaterials 2009;30:6964–75.

186. Norton LW, Tegnell E, Toporek SS, Reichert WM. In vitro characterization of vascular
endothelial growth factor and dexamethasone releasing hydrogels for implantable probe
coatings. Biomaterials 2005;26:3285–97.

187. Holland TA, Tabata Y, Mikos AG. In vitro release of transforming growth factor-beta 1 from
gelatin microparticles encapsulated in biodegradable, injectable oligo(poly(ethylene glycol)
fumarate) hydrogels. J Control Release 2003;91:299–313.

188. Holland TA, Tabata Y, Mikos AG. Dual growth factor delivery from degradable oligo(poly
(ethylene glycol) fumarate) hydrogel scaffolds for cartilage tissue engineering. J Control
Release 2005;101:111–25.

2 Hydrogels in Tissue Engineering 45



189. Holland TA, Bodde EWH, Baggett LS, Tabata Y, Mikos AG, Jansen JA. Osteochondral repair
in the rabbit model utilizing bilayered, degradable oligo(poly(ethylene glycol) fumarate)
hydrogel scaffolds. J Biomed Mater Res A 2005;75A:156–67.

190. Park H, Temenoff JS, Holland TA, Tabata Y, Mikos AG. Delivery of TGF-beta 1 and
chondrocytes via injectable, biodegradable hydrogels for cartilage tissue engineering applica-
tions. Biomaterials 2005;26:7095–103.

191. Huebsch N, Mooney DJ. Inspiration and application in the evolution of biomaterials. Nature
2009;462:426–32.

46 S.E. Grieshaber et al.

2



Fibrous Scaffolds for Tissue Engineering 3
Wan-Ju Li and James A. Cooper Jr.

Contents

3.1 Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 48
3.2 Rationale for Using Fibers as a Scaffolding Material . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 49

3.2.1 Favorable Structural Properties . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 49
3.2.2 Imitation of Extracellular Matrix . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 49
3.2.3 Structural and Property Versatility . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 50

3.3 Microfibrous Scaffolds . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 50
3.3.1 Fabrication . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 50
3.3.2 Biomedical Applications . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 54

3.4 Nanofibrous Scaffolds . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 57
3.4.1 Fabrication . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 58

3.5 The Electrospinning Technique . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 60
3.5.1 Setup . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 60
3.5.2 Fabrication and Properties of Electrospun Nanofibrous Scaffolds . . . . . . . . . . . . . . . . . 61
3.5.3 Biological Enhancement with Nanofibrous Scaffold . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 63
3.5.4 Biomaterials for Nanofibrous Scaffolds . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 64
3.5.5 Comparison Between Microfibrous and Nanofibrous Scaffolds . . . . . . . . . . . . . . . . . . . 65
3.5.6 Nanofibrous Scaffolds for Tissue Engineering Applications . . . . . . . . . . . . . . . . . . . . . . 66

3.6 Future Directions . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 68
References . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 69

Abstract Fibers are a continuous material structure that have an extremely high ratio of
length to width, and are particularly suitable for fabrication into biomaterial scaffolds for
tissue engineering since fibrous structures can morphologically resemble extracellular
matrix components in tissues. In addition, fibers can be collected and processed into
complex fibrous networks using conventional textile techniques, such as knitting, weaving,
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or braiding, to create three-dimensional (3D) structures with improved structural and
mechanical properties. Recently, there is a growing interest in using nanofabrication
techniques to fabricate nanometer-sized fibers for tissue engineering. Nano-sized fibers
exhibit enhanced physical and biological properties that are favorable for effective bioma-
terial scaffolds, compared to micro-sized fibers. While great progress using fibrous scaf-
folds to grow various human tissues has been made, it is important for scaffold-based tissue
engineering to develop the next generation “smart” scaffolds capable of promoting cell-
matrix interactions through a bio-inspired surface, and inducing favorable biological
activity via controlled release of incorporated biological molecules.

Keywords Microfiber l Nanofiber l Scaffold l Tissue engineering

3.1
Introduction

The use of fibrous biomaterials date back to the ancient Egyptians and American Indians.
These biomaterials were among the earliest materials processed in ancient times into textile
structures for medical devices, such as bandages and sutures [1–3]. The Egyptians used
fibers to draw wounds together, and the American Indians used horse hair, cotton and
leather for the same purpose [1–3]. Fibrous biomaterials with the versatility of being
fabricated into structures with unique hierarchical architectures have been extensively
used in medical applications during modern times. Specifically, over the past few decades
with the advent of polymer and fiber processing technologies, fibrous biomaterials have met
with success in wound healing, implantation, and tissue engineering.

Fibers are a continuous material structure that have an extremely high ratio of length to
width. Fibers can be made of continuous or short-length monofilaments and multifilaments.
Filaments are the basic unit of fibrous biomaterials, and are usually circular in shape but can
be in other extruded shapes as well. The filaments can be natural or synthetic polymers,
degradable or non-degradable. Once the fibers are formed of filaments, they can be
processed into textile structures for various biomedical applications.

Textile processing techniques allow fibers to be fabricated into more complex fibrous
structures. Two-dimensional (2D) and 3D textiles are made by interlacing, intertwining or
interloping fibers. By fabricating textiles with various arrangements of fiber architecture,
the structure can have a wide range of pore sizes and geometries, and structural properties.
Textiles can be fabricated into 3D structures with knitted, woven, non-woven, felted,
plaited, and braided fibers. The 3D textiles are porous structures that have been shown to
support tissue ingrowth in tissue engineering and regeneration applications. For example,
tendon and ligament prostheses are usually made of flexible textile structures that consist of
woven or braided microfibers. These textile structures are usually highly porous, which
helps the transportation of oxygen and nutrients throughout the structure for cell growth,
and allows the regeneration of a new tissue between the pores. Physically, the structures
composed of the well-integrated fiber network are able to handle the biomechanical demand
for ligaments and tendons.
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This chapter is focused on discussing the importance of using fibrous structures as tissue
engineered scaffolds, introducing two types of fibrous biomaterial matrices, microfibrous
and nanofibrous scaffolds, comparing their potential of biological regulation, and finally
discussing the scaffold fabrication methods, properties, and biomedical applications.

3.2
Rationale for Using Fibers as a Scaffolding Material

3.2.1
Favorable Structural Properties

For tissue engineering applications, a biomaterial scaffold made of a biodegradable polymer
should be a 3D, porous structure that functions to accommodate cells and support tissue
mechanics. In the past few years, many different structured scaffolds have been developed to
culture cells for various types of tissue engineering applications [4]. These 3D, porous
scaffolds, including sphere-, sponge-, gel-, and fiber-based structures produced by different
fabrication approaches have a wide spectrum of properties owing to their distinct structural
architecture. Among these structures, fibers are particularly suitable for being fabricated into
biomaterial scaffolds since fibrous structures can morphologically resemble collagen fibers
that are the major extracellular matrix (ECM) component in tissues. In addition, fibers can be
fabricated into different lengths, diameters, and shapes to meet specific requirements of
scaffolds for various tissue engineering applications. For example, emerging nanofabrication
techniques, such as electrospinning, have been used to produce nanometer-scaled fibers
dimensionally similar to collagen fibrils, whereas conventional fiber spinning techniques are
utilized to produce larger, micrometer-sized fibers [5]. In addition, scaffolds made of fibers are
predisposed to have a larger surface area, as compared to other structured scaffolds, and the
availability of a larger surface can be beneficial to accommodate more cells in the scaffold. In
general, fibrous scaffolds are highly porous and pores in the structure are well interconnected.
These structural properties make fibrous scaffolds favorable for tissue engineering.

3.2.2
Imitation of Extracellular Matrix

Collagen is the most abundant protein that provides the structural framework of many
tissues in our body and holds responsibility for shape and biomechanical properties, such as
tensile properties. There are 27 different collagens that have been identified in vertebrates
and each of them has its unique biochemical composition and structural feature [6]. Among
all of the distinct collagens, collagen type I is the most plentiful collagen and can be found
in bone, dermis, tendon, ligament, cornea, and most other tissues. Structurally, a microme-
ter-sized collagen type I fiber is a hierarchical macromolecule assembled of nanometer-
sized collagen fibrils, and each collagen fibril is composed of procollagens, a triple helix
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structure formed of two a1(I) and one a2(I) polypeptides [7]. Previous experimental results
showed that the average diameter of a collagen type I fibril was around 100 nm [8], and with
the fibrils assembling into a collagen fiber, the average diameter of the collagen fiber could
range from 1 to 100 mm [9]. Notably, the hierarchical structure of a collagen fiber that is
assembled of multiple smaller fibrils can effectively strengthen tensile properties of the
fiber, which is important for collagen fibers to successfully carry out the mechanical role in
tissues with high mechanical demand, such as tendon or ligament. The tensile modulus
increases from collagen fibers (54 � 25 MPa) to tendon tissue (1390 � 53 MPa) with the
level of structural complexity [9]. Artificial fibers fabricated by the emerging nanofabrica-
tion technique have been shown to morphologically and mechanically resemble native
collagen fibrils. For example, ultra-fine fibers, both synthetic and natural, with the diameter
of a few to several hundreds nanometers can be fabricated to imitate the size of collagen
fibrils. Mechanical properties of the nano-sized fibers comparable with those of native
collagen fibrils can be tailored with careful selection of materials and fabrication approaches
[10]. With the capability of closely imitating natural ECM morphology, fiber is a suitable
material form for scaffold fabrication.

3.2.3
Structural and Property Versatility

Another advantage of using fibers as a tissue engineered scaffold is that fibers can be collected
and processed into a complex structure using conventional textile techniques, such as knitting,
weaving, or braiding. These techniques integrate linear, individual fibers into a fibrous
network to create a 2D or 3D fabric with improved structural and mechanical properties.
Depending on the type of technique used to process fibers, the fabrics have distinct fibrous
structures and properties. Interestingly, the finished textile structure often features enhanced
macroscopic properties, such as improved mechanical properties [11], while still retaining
microscopic properties of the composing fibers, such as fiber texture. For example, fibers
(primary structure) can be collected and made into a fiber bundle known as a yarn (secondary
structure), and the multiple yarns can be weaved, knitted, or braided into woven structures
(tertiary structure) (Fig. 3.1). The braided fabric may be ideal as a tissue engineered scaffold
because it has the microscopic fiber texture that may be favorably recognized by cells as
collagen fibers, and also features a hierarchical fibrous structure as a tissue scaffold mimic,
providing sufficient mechanical strength through the fiber integration approach.

3.3
Microfibrous Scaffolds

3.3.1
Fabrication

Microfibers used in medical textile applications are made from natural polymers, such
as silk, chitosan, alginate, cotton, wool and collagen, and synthetic polymers include
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non-biodegradable polymers, such as polyethylene, polypropylene, polytetrafluoroethylene,
nylon, aramids and polyethylene terephthalate, as well as biodegradable polymers, such as
polyglycolide (PGA), polylactide-co-glycolide (PLGA), polylactide (PLA), poly(p-dioxa-
none), and poly(alkylene oxalates). Examples of techniques used to process the raw material
into microfibers which can be handled and fabricated into scaffolds are extrusion, fiber
spinning, rapid prototyping, and various textile processing techniques [3, 12].

3.3.1.1
Polymer Extrusion

Polymer extrusion is a fabrication process based on the ability of the material to undergo a
plastic deformation. A screw moves within a heated chamber that is filled with pellets of the
polymer causing them to melt and mix into a continuous stock. This stock fluid is viscous
and is fed through an orifice and cooled by air or water to solidify the shape of the polymer.
The extrusion method is used to make polymeric fibers which can then be used to fabricate
particular scaffolds.

3.3.1.2
Fiber Spinning

Another technique used to produce microfibrous materials is called fiber spinning. Fiber
spinning is a modification of the extrusion process in which the molten polymer is pumped
through a spinneret which is usually a plate with many holes to form single fibers upon
cooling. The strength and size of these fibers during fabrication can be tailored by drawing

Fig. 3.1 Illustration of the hierarchical structure of a braided fibrous material. The tertiary structure
of a braided fibrous material is composed of the secondary structure of fiber bundles that is made of
the primary structure of fibers
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and applying tension on the fibers along its main extruding axis. Fibers made through the
fiber spinning process have been used to fabricate vascular, ligament, and tendon grafts. In
addition, these fibers have been used to make microfibrous scaffolds to provide cells with
3D topography by weaving, knitting, and braiding. These microfibrous scaffolds are
fabricated with desired porosity for tissue ingrowth depending on the diameter and packing
density of the fibers.

3.3.1.3
Rapid Prototyping

Most recently, rapid prototyping has been used to produce ordered 3D structures that
possess an intricate network of fibers and interconnected pores. The fabrication of tissue
engineered fibrous scaffolds begins with generating a mold with the architecture identical to
a target tissue scanned by magnetic resonance imaging (MRI) or computed tomography
(CT). These models are then used with rapid prototyping techniques, such as stereolitho-
graphy, fused deposition modeling (FDM- extrusion process), 3D printing (3-DP-inkjet
printing process), laminated object manufacturing (LOM), and selective laser sintering
(SLS), to produce layered laminated fibrous structures [3, 12, 13]. The thickness of the
layers is hundreds of microns after the polymer fibers are deposited on an x–y base platform
in multiple layers. The development of fibrous scaffolds by these methods has been used to
investigate bone tissue engineering.

3.3.1.4
Various Textile Processing Techniques

The fabrication of textile structures of knitted, woven, non-woven and braids provide the
options which can be used to develop fibrous scaffolds. These techniques commonly used
in textile industry are considered a post-fabrication process to manipulate fibers to produce
3D fibrous scaffolds with different structures and properties.

Knitted fabrics are interlooped structures wherein the knitting loops are either produced
by the introduction of the knitting yarn in the cross machine direction (weft knit), or along
the machine direction (warp knit), producing a large number of stitch geometries. A wide
range of pore geometries can be generated by controlling the stitch (loop) density [14]. The
maximum fiber packing density of knitted structures is lower than that of the woven fabrics
because of interloped nature. The high level of conformability and porosity of weft knitted
fabrics make them ideal candidates for vascular implants [15, 16].

Woven fabrics are fabricated by interlacing yarns and there are hundreds of possible
woven fabric combinations. The fiber orientation of woven fabrics can be divided into
biaxial and triaxial woven structures. Biaxial weaves consist of 0� and 90� yarns interlaced
in various repeating patterns [14], whereas the triaxial weave is the 90 � 60� hexagonal
yarn orientation in one plane, resulting in a high level of in-plane shear resistance. High
levels of isotropy and dimensional stability can be achieved with triaxial weave at a very
low fiber volume fraction [14].
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Nonwoven textiles are manufactured by a process of direct conversion of fibers to fabrics.
The two major classes of nonwovens are chemically and mechanically bonded, the mechan-
ically bonded systems tend to be high bulk, thick and nonporous. The chemically bonded
nonwovens tend to be more paper-like, thin, low bulk and less porous. As a result, the
mechanically bonded nonwovens are more permeable, extensible, and compressible, and
have higher extensibility than chemically bonded nonwovens [14].

Braids are textile structures produced by intertwining two or more yarns together. The
braiding process is one of the oldest technologies known to man, which includes hair, rope,
and art forms of ancient civilizations. In the eighteenth century, braiding turned from an art
to a scientific technology when Weber-Partenheimer developed the first braiding machine
[17]. Braiding technology is used in many critical applications due to its structural integrity,
durability, design flexibility, and precision [17, 18]. Braided fabrics can be formed into a flat
or tubular shape. The biasing of the interlacing yarns can make them conformable, shear
resistant and tolerant to impact damage (3D braid) [17–21]. The geometric parameters
which determine the shape and fiber architecture of braids include braiding angle distribu-
tion, yarn volume fraction, and if a mandrel is used, coverage factors. The braiding angle
can range from 5� to 85� theoretically, but because of geometric limitations of yarn
jamming, the braiding angle depends on yarn size and mandrel diameter, as presented by
Ko [21]. These parameters also include the number of carriers and braiding yarn width.
Braids have been used in medical applications such as sutures and ligaments because of
their high level of torsional stability. Braid geometry is defined by the braiding angle, which
is half the angle of the intertwining between yarn systems with respect to the braiding
direction [17, 18]. Tightness of the braid is represented by the frequency of intertwining.
The distance between intertwining points is known as the pick spacing. The basic formation
technique of braiding is the intertwining of yarn carriers on a track plate through position
displacement. The carriers control the tension of the braiding yarns and they are attached to
a forming point to control the dimension and shape. A braided structure with two braiding
yarns in the thickness is considered 2D braiding. Three-dimensional braiding is when three
or more braiding yarns in the thickness of the fabric are used to form an integral braided
structure. Three-dimensional braids for composites were first developed in the late 1960’s
during the development of a multidirectional reinforced composite for aerospace applica-
tions [17, 18, 21]. The 3D braided structure is a 3D network of continuous, yarn bundles
with a fibrous architecture oriented in various directions. The internal structure of the 3D
braid is characterized by continuous fibers oriented and integrated in three or more direc-
tions. These braids have more than three yarn bundle diameters in the through-thickness
direction that enable it to be distinguished from the 2D braided structures that gain thickness
through intertwining multiple layers of fabric together. The 3D braiding system can produce
thin and thick structures in a wide variety of shapes through the selection of yarn bundle
sizes and braided architecture.

There are two types of braiding looms used in 3D braiding, circular machines for hollow
shapes and rectangular machines for solid rectangular shapes. Studies have explored
braided structures toward the formation of 3D braided structures to replace anterior cruciate
ligaments [16, 22–24]. The 3D braided composites like other traditional 2D braided
composites have mechanical properties that are dependent on fiber orientation and volume
fraction. Theoretically, it has been determined that the maximum fiber volume fraction or
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volume of fiber packing in a 3D braided composite is approximately 68% without distortion
[19, 21]. The theoretical braiding angle of 55� or larger is greater than the experimental
braiding angle because the theoretical angle does not take into account the physical proper-
ties of the fiber such as flexibility. It has been shown that the tensile strength and modulus of
the 3D braid composites tend to increase as fiber bundle size increases. This is due to the
relationship between fiber bundles and fiber orientation. For example, the use of large fiber
bundle sizes can produce lower crimp or lower fiber angles that correspond to higher
strength and modulus. The circular braids are usually higher in tensile strength and modulus
compared to rectangular braids due to the straight configuration of their longitudinal yarns,
whereas rectangular braids have crimps in their longitudinal yarns [21].

Previous ligament prostheses have been made of flexible composites consisting of fibers
that have been woven or braided into structures. These composite structures as tissue
protheses have problems of poor tissue integration, poor abrasion resistance and fatigue
failure [25]. On the other hand, 3D braided structures can overcome some of these problems
through the development of an interconnected network of porous structures that help the
transportation of oxygen and nutrients throughout the implant site. The flexible, porous 3D
braids allow the regeneration of new tissue between the pores and serve as scaffolds for cell
proliferation. These 3D fibrous braids must also handle the biomechanical stresses of
ligaments. Moreover these 3D braided structures are suitable for this application because
they are more durable to fatigue and impact resistance, compared to 2D braided composites.
This gives the 3D braided structures high damage resistance during the initial implantation
period as the body adjusts to the implant. Therefore, the circular and rectangular 3D
braiding processes mentioned above would be beneficial to the construction of an artificial
ligament replacement. The 3D braids have sufficient strength and high flexibility in the
longitudinal direction and are able to reduce or prevent the damage that normally causes
severe fragmentation in other braided structures placed in the body [25].

3.3.2
Biomedical Applications

Fibrous biomaterials are used externally and internally for medical applications. External
applications of woven and nonwoven textiles include wound dressings, surgical garments,
sheets, and adhesive tapes. Internal applications are primarily used in wound repair and soft
tissue replacements [3, 12, 15, 16].

3.3.2.1
Wound Healing

Fibrous biomaterials for surgical applications include sutures to close wounds and fabrics
for wound dressings and soft tissue support. Sutures are available as monofilaments and
multifilament braids and used to provide a sufficient level of strength to close wound or
compress blood vessels in order to stop bleeding. Sutures can be composed of biodegrad-
able PGA or nondegradable polypropylene. In the case of soft tissue support interwoven
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patches can be used to allow platelets and clotting factors to adhere over areas of bleeding.
Medical textiles made of fibrous materials are also used in reconstructive surgery as
implants. For example, hernia mesh made of polypropylene and PLA have been used to
reinforce the muscles in the abdomen for hernia repair [26–28].

3.3.2.2
Cardiovascular Implant

Cardiovascular applications of fibrous biomaterials include vascular grafts, prosthetic heart
valves, and heart assist devices. Voorhees and associates first postulated to replace diseased
blood vessels with synthetic grafts [29]. This study led to the use of Dacron (polyethylene
terephthalate) and expanded (polytetrafluoroethylene (ePTFE)) grafts in cardiovascular
surgery [30]. Dacron and ePTFE have been successful for large diameter blood vessel
replacement but smaller vessel grafts developed with these materials have the problems of
thrombosis. Tissue engineered vascular grafts have been fabricated from novel bioabsorb-
able polymers (PGA/poly-4-hydroxybutyrate) and sequentially seeded with bovine vascular
myofibroblasts and endothelial cells [31]. In this particular study, the mechanical properties
of pulsed vascular grafts comprised supra-physiological burst strength and suture retention
strength appropriate for surgical implantation. It demonstrates the feasibility of tissue
engineering of viable, surgically implantable small caliber vascular grafts and the important
effect of a biomimetic in vitro environment on tissue maturation and ECM formation [31].
Studies by Niklason and associates have also shown the effectiveness of pulsatile flow
conditions using biodegradable polymeric meshes for vascular grafts [32]. Developing
cardiovascular implants with favorable porosity, hemocompatibility, and mechanical com-
pliance, is a challenge but can be achieved using fibrous composite scaffolds. The proper
selection of biodegradable fibrous materials will allow the development of functional tissue
engineered cardiovascular scaffolds by providing a proper environment for cells to differ-
entiate and regenerate the tissue.

3.3.2.3
Musculoskeletal Tissue Engineering

Fibrous porous mats have been used as scaffolds for tissue ingrowth and stabilization for
orthopaedic, reconstructive and maxillofacial surgeries. Musculoskeletal applications of
fibrous scaffolds have been focused on skin, cartilage, tendon, rotator cuff, muscle, and
ligament [33]. In general, fibrous scaffolds must follow the same requirements of tissue
engineering scaffolds: being biodegradable to allow for tissue regeneration, being porous
to maintain space for tissue ingrowth and nutrient transport, supporting cell adhesion so
that cells can attach and proliferate, supplying signaling factors to guide and regulate the
cells in the regenerated tissue, and lastly being the load bearer in mechanically active
sites.

An excellent example of a fibrous scaffold that meets these requirements during
regeneration is the ligament replacement. Scaffolds used for the ligament regeneration
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require high tensile strength and adequate elasticity to handle the cyclic loading and
contraction. The scaffold must also transfer the biodynamic stresses to the neo-ligament
tissue so that no stress shielding occurs. In previous studies, it has been shown that fibrous
biomaterial and scaffolds are critical to the success or failure of the ligament replacement
[22, 24, 25]. Analysis of failed fibrous scaffolds for ligament replacement by Guidion and
associates has shown how important scaffold design and material properties are for tissue
infiltration and regeneration of ligament [25]. In other studies by Cooper and associates,
the design of fibrous scaffolds was described and ligament regeneration was assessed in a
rabbit model using a ED braided fibrous scaffold [24, 33–36]. In Fig. 3.2, a scanning
electron microphotograph is shown as an example that illustrates the interwoven yarns
form a 3D rectangular braided structure. In 3D braiding, pores are created in the space
between the intertwoven yarns in an orderly orientation with a braiding angle. In Fig. 3.3,
a photograph of a 3D braided scaffold designed as a ligament replacement for a rabbit
model is shown. The center of the replacement has an open porous structure to allow for
anterior cruciate ligament replacement and tissue ingrowth for regeneration. The ends of
the fibrous scaffold have a tighter braiding angle to handle the rigors of fixation within
the bone tunnel and to allow for bone tissue ingrowth after the ligament replacement is
implanted.

Fibrous scaffolds have also been used in the regeneration of cartilage tissue. Previous
studies have used nonwoven mesh scaffolds of PGA fibers to produce cartilage in vitro [36,
37]. Currently, Moutos and associates have developed a microscaled 3D weaving technique
to produce anisotropic 3D woven structures for novel composite scaffolds that are infil-
trated with a chondrocyte–hydrogel mixture to create cartilage tissue constructs [38].
Briefly, these scaffolds showed mechanical properties of the same order as native articular
cartilage. These scaffolds show the unique potential of fibrous structures for load-bearing
immediately after the implantation in vivo with biological support for cell-based tissue

Fig. 3.2 Scanning electron photomicrograph of the surface yarns of a polylactide 4 � 12 three-
dimensional rectangular braid
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regeneration without requiring cultivation in vitro [12, 38]. Therefore, the development of
fibrous scaffolds with the functional mechanical compliance can lead the success tissue
engineered scaffolds that require less pre-conditioning before implantation.

3.4
Nanofibrous Scaffolds

In recent years, there is a growing interest in using nanofabrication techniques to fabricate
nanometer-sized fibers for tissue engineering. The upward trend can be found from the
increasing number of scientific publications containing the keywords “nanofiber” and
“tissue engineering” when performing the PubMed search; the number increases from 5
to 149 during the first decade of the 2000s. With the properties of high porosity, variable
pore-size distribution, high surface area-to-volume ratio, and morphological similarity to
natural collagen fibrils, nanofibrous scaffolds are promising in enhancing biologically
favorable cell-matrix interactions [5]. It is anticipated that the growing interest of using
nanofibrous scaffolds for tissue engineering will continue and more breakthrough findings
will be revealed.

A number of techniques based on different physics principles have been developed to
fabricate structures comprising nanometer-sized fibers. These techniques including but not
limited to phase separation [39], self-assembly [40], and electrospinning [41], use either the
bottom-up (i.e., materials are assembled molecule by molecule) or top-down (i.e., materials
are broken down into their respective components) approach to fabricate the ultra-fine
fibers. Nanofibrous structures fabricated by different techniques have distinct fiber
morphologies and mechanical properties that can be used for meeting the specific needs
of various engineered tissues.

Fig. 3.3 A photograph of a polylactide, three-dimensional 5 � 5 square braid developed for
ligament regeneration research in an in vivo rabbit model study; open structure substitute for
intra-articular anterior cruciate ligament and tighter braided edge region for bone tunnel fixation
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3.4.1
Fabrication

3.4.1.1
Phase Separation

Phase separation is a relatively simple technique that uses the principle of thermally induced
phase separation to fabricate nanofibrous scaffolds. In the process, the polymer is dissolved
in a solvent, and then the resulting polymer solution is quenched to form two phases, a
polymer-rich and a polymer-lean solvent phase. The solvent in the polymer-lean solvent
phase is then removed by sublimation, extraction, or evaporation, leaving the polymer-rich
phase behind and forming a porous polymeric scaffold. Depending on the type of solvent
and polymer, the quenching temperature, and the concentration of polymer solution used in
the fabrication process, the morphology of structure and the diameter of nanofiber can be
greatly affected. For example, Zhang et al. fabricated poly(L-lactic acid) (PLLA) nanofi-
brous scaffolds from 1 to 5% (W/V) PLLA/Tetrahydrofuran (THF) solutions [42]. The
diameters of nanofibers in the nanofibrous scaffolds are in the range of 50–500 nm, but the
1% PLLA scaffold was more porous and less strong than the 5% one. Interestingly, though
phase separation-fabricated nanofibrous scaffolds feature the high porosity of 98%, pore
space between nanofibers are relatively small for cells to migrate through. An alternative
approach has been introduced to increase pore size of the scaffold by adding porogens, such
as sugar, salt particles, or paraffin spheres, into the polymer solution before the fabrication
[39]. The phase separation approach can create both micro- and nano-architecture in
nanofibrous scaffolds for enhancing even cell distribution and efficient mass transport.

Phase separation-fabricated nanofibrous scaffolds have been seeded with the MC3T3-E1
mouse osteoblasts for potential bone tissue engineering applications [43]. The research results
show that PLLA nanofibrous scaffolds significantly enhance expression of bone markers,
such as osteocalcin, bone sialoprotein, and alkaline phosphatase, compared to PLLA films,
suggesting that the architectural feature of a nanofibrous scaffold affects cell activities and
phase separation-fabricated nanofibrous scaffolds are promising for bone tissue engineering.

3.4.1.2
Self-Assembly

Self-assembly is a process in which molecules are spontaneously organized into an
aggregate with a well-defined structure. Many biological molecules in our body tend to
use the mechanism to stabilize their structure, prevent degradation, or form a structure
required for specific biological activities. For example, lipid molecules can spontaneously
aggregate into micelles in an aqueous solution. Recently, the principle of self-assembly
has been applied to fabricate nanometer-sized fibers using synthesized molecules with the
well-defined chemistry for applications of 3D culture or tissue engineered scaffolds [44].
The most extensively investigated molecules are oligopeptides with complementary
positive- and negative-charged, and hydrophilic and hydrophobic residues. When
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dissolved in an aqueous solution, the charge-complementary oligopeptides spontaneously
assemble into a macrostructure forming a nanofiber [45]. Compared to the phase separa-
tion technique that is based on a top-down approach, self-assembly uses a bottom-up
approach to fabricate nanofibers. Giving that nanofibers are formed by the different
mechanisms, scaffolds fabricated using the two techniques have distinct physical and
chemical properties. For example, scaffolds made of self-assembly nanofibers are in a gel-
form whereas those made of phase separation nanofibers are in a dehydrated-form.

The self-assembly process forming nanofibers can be best described as a process
similar to putting pieces of Legos together into a large assembly. In the assembly
process, the molecular Legos, oligopeptides, are self-assembled via weak, non-covalent
bonds, i.e., ionic bonds, hydrophobic interactions, van der Waals interactions, and water-
mediated hydrogen bonds [44]. To date, much of the work on self-assembly in tissue
engineering has been focused on the fabrication of 3D nanofibrous scaffolds using
amphiphilic peptides. One of the samples is the commercially available product, Pur-
aMatrix. This product uses 16 amino acid oligopeptides with positive- and negative-
charged, and hydrophilic and hydrophobic residues in an aqueous solution to form self-
assembled b-sheet structured nanofibers, and these assembled nanofibers with the dia-
meters ranging from 10 to 15 nm form a fiber network that is capable of retaining a
large volume of water, creating a hydrogel scaffold. One of the advantages of using the
self-assembly technique to fabricate nanofibers is that the physical properties of nanofi-
bers, such as diameter, length, and stiffness, can be tailored through the control of
oligopeptide composition and chemistry. For biochemical properties, the amino acid
residues can be chemically modified by grafting bioactive moieties to enhance biological
activities. Arginine-glycine-aspartic acid (RGD) peptides were included in amphiphilic
peptides [45], and the functionalized nanofiber significantly enhanced the attachment,
proliferation, and osteogenesis of mesenchymal stem cells (MSCs) [46]. Another advan-
tage is that the self-assembled nanofibrous scaffold is particularly suitable for in vivo
use, since self-assembly can be carried out in physiological media, thus avoiding the use
of organic solvents to reduce cytotoxicity.

Self-assembled nanofibrous scaffolds closely mimicking natural ECM have been used in
neural, bone, cartilage, and blood vessel tissue engineering, as well as wound repair [47].
For cartilage tissue engineering, self-assembly peptides were mixed with bovine chondro-
cytes before the peptides assemble into nanofibers, forming a solidified cell-hydrogel in
culture medium. The approach of seeding cells in the self-assembly nanofibrous scaffold
effectively overcomes the common problem of uneven cell distribution in a scaffold. In
addition, bovine chondrocytes encapsulated within the self-assembly peptide scaffold
retained their morphology and expressed cartilaginous ECM rich in proteoglycans and
collagen type II, biochemical markers of phenotypic chondrocytes [48]. The self-assembly-
fabricated nanofibrous scaffold formed a nanofibrous network embedded in a hydrogel,
recapitulating the microenvironment in native cartilage. In a wound repair study, self-
assembly peptides combined with epidermal growth factor (EGF) as a wound dressing
were applied onto wound created in skin-equivalent culture to encourage epithelial cell
repopulation [49]. Compared to the group using the self-assembly peptide without EGF or
the control group without scaffolds, the EGF included-self-assembly peptide effectively
accelerated the process of wound healing.
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3.4.1.3
Electrospinning

Electrospinning is the most commonly used technique for fabrication of nanofibrous
scaffolds because the fabrication setup is relatively simple and can be easily modified to
produce fibrous structures with different fiber architectures. In addition, there are many
polymer selections available for electrospinning to produce nanofibrous scaffolds with
specific structural or mechanical properties for various tissue engineering applications.
Practically, the production of electrospun nanofiber can be scaled up; the electrospinning
technique is suitable for a small quantity of fiber production for laboratory research use, as
well as mass production for industry needs. With all the aforementioned advantages, the
electrospinning technique has been extensively developed and many sophisticated
fabrication setups have been introduced to precisely and effectively electrospin nanofibrous
scaffolds in the past few years. The following sections will detail the setup and control of
electrospinning, properties and characterization of electrospun nanofibers, and tissue engi-
neering applications of nanofibrous scaffolds.

3.5
The Electrospinning Technique

Fiber formation in the process of electrospinning is similar to that in the electrospray
phenomenon first described by Lord Rayleigh in 1882 [50]. During the electrospraying
process, Rayleigh discovered that, when passing through a voltage gradient, a highly
charged droplet would break down into smaller droplets and spray, in response to the
Coulombic repulsive force. After his pioneering study, many researchers further investi-
gated electrospraying of aqueous solutions or dilute polymer solutions, and these seminal
studies laid the foundation for the development of electrospinning. In 1934, Formhals
electrospun fine fibers from a cellulose acetate solution and was granted with a series of
U.S. patents based on the technique [51]. In the past few decades, the development of
electrospinning was primarily focused on textile or filter applications. Until recently, the
surging interest in nanostructured biomaterials has engendered renewed attention to this
convenient, economical technique that would allow engineers to produce collagen-imitating
nanofibers for biomaterial applications.

3.5.1
Setup

The electrospinning apparatus consists of three key components: a high-voltage power supply,
a polymer solution reservoir (e.g., a syringe, with a small diameter needle) with or without a
flow control pump, and a conductive fiber-collecting surface [52]. The high-voltage power
supply with multiple independent outputs is capable of providing up to 50-kV DC power for
each output. The polymer reservoir composed of a syringe and a metal needle is used to store
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dissolved polymer solution and is connected to a power supply for electrospinning. To
precisely control the amount of the polymer solution consumption during electrospinning, a
flow control pump can be used to regulate the polymer flow rate. The fiber-collecting surface
should be conductive and can be either a stationary plate or a rotary platform for collecting non-
woven or aligned fibers, respectively.

To initiate fiber formation in electrospinning, a polymer solution prepared from a
selected polymer dissolved in an appropriate solvent is loaded into the polymer reservoir,
and applied with an optimal working voltage. The surface charge on a polymer droplet,
extruded by the pump and/or gravity force and formed at the tip of the needle, increases with
the applied voltage. Once the surface charge overcomes the surface tension of the polymer
droplet, a polymer jet is initiated and travels in the electrostatic field. During the polymer jet
traveling to the collecting surface, the charge density increases while the solvent in the
polymer jet is evaporated, creating repulsive forces to split the polymer jet into multiple
smaller jets. The same splitting process repeatedly occurs to the smaller jets, eventually
forming layer-by-layer ultra-fine fibers deposited on the collecting surface, which can be
collected as a 3D porous fibrous structure.

The physics of the fiber formation during electrospinning is complex and the mechanism
by which nanofibers are formed has yet to be completely elucidated. Although a number of
studies have investigated the mechanism of fiber formation in order to reproducibly control
the properties of nanofibrous structures, such as fiber or pore size, little theoretical clarity has
been achieved. Indeed, it has been technically challenging to control how fibers are electro-
spun. During the electrospinning process, both extrinsic factors and intrinsic parameters
affect the structural morphology of nanofibers, and some of these factors are inter-dependent
[53]. Specifically, extrinsic factors, such as environmental humidity and temperature, and
intrinsic parameters, including applied voltage, working distance, and conductivity and
viscosity of the polymer solution, need to be optimized to produce uniform nanofibers
[41]. In general, the extrinsic factors are well controlled in the laboratory environment
whereas the control of the intrinsic parameters is critical to nanofiber properties.

3.5.2
Fabrication and Properties of Electrospun Nanofibrous Scaffolds

Structural properties of electrospun nanofibrous scaffolds are affected by the fabrication
parameters and setup of electrospinning. Fabrication parameters, such as polymer solution
viscosity and conductivity, applied voltage, and working distance, can control microstruc-
tural properties of electrospun nanofibrous scaffolds, including fiber diameter and interfiber
pore size, whereas setup of the electrospinning apparatus can determine macrostructural
properties of the scaffolds, such as fiber alignment.

3.5.2.1
Microstructural Control

Polymer solution viscosity, directly proportional to the concentration of a polymer solution,
is the most critical parameter controlling nanofiber morphology and diameter. To form
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uniform nanofibers, the solution viscosity should be controlled in a specific range, and the
range is polymer and solvent type-dependent [54, 55]. In addition, the polymer solution
viscosity in the range is directly associated with the diameter of electrospun nanofibers.
Recent studies conducted by Deitzel et al. [56] and Demir et al. [57] have shown that a more
viscous polymer solution resulted in larger fibers. The conductivity of a polymer solution
affected by the polymer and solvent type, and the availability of ionizable salts controls
nanofiber morphology and diameter as well. A highly conductive polymer solution carries
more electric charges to generate a stronger repulsive force, facilitating the formation of
bead-free, uniform fibers during the electrospinning process. To enhance the conductivity of
a polymer solution, a dipolar aprotic solvent, such as N,N-Dimethylformamide, is added to
synthetic biodegradable polymer solutions [58]. Another working approach to increase
polymer solution conductivity is to add salts, such as benzyl triethylammonium chloride
[59] or sodium chloride [60]. The increased conductivity can effectively reduce fiber
diameter and enhance fiber uniformity.

An applied voltage imparting charge to the polymer droplet is the driving force to spin
fibers. Aworking distance is defined as the distance between the tip of syringe and the fiber
collecting surface, together with an applied voltage, can control structural properties of
nanofibers. Demir et al. have showed that when a higher voltage was applied, more polymer
was ejected to forme larger fibers [57].

3.5.2.2
Macrostructural Control

While the microstructure is defined by the physical structure of fibers and pores, the
macrostructure of a nanofibrous scaffold is defined by the architecture of randomly-oriented
or aligned fiber.

Nonwoven, Randomly-Oriented Nanofiber

Upon ejection from the nozzle of a needle, a polymer jet travels spirally in the space
between the needle tip and the fiber-collecting surface. The jet path is a complicated three-
dimensional curve and thus nanofibers are deposited on the target platform in a random
manner, resulting in a non-woven fibrous mat composed of nanofibers oriented equally in
every direction, and polygonal, interconnected pores of various sizes formed between
nanofibers. The homogeneous nanofibrous structure with randomly-oriented nanofibers
has isotropic properties.

Aligned Nanofiber

The approach for aligning nanofibers is based on an as-spun fiber-assembly method,
which uses either electrodes [61] or a rotary collector, such as a rotary disc [62] or shaft
[63], to align electrospun nanofibers. With the approach using electrodes, a fiber collector
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consisting of two rectangular conductive electrodes is placed on a highly insulating
substrate with a space gap [61]. Electrospun nanofibers are attracted by and uniaxially
deposited on the electrodes across the gap. Fiber alignment is affected by the amount of
charges on the nanofibers; increasing charges on the nanofibers improves fiber alignment.
Altering the pattern of the electrode array can change the orientation of uniaxial nanofibers
and fabricate aligned nanofibers with a complicated pattern.

Another approach, commonly used to align nanofibers, is to use a high-speed rotator to
collect and align electrospun nanofibers. Theron et al. utilized a rotary disc as a fiber
collector to electrically and mechanically align nanofibers [62]. As an electrode, the sharp
edge of the disc accumulated charges to attract positively-charged nanofibers. Mechani-
cally, the rotary sharp edge acts as a continuously moving, charged band that forces
nanofibers to align on a limited strip surface and wind around the circumference of the
disc. To collect more aligned nanofibers for a larger and thicker nanofibrous mat, the disc
can be replaced by a drum or a shaft with a large surface area. Several studies have shown
that nanofiber alignment is highly dependent on the rotation speed of the disc, drum or shaft;
fiber alignment increases with the rotation speed of the collecting surface [63]. An aligned
fibrous structure with the fibers oriented in one direction is shown to possess anisotropic
mechanical properties. The structure possesses preferentially enhanced mechanical proper-
ties, such as tensile modulus and strength, along with the fiber direction. The anisotropic
mechanical properties are correlated with the percentage of fiber alignment.

3.5.3
Biological Enhancement with Nanofibrous Scaffold

Cell adhesion is the first cellular event to take place after cells are seeded onto a biomaterial
surface; other cell activities, such as cell migration, proliferation, and differentiation, take
place only after cells are securely adhered. A previous study showed that when cultured
with cells, synthetic polymeric biomaterials attract plasma/serum proteins to the surface for
cell adhesion [64]. The nanofibrous scaffold with a high surface-area-to-volume ratio
adsorbed approximately four times as much serum proteins, such as fibronectin and
vitronectin, compared to the scaffold with solid pore walls. Although the mechanism by
which the nanofibrous scaffold acts as a selective substrate is not yet known, it is clear that
nanofibers enhance adsorption of cell adhesion molecules.

The unique feature of 3D ultra-fine fibers of nanofibrous scaffolds has been shown to play
a direct and/or indirect role in the regulation of cellular activities. The structural feature and
the increased adsorption of cell adhesion molecules are able to effectively promote in vivo-
like 3D matrix adhesion for cultured cells, and activate the down-stream cell signaling
pathway. Schindler et al. demonstrate that cells cultured on a nanofiber surface have a less
defined pattern of punctate vinculin and decreased focal adhesion kinase (FAK) at the edge of
lamellipodia [65]. The decrease of FAK at the adhesion site is a characteristic of a cell with
in vivo-like 3D matrix adhesion, suggesting that cells cultured in nanofibrous culture may be
able to recapitulate cell-matrix interactions in the in vivo cellular microenvironment. Studies
have shown that nanofibrous scaffolds regulate the family of Rho GTPases, Rho, Rac, and
Cdc42, to control cell morphology and cytoskeletal organization [66]. Specifically, cells
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cultured on a nanofibrous surface extensively activate Rac, and the activated Rac is found to
accumulate at the lamellipodial edge, intracellular vesicles, and dorsal membrane ruffles. The
activation of Rho and Cdc42 is not as significant as that of Rac but both GTPases are mildly
elevated in nanofibrous culture. The finding suggests that nanofibrous scaffolds are capable of
providing spatial cues to activate intracellular signaling pathways to regulate cell activities.

Nanofibrous scaffolds have been shown to support re-differentiation of chondrocytes
in vitro [67]. In this study, chondrocytes are seeded onto nanofibrous scaffolds, or on
standard tissue culture polystyrene as a control substrate. Gene expression analysis shows
that chondrocytes seeded on nanofibrous scaffolds continuously maintain their cartilage
specific ECM genes. In addition to maintaining chondrocytic phenotype, nanofibrous
scaffold also supports cellular proliferation. These results indicate that biological activities
of chondrocytes are crucially dependent on the architecture of scaffolds, and that the
nanofibrous scaffold acts as a biologically preferred scaffold for proliferation and mainte-
nance of chondrocytic phenotype.

A nanofibrous structure resembling a basement membrane matrix has been used to
culture embryonic stem cells [68], and the results show that significantly larger colonies of
undifferentiated cells and enhanced proliferation are found in nanofibrous scaffolds, com-
pared to the control film, suggesting that physical cues from the unique geometry of the
nanofibrous surface regulate stem cell activities. It has also been reported that nanofibrous
scaffolds support multi-potential differentiation of MSCs [69]. MSCs from bone marrow
differentiate into adipocytes, chondrocytes, and osteoblasts in nanofibrous scaffolds.

3.5.4
Biomaterials for Nanofibrous Scaffolds

A variety of biomaterials, including non-biodegradable and biodegradable polymers, have
been successfully electrospun into nanofibers. Non-biodegradable polymers as scaffold
materials are utilized for tissues requiring mechanical stability. However, their long-lasting
nature may interfere with tissue turnover and remodeling. On the other hand, the degrada-
tion characteristic of biodegradable polymers is favorable to tissue engineering. To date,
more than one hundred different biodegradable polymers, including natural and synthetic,
have been fabricated and evaluated for different tissue-engineering applications [41].

Natural polymers are used to fabricate nanofibrous scaffolds because their bioactive
molecules, such as peptides and polysaccharides, can be easily recognized by cells.
Electrospun nanofibrous scaffolds prepared from protein-based polymers, such as collagen
[70], gelatin [71], elastin [72], silk fibroin [73], and fibrinogen [74], or from carbohydrate-
based polymers, such as chitin [75], chitosan [76], and hyaluronic acid [77], have been
successfully fabricated and evaluated for various tissue applications. However, without
proper crosslinking, natural polymer-based electrospun nanofibers are prone to rapid
degradation, significantly limiting their applications as scaffolds. On the other hand,
synthetic polymers can be tailored to have desired material properties, such as improved
mechanical strength and programmed degradation profile, and are commonly used to
fabricate nanofibrous scaffolds. The polymers include but are not limited to poly(a-hydroxy
esters) [78], such as PLA, PGA poly(glycolic acid), PLGA, and poly(e-caprolactone)
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(PCL), and poly(3-hydroxybutyrate-co-3-hydroxyvalerate) [59]. Among these polymers,
the commercially available, FDA-approved, poly(a-hydroxy ester) family is the commonly
used polymer for electrospinning. In the past few years, the properties of poly(a-hydroxy
ester) nanofibrous scaffolds have been extensively studied. In general, synthetic polymer-
based nanofibrous scaffolds are able to satisfactorily meet the requirements of tissue
engineered scaffolds, though the drawback is that electrospun synthetic nanofibers lack
natural molecules for cells to recognize.

To fabricate nanofibers with favorable properties from both natural and synthetic poly-
mers, for example, a nanofibrous scaffold with improved mechanical strength and enhanced
bioactivity, a polymer blend composed of multiple natural or synthetic polymers has been
introduced for electrospinning. The blended-polymer nanofibrous scaffolds are able to
retain the properties of each composing polymer. One of the samples is to electrospin a
multiple natural polymer blend into a nanofiber mixture to closely mimic native ECM.
Specifically, many tissues contain both collagen and elastin fibers that are frequently
subjected to tensile and elastic loading, respectively. Nanofibrous scaffolds composed of
collagen types I and III, and elastin have been fabricated to replicate native ECM of blood
vessels [72]. Besides the natural-natural blend, a synthetic-synthetic blend is commonly
used to fabricate nanofibrous scaffolds. With the combination properties of PLA being
biodegradable but hydrophobic, and poly(ethylene glycol) (PEG) being hydrophilic but
non-biodegradable, the resultant PLA/PEG-blended nanofibrous scaffold is more hydro-
philic than a PLA-alone scaffold and more biodegradable than a PEG-alone scaffold [79]. In
addition, the combination properties can be programmed by changing the ratio of the two
polymers. Finally, electrospinning a natural and synthetic polymer mixture can make
nanofibers with both natural and synthetic polymer properties [71]. However, this is
challenging since the solvent choices suitable for both polymers are limited; natural
polymers are required to be dissolved in an aqueous solution that is not compatible with
a majority of organic solvents. A possible alternative is to use synthetic polymers that can be
dissolved in aqueous solutions with natural polymers. Poly(ethylene oxide) (PEO) is one of
the polymers that can be dissolved in water and commonly used to blend with other natural
polymers. A study shows that the chitosan/PEO blend has improved conductivity, surface
tension, and viscosity, favorable for the formation of smaller, uniform nanofibers, compared
to a pure chitosan or PEO solution [80]. Furthermore, a large portion of natural polymers by
themselves cannot be electrospun into uniform nanofibers, PEO can function as an “elec-
trospinning-driving” polymer to facilitate nanofiber formation.

3.5.5
Comparison Between Microfibrous and Nanofibrous Scaffolds

Fibrous scaffolds, regardless of their compositions, can be grouped into two categories,
microfibrous and nanofibrous scaffolds, simply based on the size of fibers (Fig. 3.4). The
two groups of fibrous scaffolds have been independently evaluated in vitro or in vivo for
potential scaffold applications, and the results are generally promising. However, study
being focused on the comparison between microfibrous and nanofibrous scaffolds would be
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useful to biomaterial scientists or tissue engineers who intend to use fibrous scaffolds in
tissue engineering.

Several groups have reported their study results of comparing microfibrous and nanofi-
brous scaffolds. One such study evaluates the fiber-size effect on biological activities of
chondrocytes by culturing the cells in PLLA microfibrous and nanofibrous scaffolds [81].
The results show that chondrocytes seeded in microfibrous scaffolds express dedifferen-
tiated, fibroblast-like morphology, whereas chondrocytes seeded in nanofibrous scaffolds
maintain chondrocyte-like morphology. Cell activities, such as proliferation and ECM
production, are enhanced in nanofibrous scaffolds, compared to microfibrous scaffolds.
The findings suggest that the nanofibrous scaffold may be a more biologically favorable
scaffold for tissue engineering. Another group also reports a similar conclusion that
nanofibers outperform microfibers in regulating neural stem cell activity [82], in which
they compare cell response to 300 nm nanofibers and 1.5 mm microfibers. The results show
that a larger percentage of neural stem cells cultured in nanofibrous scaffolds exhibit
neuron-like morphology than in microfibrous scaffolds. The average neurite length of
neural stem cells with nanofibers is significantly longer than that of the cells with micro-
fibers, suggesting that nanofibers may enhance the neurite outgrowth.

3.5.6
Nanofibrous Scaffolds for Tissue Engineering Applications

Electrospun nanofibrous scaffolds made of natural, synthetic, or both polymers have been
extensively investigated for various tissue engineering applications that include almost every
tissue in the body [41]. Among these applications, musculoskeletal, cardiovascular, skin, and
neural tissue engineering have been particularly focused in the past few years. In this section,
only musculoskeletal tissue engineering will be discussed, as an example to illustrate the
development of nanofibrous scaffolds for tissue engineering.

Fig. 3.4 SEM micrographs of poly(L-lactic acid) fibers. Nonwoven fibrous structures are formed of
micro-sized fibers with the approximate diameter of 15 mm (a), or nano-sized fibers with the
approximate diameter of 900 nm (b). Bar, 10 mm
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Musculoskeletal tissue engineering includes bone, cartilage, muscle, ligament, and
tendon, and the ECM composition and structure of each tissue are different from each
other and contribute to distinct physiological properties. For example, bone is a hard, solid
connective tissue that provides structural protection to the body, whereas ligament is a soft
and flexible tissue that transmits forces and stabilizes joints. To meet the functional
requirements, nanofibrous scaffolds with different physical and chemical properties have
been fabricated for various tissue engineering applications. Cells used in bone tissue
engineering include osteoblasts, osteoprogenitor cells, and MSCs. MSCs are a promising
cell type for bone tissue engineering because of their extensive expandability and multi-
potential differentiation capabilities [83]. Yoshimoto et al. report that PCL nanofibrous
scaffolds seeded with rat bone marrow-derived MSCs successfully turn into bone in a
bioreactor [84]. PCL nanofibrous scaffolds promote MSCs to differentiate into osteoblast-
like cells producing collagen type I and minerals. A further assessment of bone formation
in vivo by Shin et al. shows that new osseous matrix is deposited throughout the cellular
nanofibrous scaffolds, forming a white, stiff bone in a rat model [85]. To actively induce
bone formation, osteo-conductive hydroxyapatite [86] or osteo-inductive demineralized
bone powder [87] has been co-electrospun with PCL to fabricate a composite nanofibrous
scaffold. The addition of hydroxyapatite or bone powder effectively increases mineraliza-
tion of cellular nanofibrous scaffolds, and also enhances compressive properties of the
scaffold. Composite nanofibrous scaffolds containing nanofibers and calcium minerals
seem promising for bone tissue engineering.

Cartilage is a specialized tissue and its primary function is to mechanically protect joints
from compressive impact. The superior compression-resisting capability of cartilage is
primarily defined by a large portion of ECM macromolecules and water in the tissue.
Therefore, scaffolds for cartilage tissue engineering should be able to induce cells to
actively produce quality ECM for demanding mechanical needs. Li et al. show that
chondrocytes seeded in PCL nanofibrous scaffolds express cartilage-specific ECM genes,
collagen types II and IX, aggrecan, and COMP [67]. Notably, the nanofibrous scaffolds
induce cells to express collagen type IIB gene, a spliced variant transcript, suggesting the
scaffold is able to promote the phenotype of mature chondrocytes phenotype. Chondro-
cytes in the nanofibrous scaffold exhibit round shaped, phenotypic morphology. In another
study, the same group compares chondrogenic activities of MSCs in PCL nanofibrous
scaffolds to those in gold-standard high-density cell pellets [88]. The level of chondrogen-
esis in the MSC-laden nanofibrous scaffolds is comparable to that in MSC pellets, suggest-
ing that the nanofibrous scaffold as an effective 3D structure supports MSC chondrogenesis.
The results show that the nanofibrous scaffold can be a biologically favorable scaffold for
cartilage tissue engineering.

Skeletal muscle is composed of bundles of highly oriented and dense muscle fibers, each
representing a multinucleated cell derived from myoblasts. Therefore, to enhance the
biological activity of tissue engineered muscle, it would be important to use a scaffold
with the structure to actively direct cell morphology and orientation. Aligned nanofibrous
scaffolds with nanofibers imitating the architecture of skeletal muscle ECM has been shown
to be promising for skeletal muscle tissue engineering. Choi et al. compare the biological
response of human skeletal muscle cells in aligned and randomly oriented PCL/collagen
nanofibrous scaffolds [89]. The cell morphology is greatly affected by the fiber structure;
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cells are uniformly elongated and oriented with the fiber direction in the aligned nanofibrous
scaffold whereas the cells are not specifically oriented in the non-aligned nanofibrous
scaffold. Moreover, the aligned nanofibrous structure promotes skeletal muscle cells to
fuse into myotubes, and the length of myotubes in the aligned nanofibrous scaffold is more
than two times that in the randomly oriented nanofibrous scaffolds, suggesting aligned
nanofibers enhance muscle cell maturation.

Ligament is a slightly elastic connective tissue and tough fibrous band that provides
stability to joints. Similar to the cells and ECM in skeletal muscle, ligament cells and ECM
are also aligned uniformly in a specific direction. The study investigating the effects of fiber
alignment on human ligament fibroblasts (HLFs) and ECM in PU nanofibrous scaffolds
shows that HLFs cultured on aligned nanofibers are spindle-shaped and oriented with the
nanofiber direction, whereas the cells on non-aligned nanofibers have no specific direction-
ality [90]. In addition, after 7 days of culture, HLFs on aligned nanofibers show significantly
increased collagen synthesis, compared to those on non-aligned fibers. Cell attachment and
proliferation in the nanofibrous scaffolds are greatly enhanced than those on the casted
membranes. The results suggest that aligned electrospun nanofibers capable of regulating
ligament fibroblast morphology and ECM production are promising for ligament tissue
engineering.

3.6
Future Directions

The future direction is to develop the next generation “smart” fibrous scaffold, which
should be made of materials with a biomimetic structure and a bio-inspired, functiona-
lized surface to support favorable cell-matrix interactions and should have the capacity to
release biomolecules in a controlled manner to actively instruct cell behavior and facili-
tate tissue regeneration.

Nano-scaled fibers structurally mimicking natural ECM have been shown to effectively
enhance biological activity. However, nanofibers fabricated of synthetic polymers lack the
bioactive surface chemistry for favorable biological activity. To improve bioactivity, nano-
fibrous scaffolds can be grafted with bioactive molecules to functionalize the scaffold
surfaces. Indeed, there have been a few experimental attempts to functionalize nanofibrous
scaffolds with cell adhesion peptides, such as RGD, to improve cell attachment, and these
studies show promising results of enhanced cell activity [91]. As a result, the further studies
should be focused on functionalizing nanofibrous scaffolds by chemically modifying or
grafting the surface with bioactive molecules to instruct favorable cell activity.

Other future studies may include fabrication of fibrous scaffolds with the capability of
controlled release of molecules, such as growth factors, that act to enhance biological
activity. Giving delivery of bioactive molecules can be achieved via biodegradation of
scaffolds, and the release kinetics of the target molecules is associated with the characteris-
tic of the polymer property. Theoretically, with differential degradation properties, multiple
biodegradable polymers in a scaffold can degrade at different times, the scaffold is capable
of sequentially releasing various growth factors to maximize biological effects. Using this
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approach, it is possible to fabricate “smart” nanofibrous scaffolds with the capability of
controlled release of multiple growth factors. In addition, the “smart” nanofibrous scaffolds
should be able to protect the delivered molecules from denaturation and maintain their
biological activities, giving many conventional nanofiber fabrication methods are likely to
harm biological activities of the incorporated molecules. To overcome this problem, many
research groups have developed dual-structured scaffolds that embed with microparticles for
encapsulating growth factors to protect the bioactivities of the delivered molecules [92, 93].

A “smart” nanofibrous scaffolds capable of promoting cell-matrix interaction through a
bio-inspired surface, and inducing favorable biological activity via controlled release
of incorporated biological molecules would be important for scaffold-based tissue engi-
neering.
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Abstract The rapid progress in cell and developmental biology has clearly revealed that
substrate elasticity and mechanical stimulation significantly affect cell function and tissue
development. Further, many engineered soft-tissue constructs such as vascular grafts,
cardiac patches, and cartilage are implanted in a mechanically dynamic environment, thus
successful implants must sustain and recover from various deformations without mechani-
cal irritations to surrounding tissues. Ideal scaffolds for these tissue engineering applica-
tions would be made of biodegradable elastomers with properties that resemble those of the
extracellular matrix, providing a biomimetic mechanical environment and mechanical
stimulation to cells and tissues. However, traditional biodegradable scaffold materials
such as polylactide, polyglycolide, and poly(lactide-co-glycolide) are stiff and are subjec-
ted to plastic deformation and failure under cyclic strain. Consequently, for the past
decade, many novel bioelastomers have been developed and extensively investigated for
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applications in tissue engineering. Both thermoplastic elastomers such as polyurethane,
poly(e-caprolactone) copolyester, poly(ether ester) and thermoset elastomers such as cross-
linked polyesters have been developed and evaluated to engineer various tissues such as
heart muscle and valves, blood vessels, skin, and cartilage. This chapter will cover
representative bioelastomers and their applications in tissue engineering to highlight recent
advances in this area.

Keywords Bioelastomers l Cardiovascular tissue l Elasticity l Mechanical stimulation l

Poly(glycerol sebacate) l Polyurethane l Soft tissues

4.1
Introduction

Since the pioneering concept of reconstructing tissue using cell-seeded scaffolds was
proposed two decades ago [1], the field of tissue engineering has quickly caught the
attention of scientists and the general public and transformed the landscape of medicine,
giving rise to regenerative medicine. There are still many challenges facing tissue
engineering, one of which is the relative narrow choices of biomaterials compared with
the huge variety of matrix materials in the native tissues. Many grafts fail partly due to
mechanical-property mismatch between native and engineered tissues [2]. Recently, the
progress in cell and developmental biology has provided new insights for more rational
design of scaffold materials for tissue engineering. It has become clear that substrate
elasticity and mechanical stimulation significantly affect cell functions and tissue devel-
opment [3]. Thus elastomeric materials are recognized as an important class of scaffold
materials for tissue engineering.

4.1.1
Matrix Elasticity Impacts Cell and Tissue Function

Substrate mechanical properties profoundly impact cell and tissue functions [4–6]. Elastic-
ity is an important mechanical property for many tissues and organs (Table 4.1) [7]. Niche
elasticity greatly influences many cell behaviors such as cytoskeleton organization, cell
adhesion, spreading, and differentiation, especially in soft tissues [5, 6, 8]. For example,
Neurons show greater proliferation on softer substrates that mechanically resemble the
brain [9]. Myotubes differentiate optimally on substrate with muscle-like elasticity [10].
Polyacrylamide gels with varying elasticity direct human mesenchymal stem cell differen-
tiation: gel elasticity similar to that of muscle, brain, and bone tissues results in myoblasts,
neurons, and osteoblasts, respectively (Fig. 4.1) [11]. Substrate elasticity also influences
communication between neighboring endothelial cells fostering tissue formation, where
elastomeric substrates encourage sustained contacts, while stiffer substrates induce migratory
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responses [12]. In summary, the elasticity of the cellular microenvironment plays an
important role in morphogenesis and regeneration of tissues [3–5].

4.1.2
Mechanical Stimulation Affects Cell and Tissue Development

Mechanical stimulation is increasingly recognized as a major factor in determining cell
morphology and function [21]. Mechanical cues from the cellular microenvironment
govern cellular processes such as adhesion, spreading, and cytoskeletal remodeling [6].
Specific mechanical stimulations impact the functionality of various cell types including
cardiovascular, lung, and bone cells, adult and embryonic mesenchymal progenitor cells,
and embryonic stem cells [22]. Mechanical interactions between cells and the extracellular
matrix (ECM) play a crucial role in the morphogenesis and function of tissues [3]. In view
of this, mechanical stimulation has been applied to tissue engineered constructs to promote
desirable tissue development [23]. Studies show that mechanical stimulations including

Table 4.1 Mechanical properties of selected human tissues

Modulus E
(MPa)

Maximal
strength
s (MPa)

Maximal
strain e (%)

Testing
method

References

Spinal cord 0.089 – – Tension [7]
Thyroid 0.009 – – Compression [7]
Liver 0.64 – – Compression [7]
Mammary gland 0.16 – – Compression [7]
Relaxed smooth

muscle
0.006 – 300 Tension [13]

Contracted smooth
muscle

0.01 – 300 Tension [13]

Myocardium 0.02–0.5 0.003–0.015 – Tension [14]
Carotid artery 0.084 – – Radial

distension
[15]

Bladder 0.25 0.27 69 Tension [16]
Aortic valve leaflet

(circumferential)
15.6 2.6 21.9 Tension [17]

Aortic valve leaflet
(radial)

2.0 0.42 29.8 Tension [17]

Pericardium 20.4 2.51 34.9 Tension [18]
Cortical artery 21.42 4.14 145 Tension [19]
Cortical vein 3.41 1.39 193 Tension [19]
Cartilage 0.7–15.3 3.7–10.5 – Tension [20]
Ligament 65–541 13–46 – Tension [20]

Tendon 143–2,310 24–112 – Tension [20]
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Fig. 4.1 Mesenchymal stem cell (MSC) differentiation on elastic substrates. (a) Morphology of
naive, low passage MSCs (upper panel ) 24 h after plating on PA gels of different stiffness closely
matches that of cell lineages found within each microenvironment. Naive MSCs are initially small
and round but a dominant fraction indicated here (lower panel ) develops increasingly branched,
spindle, or polygonal shapes within days of plating when grown on matrices with respective
elasticities of 1 kPa, 11 kPa, and 34 kPa. Results for mitomycin C treated cells are shown with
diagonally-hatched bars. Scale bar is 20 mm. (b) Differentiation of MSCs directed by substrate
elasticity elucidated by key marker proteins. The neuronal cytoskeletal marker b3 tubulin is
expressed in branches of initially naive MSCs (>75%) and only on soft, neurogenic matrices
( first row). The muscle transcription factor MyoD is up-regulated and nuclear localized only in
MSCs on myogenic matrices (second row). The osteoblast transcription factor CBFa1 is likewise
expressed only on stiff osteogenic substrates (third row). Scale bar is 5 mm (Reprinted by permission
from [5]. Copyright 2007, Elsevier B.V.)
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shear stress, cyclic strain (uniaxial or biaxial), scaffold fixation, and static and dynamic
loading can control both cell behaviors during tissue formation and overall properties of the
resultant engineered tissue [22–24].

4.1.3
Elastic Materials are Important Scaffold Materials for Tissue Engineering

The above findings in biology and tissue engineering indicate that elastomeric scaffolds are
ideal to engineer elastic and mechanically active tissues such as lung, bladder, and cardio-
vascular tissues. An elastomer with mechanical properties matching the native tissue will
produce a biomimetic environment for cell growth and tissue development. An elastomer
will also effectively transmit the mechanical stimulation to the adhered cells and promote
tissue morphogenesis. Further, elastomers can recover from cyclic deformations, making
them suitable for mechanically dynamic culture in vitro and implantation at mechanically
dynamic sites. Upon implantation, an elastomer with tissue-mimetic mechanical properties
will fulfill similar mechanical functions of the target tissue before construct maturation, with
minimal mechanical irritation to the host tissue. For elastic tissues such as pulmonary
tissues, elastomeric scaffolds are even more critical. In summary, elastomeric biomaterials
(bioelastomers) are an important class of scaffold materials and further innovations in
bioelastomers will lead to more exciting breakthroughs in tissue engineering.

4.2
Designing Bioelastomers for Tissue Engineering

Elastomers are polymeric networks that have long and highly flexible polymer chains with
high mobility that can rapidly reconfigure upon applied stresses. Thus, elastomers can
withstand large deformations. The crosslinking between the polymer chains provides
necessary mechanical strength, resisting unrestricted sliding between chains and ensuring
reversible recovery from deformation upon removal of the external stress. The combination
of these two properties makes the polymeric network elastomeric. To be useful in tissue
engineering, an elastomer also needs to be biocompatible and biodegradable. In this section
we will discuss common requirements for bioelastomer design and provide an overview of
current bioelastomers.

4.2.1
Important Considerations in Bioelastomer Design

Many factors influence a bioelastomer’s performance in a particular tissue engineering
application. This section examines some of the critical parameters in bioelastomer design.

4 Bioelastomers in Tissue Engineering 79



4.2.1.1
Mechanical Properties

Most bioelastomers are designed to resemble the mechanical properties of the target
tissue [25]. Since the mechanical properties of native tissues vary in a wide range
(Table 4.1) [7], the mechanical properties of bioelastomers should be tailored according
to the specific application. Many different factors impact a bioelastomer’s mechanical
properties, such as chain length, crosslink density, and the nature of the chain and
crosslink. We will discuss these in the following sections according to the types of
bioelastomers.

4.2.1.2
Biodegradability

It is generally accepted that the degradation rate of a scaffold should match the regeneration
rate of the tissue. Thus, a bioelastomer should be designed to degrade at a rate matching the
neo-tissue growth at the site of implantation. Further, a bioelastomer ideally degrades by
surface erosion to preserve bulk integrity and provide sufficient elastic support within the
defect until the regenerated tissue becomes load-bearing. Surface erosion leads to a linear
degradation profile of mass loss, retention of mechanical properties, and preservation of
geometric integrity. The degradation rate can be modulated by several parameters: the
nature of the labile bonds such as hydrolytic or enzymatic degradation, the amount of labile
bonds, the surface and bulk hydrophilicity, and the presence and amount of crystalline,
glassy, or amorphous segments. We will discuss these in the following sections in more
details.

Other desirable characteristics of a scaffold material include biocompatibility of the
bioelastomer and its degradation products, cell-philicity (promoting cell adhesion, immi-
gration, proliferation, and differentiation), availability (easy preparation and low cost),
and processability (easy fabrication to desired scaffold). It should be noted that many
material properties are inter-related and the change of one property often affects certain
other properties. For example, increasing crosslink density can enhance mechanical
strength, but may also reduce the maximal strain and slow degradation. In addition, the
mechanical properties will inevitably alter with degradation, so modulation of the
degradation rate should consider the change of mechanical properties during degradation.
For practical applications, global consideration and balance between various properties
are necessary.

4.2.2
Current State of Bioelastomers

The growing interest and rapid development of bioelastomers are primarily driven by the
need of a better scaffold material for cardiovascular tissue engineering. To engineer cardiac
tissue, traditional biodegradable polymers such as polyglycolide (PGA), polylactide (PLA),
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and their copolymer poly(lactide-co-glycolide)(PLGA) may not be ideal because of their
stiffness [14, 26]. The PLGA family of polymers are stiff and brittle with a tensile modulus
E >1.4 GPa [20], which is much stiffer than most soft tissues (Table 4.1). Their elasticity is
very limited, usually failing at low strain (maximal strain e<20%) with plastic deformation
under stress [14, 20, 27]. Bioelastomers can be classified into three categories: (1) elastin-
like polypeptides produced by protein engineering [28–30]; (2) polyhydroxyalkanoates
produced by fermentation [31–33]; and (3) chemically synthesized bioelastomers. In this
chapter, we will focus on synthetic bioelastomers, which experienced great progress through-
out the last decade. The advantages of synthetic materials includes: (1) a wide range
of mechanical, degradation, and bioactive properties that provide flexible material choices;
(2) precise control of the polymeric structure, which results in tailored material properties;
(3) good reproducibility; (4) easy purification and well defined compositions that greatly
reduce concerns of disease transmission and endotoxin contamination. The exciting prog-
ress of chemically synthesized bioelastomers has enabled new methods of tissue engineer-
ing and greatly impacted soft tissue regeneration. We will discuss these in detail in Sect. 4.3.
For the first two classes of bioelastomers please refer to the other chapters within this book
and relevant reviews [28–33].

4.3
Recent Progress of Synthetic Bioelastomers

There are two types of synthetic bioelastomers: thermoplastic, which is physically cross-
linked, and thermoset, which is chemically crosslinked. Both can be further classified into
different subcategories. We will discuss thermoplastic bioelastomers first, then thermoset
bioelastomers. The following sections will be organized according to the chemical structure
of bioelastomers.

Thermoplastic Bioelastomers

Thermoplastic bioelastomers are physically crosslinked, which endow them both advan-
tages and disadvantages. Individual physical crosslinks are weak, however, a high molecu-
lar weight (MW) thermoplastic bioelastomer may possess high amounts of physical
crosslinking, thus the overall crosslink strength can be very high, leading to high mechani-
cal strength. A thermoplastic material can be easily fabricated by solution or melt proces-
sing. However, their weak physical crosslinking can result in creep upon long-term or cyclic
mechanical deformation. Thermoplastic bioelastomers have heterogeneous structures
including both amorphous (providing flexibility) and crystalline or glassy regions (pro-
viding physical crosslinking), generally leading to heterogeneous degradation. As a result,
they often lose mechanical strength and crack at early stages of degradation. Polyurethane,
the most widely used thermoplastic bioelastomer, will be discussed in Sect. 4.3.1, followed
by other thermoplastic bioelastomers in Sect. 4.3.2.
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4.3.1
Polyurethanes

4.3.1.1
Introduction

Brief History

Polyurethane (PU) has a long history and is one of the most important elastomers. PU was
discovered in the 1930s and was introduced to the biomedical field in the 1960s [34, 35].
Due to its superior mechanical strength and elastomeric properties, PUs have become one of
the most popular synthetic materials in biomedical applications today [36, 37]. Tradition-
ally, PUs are used for long-term implanted medical devices. However, the biostability of
PUs has raised concerns about the safety of enduring implants containing PUs since the
1970s [38–40]. PUs degrade in vivo and produce toxic, carcinogenic, and mutagenic
aromatic diamines [41]. Biomer®, the first biomedical PUs product for cardiovascular
applications had to be withdrawn in 1991 due to its degradation in vivo [42]. Accordingly,
extensive research was employed to determine the biodegradability properties of PUs in
order to improve their biostability [43]. On the other hand, this observation opens the door
for PUs in a brand-new area, tissue engineering, where controlled degradation is required.
From the 1990s, biodegradable PUs have been widely investigated and developed to be one
of the most robust biodegradable biomaterials in regenerative medicine [42]. Further,
advanced research has also greatly improved the biocompatibility of PUs. Here, we will
review recent advancements of PU bioelastomers used in soft tissue engineering. For more
thorough reviews of PUs, the readers are directed to several excellent articles [36, 37, 42].

Structure and Synthesis

Since thermoplastic PUs are much more commonly used as bioelastomers in tissue engi-
neering than thermoset PUs, the following discussion will focus on thermoplastic PUs.
Thermoset PUs will be briefly covered in Sect. 4.3.1.3. Typically, thermoplastic PUs
comprise three units: macrodiol (MW from 600 to 4,000 Da), diisocyanate, and chain
extender (MW from 61 to 400 Da) [34]. Macrodiol reacts with excessive diisocyanate to
produce polyurethane prepolymer terminated by the isocyanate group –N¼C¼O. To
accelerate the reaction, urethane catalysts such as Sn(OCt)2, and elevated temperatures
(60–90�C) may be used [42, 44]. The oligomeric prepolymer is connected by chain
extender diamine or diol, resulting in thermoplastic PUs. Thermoplastic PUs are segmented
copolymers. The multiblock structure of this phase-separated system endows PUs’ elasto-
meric properties. The diisocyanate and chain extender comprise the hard segment, which is
either glassy or crystalline at the use temperature to provide physical crosslinking to resist
flow when stress is applied to the material. Extensive hydrogen bonding in the hard
segments of adjacent polymer chains also significantly contributes to the strength of phy-
sical crosslinking [45, 46]. Macrodiol comprises the soft segment, which is amorphous or
semicrystalline and flexible. The soft segments account for most of the elastic properties of
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the PUs. Some common macrodiols, diisocyanates, and chain extenders included in this
review are listed in Table 4.2. The resultant PUs with their mechanical and degradation
properties are listed in Table 4.3. We use PU(x/y/z) to represent PU made from macrodiol x,
diisocyanate y, and chain extender z. There are relative few diisocyanates that have been
used to prepare PUs, partly because of the difficulty of synthesis. The most widely used
chain extenders are linear low molecular weight diols and diamines. Normally, macrodiols
are hydroxyl-terminated aliphatic polyesters such as polycaprolactone (PCL) diol, and
polyethers such as poly(ethylene oxide) (PEO). Mixtures of polyester and polyether are
also used to yield useful combination properties.

Mechanical Properties

Mechanical properties of PUs can be varied in a wide range via adjusting multiple factors
such as composition, relative content and molecular weight of each segment and the whole
polymer (Table 4.3). The amount and stability of the hard segment principally determine the
strength and stiffness of PUs [46, 79]. It was reported that urea bonds in the hard domain led
to 3D hydrogen bonding, resulting in extremely strong hard domain cohesion while
urethane carbonyls were not hydrogen bonded [45, 46]. Therefore, PUs prepared from
diamine chain extender had a stronger mechanical profile than similar PUs prepared from

Table 4.2 Blocks for polyurethane synthesis

Function Chemical name (abbreviation) References

Diisocyanate Butylene-1,4-diisocyanate (BDI) [44, 47–61]
Diisocyanate Lysine ester diisocyanate (LDI) [62–71]
Diisocyanate Hexamethylene-1,6-diisocyanate (HDI) [70, 72–76]
Diisocyanate 4,40-diphenylmethane diisocyanate (MDI) [77–81]
Macrodiol Polycaprolactone diol (PCL) [44, 47–56, 58–81]
Macrodiol Poly(ethylene oxide) (PEO) [44, 50, 51, 57, 62–64,

72, 73, 75]
Macrodiol Poly(propylene oxide) (PPO) [57]
Macrodiol Poly(trimethylene carbonate) (PTMC) [57]
Chain extender Lysine ethyl ester (Lys) [47]
Chain extender 1,4-cyclohexanedimethanol

L-phenylalanine diester (Phe)
[62–69]

Chain extender Putrescine (P) [44, 47–50, 52–54,
57–61]

Chain extender Ala-Ala-Lys(AAK) [51, 55, 56]
Chain extender 1,3-diaminopropane (1,3-DAP) [77, 78, 80, 81]
Chain extender Butanediol (BD) [71, 73, 79]
Chain extender 2, 20-(methylimino)diethanol (MIDE) [79]
Chain extender Saccharine (isosorbide) diol [74]

Chain extender 2-hydroxyethyl 2-hydroxypropanoate
(LAEG)

[70]

Chain extender Ethylene glycol (EG) [70]

4 Bioelastomers in Tissue Engineering 83



Ta
bl
e
4.
3
M
ec
ha
ni
ca
l
an
d
de
gr
ad
at
io
n
pr
op
er
tie
s
of

se
le
ct
ed

po
ly
ur
et
ha
ne
s

P
U
a

E
(M

P
a)

s
(M

P
a)

e
(%

)
D
eg
ra
da
tio

nb
tim

e,
m
as
s
lo
ss

R
ef
er
en
ce
s

P
C
L
/B
D
I/
L
ys

14
–
38

9.
2–

13
84

1–
89

5
56

d,
30
–
60

%
[4
7–
49
]

P
C
L
/B
D
I/
P

54
–
78

25
–
29

66
0–

68
6

56
d,

~5
%

[4
7–
50
,5

2–
54

,6
1,

68
,6

9]
P
E
O
-c
o-
P
C
L
/B
D
I/
P

4.
6–
75

8–
20

32
5–

56
0

56
d,

10
–
30

%
[ 4
4,

50
]

P
E
O
-c
o-
P
C
L
/B
D
I/
A
A
K

–
15

–
20

67
0–

89
0

56
d,

12
–
17

%
56

d,
18

%
–
35

%
c

[5
1]

P
C
L
/B
D
I/
A
A
K

–
28

83
0

56
d,

~1
1%

56
d,

~2
6%

c

[5
1,

55
,5

6]

P
E
O
-c
o-
P
T
M
C
/B
D
I/
P

3.
5

1.
8

53
42

d,
32

%
[5
7]

P
P
O
-c
o-
P
E
O
-c
o-
P
T
M
C
/B
D
I/
P

5.
5–

7.
4

8.
1–

17
.9

36
3–

71
1

42
d,

2–
6%

[ 5
7]

P
C
L
/L
D
I/
P
he

6.
6–
81
.9

12
.5
–
30

.8
61

8–
68

2
28

d,
2–
8%

d

28
d,

0.
7–
3%

e

[6
2,

63
,6

8,
69

]

P
E
O
-c
o-
P
C
L
/L
D
I/
P
he

49
–
10
5

6–
26

51
0–

72
6

14
d,

5–
25

%
f

[6
2–
64
]

P
C
L
/M

D
I/
B
D

–
63

.8
79

7
20

d,
16

%
[ 7
9]

P
C
L
/M

D
I/
M
ID

E
–

40
.9

75
6

20
d,

58
%

[7
9]

P
E
O
-c
o-
P
C
L
/H
D
I/
B
D

30
.8

3.
64

>
50

0
–

[ 7
3]

P
C
L
/L
D
I/
L
A
E
G

2.
09

–
4.
03

1.
05

–
3.
55

97
9–

1,
16

5
36

5
d,

~2
5–

80
%

[7
0]

P
C
L
/L
D
I/
E
G

4.
2–
11
.2

1.
02

–
4.
74

26
3–

1,
51

9
36

5
d,

~0
–
6.
6%

[ 7
0]

P
C
L
/H
D
I/
L
A
E
G

17
.0
4

6.
2

92
3

36
5
d,

~4
%

[7
0]

P
C
L
/H
D
I/
E
G

21
.1
2

29
.0

10
84

36
5
d,

0%
[7
0]

E
Y
ou

ng
’s
m
od

ul
us
,e

M
ax
im

al
st
ra
in
,s

T
en
si
le
st
re
ng

th
a T
he

co
nt
en
t
of

di
ff
er
en
t
un
its

m
ay

va
ry
,p

le
as
e
re
fe
r
to

th
e
re
fe
re
nc
es

b
P
B
S
,3

7�
C
un

le
ss

ot
he
rw

is
e
no
te
d

c 0
.3

m
g/
m
l
el
as
ta
se
,3

7�
C

d
C
hy

m
ot
ry
ps
in

so
lu
tio

n,
37

� C
e T
ri
s
bu

ff
er

so
lu
tio

n
(0
.0
36

M
T
ri
s
w
ith

0.
04
5
M

C
aC

l 2
an
d
0.
02

%
N
aN

3
,p

H
8.
0)

f T
ri
s-
bu

ff
er
ed

sa
lin

e
(T
B
S
,0

.0
5
M

T
ri
s,
0.
1
M

N
aC

l,
pH

7.
4)
,3

7�
C

4

84 Z. You and Y. Wang



diol chain extenders [45, 46]. An increase of the hard segment content usually enhances the
mechanical strength to yield a stronger but stiffer elastomer with lower maximal strain [77].
Because the availability of diisocyanate is relative limited, the soft segments are more often
varied to modulate the properties of PUs. The hard segment content can be increased by
decreasing the MW of the macrodiol or the relative feed ratio of macrodiol to diisocyanate
and chain extender.

The structure of the soft segment also affects the mechanical properties of PUs. For
example, PCL and PEO are two commonly used macrodiols. PUs prepared from PCL are
relative strong, elastomeric materials which range from completely amorphous to semicrys-
talline and PUs prepared from PEO are generally weak, tacky amorphousmaterials [62]. PUs
using PCL as the soft segment are normally stronger with higher tensile strength than similar
PUs with PEO and PCL copolymer as the soft segment [50, 51, 64]. Increasing PCL segment
length increases the tensile strength, modulus, and maximal elongation, because of facilitat-
ing phase separation and soft segment crystallinity [62]. In contrast, increasing PEO segment
length decreases the tensile strength [51, 64]. Other structures such as poly(trimethylene
carbonate) (PTMC) and poly(propylene oxide) (PPO) are also used as soft segments to
modulate the properties of PUs [57]. Replacing PEOwith the similar length PEO–PPO–PEO
resulted in higher mechanical strength and maximal strain [57]. Increasing PTMC length
significantly increased the tensile strength, maximal strain, and Young’s modulus [57].

Biodegradability

Biodegradability of PUs can be varied by selection of different hard and soft segments, and
their relative content (Table 4.3). Hard segments in traditional PUs for long-term implanta-
tion applications are typically synthesized from aromatic diisocyanate, which are normally
biostable [43]. In contrast, degradable PUs are usually made from aliphatic diisocyanate
such as Butylene-1,4-diisocyanate (BDI) and Hexamethylene-1,6-diisocyanate (HDI).
Also, enzymatically degradable Lysine ester diisocyanate (LDI) has been introduced to
further adjust the degradation of hard segments [62–64].

More typically, soft segments are used to modulate the degradation rate of PUs [43].
Normally, increasing the length and hydrophilicity of soft segments will increase the
degradation [47, 77]. The degradation rate greatly enhances when PPO is replaced by
hydrophilic PEO [57]. Combining different soft segments is an effective strategy to improve
the overall properties. For example, combining PEO and PCL can take advantage of the two
soft segments on mechanical integrity and the degradation rates [44, 64]. Increasing PEO
length or decreasing PCL length increases water absorption and biodegradation rate likely
due to increased hydrophilicity and decreased crystallinity [44, 64].

In addition, structural variations of the chain extender are employed to modulate the
degradation properties. Using substrates of enzymatic degradation in the chain extender is
also an efficient way to increase degradation. Phenylalanine derived diamine chain extender
1,4-cyclohexanedimethanol L-phenylalanine diester (Phe) has been investigated for a long
time [63]. This extender results in increased susceptibility to enzyme-mediated, but not
buffer-mediated, erosion in comparison to the control PU [63]. PUs using putrescine as the
chain extender only displayed a little mass loss during an 8-week period in vitro [47].
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However, when putrescine was replaced by lysine derived diamine, a considerable and
continuous mass loss was observed [47]. Recently, tripeptide based diamine AAK (Table 4.2)
was introduced as a chain extender to endow the resultant PUs predefined elastase sensi-
tivity [51, 55]. As expected, their degradation in elastase solution was significantly higher
than in PBS [51]. Scaffolds made of AAK containing PUs were completely absorbed
8 weeks post-subcutaneous implantation in rats, much faster than similar PUs without
AAK units [55]. Desaminotyrosine tyrosyl hexyl ester is another amino acid based chain
extender, which also makes corresponding PUs more susceptible to enzymatic degradation
[72]. Introducing hydrophilic units to chain extender also leads to faster degradation.
Hydrolyzable chain extenders based on DL-lactic acid and ethylene glycol accelerates
hard segment degradation [70]. Mass loss of these PUs is directly proportional to hard
segment weight percentage, suggesting that the hard segment is susceptible to degradation.
Comparing the PUs made from 2,20-(methylimino)diethanol (MIDE) and BD as chain
extenders, the former has a 4–10 times faster degradation rate than the latter due to greater
hydrophilicity of MIDE [79]. Recently, amphiphilic multiblock PUs with ammonium
cationic groups in the chain extender were synthesized and showed much faster degradation
than control PUs [71].

Biocompatibility

Traditional aromatic PUs may produce toxic degradation products, however, many aliphatic
biodegradable PUs and several in the 4,40-diphenylmethane diisocyanate (MDI) family
have been created and shown to be nontoxic for both the polymers and their degradation
products (most PUs listed in Table 4.3 are biocompatible). So far, most of them have only
been tested in vitro and more in vivo evaluation is necessary to determine the interactions
between tissue and PUs biomaterials.

4.3.1.2
Applications

Due to their excellent mechanical properties, good processability, and tunable structures,
PUs have been extensively applied in tissue engineering, particularly in soft tissue engi-
neering.

Scaffold Fabrication

Thermoplastic PUs can be processed easily and there are various methods that are amend-
able to fabricate PU scaffolds. Thermally induced phase separation has been employed
to fabricate PU(PEO-co-PCL/BDI/P) and PU(PCL/BDI/P) into microfibrous scaffolds
[50]. The pore size, morphology (several mm to 150 mm), and porosity (80–97%) can be
modulated by polymer solution concentration and quenching temperature. Maximal strain
of the resultant PU scaffolds is 214% and higher with a tensile strength of approximately
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1.0 MPa. Both scaffolds support smooth muscle cell (SMC) adhesion and growth with more
extensive growth in the PEO containing PUs because of its increased hydrophilicity and
faster degradation rate. By controlling the heat transfer direction, oriented PU scaffolds with
anisotropic mechanical properties can be produced [55]. PU scaffolds with basic fibroblast
growth factor release are also fabricated by this method [54]. The resultant scaffolds have
tensile strengths of 0.25–2.8 MPa and elongations at break of 81–443%.

Electrospinning of PUs has been extensively explored. Electrospinning PU(PCL/LDI/
Phe) yields a nanofibrous scaffold with an ultimate tensile stress of 1.33 MPa and tensile
strain of 78.6% [69]. To improve the cytophilicity of PU scaffolds, co-electrospinning of PU
(PCL/BDI/P) and Type I collagen or urinary bladder matrix was performed to fabricate
hybrid fibrous scaffolds [48, 49]. The resultant scaffolds showed moderate mechanical
properties and significantly enhanced the ability to promote SMC adhesion and growth [48,
49]. Further, controlled electrospinning of PU(PCL/BDI/P) can produce a mechanically
anisotropic scaffold, which closely resembles the native pulmonary heart valve leaflet [52].
This study provided a practical strategy to fabricate tissue engineering scaffolds mimicking
the mechanical anisotropy of native tissues. Recently, IGF delivery was also built into
electrospun elastase-sensitive PU(PCL/BDI/AAK) to provide an anisotropic scaffold with
the ability to improve mesenchymal stem cell survival and orientation [56]. Moreover, a
co-electrospinning technology was established to micro-integrate SMCs into PU fibrous
matrixes [53]. The resultant constructs show high cell survival, strong, flexible and aniso-
tropic mechanical properties with tensile strengths ranging from 2.0 to 6.5 MPa, and
maximal strains from 850 to 1,700%. This provides a novel fabrication method for elastic
tissue mimetics with high cell density.

In addition, the good processing capability of PU makes it a suitable material amendable
to advanced fabrication methods. For example, a low-temperature deposition rapid proto-
typing technique can process PU(PCL/PEO/HDI) into an advanced scaffold with various
internal channels and micro-pores, a promising scaffold for vascular tissue engineering [73].

Applications in Cardiovascular Tissues

PUs are highly pliable and very suitable to fabricate scaffolds for cardiovascular tissue
engineering. PU(PCL/BDI/P) is one of the most extensively investigated PUs in tissue
engineering. To improve cell adhesion, a well established surface modification method –

radio-frequency glow discharge followed by the coupling of Arg-Gly-Asp-Ser [47] was
used. The modified PU(PCL/BDI/P) enhanced human endothelial cells adhesion by nearly
twofold, better than tissue culture treated polystyrene (TCPS) [47]. This method was also
employed to modify other PU surfaces [44, 51, 57]. Anisotropic ECM and alignment of
cardiomyocytes are unique properties of heart tissue. To mimic this character, electrospin-
ning was employed to process PU(PCL/BDI/P) into aligned microfibers [68]. In vitro, the
anisotropic PU(PCL/BDI/P) fibrous scaffold yielded highly oriented cardiomyocyte group-
ings and more mature cells than unaligned controls. In vivo evaluation of PU(PCL/BDI/P)
scaffold as a biodegradable patch to repair cardiac tissue defects was performed using a
surgical defect in the right ventricular outflow tract of adult rats as the animal model [59]. In
contrast to PTFE patches, fibroblasts impregnated PU(PCL/BDI/P) patches within 4 weeks.
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Complete endothelialization was observed within 12 weeks with a moderate inflammatory
reaction and no thrombus. PU(PCL/BDI/P) elastic patches were applied to subacute infarcts
in the rat model [60]. After 8 weeks of implantation, the patch was largely resorbed and the
left ventricular wall was thicker than the infarction control. The patch promotes the
formation of contractile smooth muscle cells, cardiac remodeling, and the improvement
of contractile function. This approach provides a potential alternative to cellular cardio-
myoplasty or larger ventricular restraint devices for cardiac repair.

The potential of PU(PCL/BDI/P) scaffolds in tissue engineered vascular grafts has also
been examined. A novel rotational vacuum seeding technique was used to rapidly and
evenly seed muscle-derived stem cells into the tubular PU scaffolds (Fig. 4.2) [61, 82]. The
stem cells remained viable and proliferated, and the cell phenotype was intact in vitro for 7
days. Recently, phospholipid-containing polymer poly(2-methacryloylxyethyl phosphoryl-
choline-co-methacryloyloxyethyl butylurethane) was blended with PU(PCL/BDI/P) to
produce a scaffold that was both non-thrombogenic and with mechanical properties appro-
priate for vascular tissue. The resultant conduits showed reduced thrombogenicity and
greater patency when implanted in a rat abdominal aorta for 8 weeks [58].

Other PUs are also employed for cardiovascular regeneration. PU(PCL/LDI/Phe) is one
of the first biodegradable PUs used in tissue engineering. Its potential to serve as cardiac
grafts to replace damaged cardiac tissue has been evaluated by culture of embryonic stem
cell-derived cardiomyocytes on PU films [65]. Laminin or collagen IV coatings on the PU
films promoted preferential cell attachment and yielded a greater number of contracting
films with fully contractile myocytes compared to controls after 30 days culture [65].
Further investigation of the behavior of cardiomyocytes seeded on different porous PU
(PCL/LDI/Phe) scaffolds reveals that the material macrostructure does not directly effect
the functionality of cells [66]. Cell seeded PU(PCL/MDI/1,3-DAP) constructs are being
investigated for myocardial repair in vivo [80, 81]. Highly porous PU scaffolds were seeded
by rat skeletal myoblasts and implanted on infarcted hearts in Lewis rats [81]. Laminin
coating promoted the highest cell attachment. After 4 weeks, numerous myoblasts pene-
trated throughout the scaffolds without any apparent inflammatory reaction [80]. However,
no cell differentiation and migration, and no neovessels were observed [80]. In addition, this
PU scaffold based cell delivery did not increase the functional benefit when compared to
direct injection of myoblasts [81]. Therefore, further studies are required to determine the
efficiency of this therapeutic approach. PU(PCL/HDI/PEO) is evaluated for tissue engi-
neered vascular grafts in vivo [75]. Tri-layer tubular scaffolds (6-mm i.d., 4 cm long) with
PU(PCL/HDI/PEO) sandwiched by PLA were seeded by bone marrow stromal cells and
cultured for 7 days to produce small diameter vascular constructs. The constructs implanted
in canine abdominal aorta exhibited good biocompatibility, long term patency, and remo-
deling ability up to 24 weeks.

Applications in Other Tissues

PUs have been found to be useful for anterior cruciate ligament regeneration. To identify a
suitable PU for anterior cruciate ligament tissue engineering, a series of PUs made from
PCL, MDI, and various aliphatic diamines as chain extenders were investigated [77]. It was

4

88 Z. You and Y. Wang



found that PU(PCL/MDI/1,3-DAP) using PCL(Mn ¼ 530 Da) has a relative high tensile
strength and modulus, and low degradation rate to maintain sufficiently high mechanical
strength during degradation. The mechanical properties of the PU band approach those of
the normal human anterior cruciate ligament. PU (PCL/MDI/1,3-DAP) bands show good
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Fig. 4.2 (a) Schematic of the seeding device. A cell suspension is infused intraluminally into both
ends of a PU(PCL/BDI/P) porous tubular scaffold by means of a syringe pump. Applied vacuum in
the chamber fosters the radial exudation of the liquid phase of the cell suspension across the
thickness of the polymer. An electrical motor rotates the construct, promoting a homogeneous
distribution of cells around the circumference. (b) Operating principle of the seeding technique.
A transmural flow is induced by an external vacuum and intraluminal infusion of a cell suspension.
The porous nature of the scaffold allows for the liquid phase to exude through while the particulate
(e.g., cells, microspheres) become entrapped in the pores. Rotation is employed to yield a
uniform circumferential seeding distribution (Reprinted by permission from [82]. Copyright
2006, Elsevier Ltd.)
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biocompatibility in vivo and ingrowth of connective tissue was detected over a 24-month
implantation in both rabbits and minipigs [78].

Recently, PU(HDI/PCL/isosorbide diol) was used for cartilage regeneration [74]. The
PU was fabricated as microporous membranes with different pores size (<5 mm, 10–20 mm,
40–60 mm). Compared with PLA membranes (pores size from 10 to 70 mm), all PU
membranes promote similar cell proliferation. Cells growing in PU membranes with pore
sizes of less than 5 mm and 10–20 mm produced more matrix than those in PLA membranes
in the first 10 days, while PU membranes with pore size from 40 to 60 mm lagged behind
PLA. In addition, the resilient biomechanical profile of PU membranes is believed to
facilitate mechanical loading and cartilage regeneration. This study provides a potential
flap substitute and a chondrocyte carrier for cartilage repair.

4.3.1.3
Crosslinked Polyurethanes

Besides thermoplastic PUs, thermoset PUs have also been used in tissue engineering.
Although most of them are designed for bone regeneration, the basic design principles
should be applicable to soft tissue engineering as well [42]. Certain thermoset PUs have
interesting features such as injectability and in situ gas foaming capability. Therefore, we
will discuss some recent examples of thermoset PUs. All of them are crosslinked network
containing urethane bonds.

The common method to obtain thermoset PUs is polycondensation of polyisocyanate,
polyol, or/and polyamine with at least one reactant containing more than two functional-
ities. Similar to crosslinked polyester bioelastomers (see sections 4.3.3 and 4.3.4), the
properties of resultant PU bioelastomers can be modulated by selection of different mono-
mers and varying their ratios, but the residual isocyanate groups might be toxic. Thus, the
purification should be thorough to completely remove all the isocyanate groups. One
example is LDI-glucose PUs [83]. Using a two-step polymerization, porous scaffolds can
be readily prepared by simple addition of water during crosslinking of prepolymer prepared
from LDI and glucose. The mechanism is that water reacts with the isocyanate group of the
prepolymer to yield an unstable carbamic acid, which then decomposes to an amine group
while liberating carbon dioxide as a porogen to form the foam structure. The pores are
interconnected with sizes between 20 and 1,000 mm. Although the mechanical properties
were not reported, the authors stated that by control over the feed ratio of LDI and glucose
the resultant PU matrix could be hard or soft and pliable. The resultant PUs show a
moderate in vitro degradation rate with 67.7% mass loss in PBS at 37�C in 60 days. Lysine
and glucose are identified to be the degradation products, which don’t markedly change the
pH of the solution. However, the PUs degraded in vivo three times faster than in vitro, as
evidenced by subcutaneous implantation in rats. The implants are not immunogenic and
induce a minimal foreign body reaction.

Recently, the in situ gelling system comprising poly(e-caprolactone-co-glycolide) triol
and HDI was employed as an injectable growth factor delivery system for wound healing
[84]. Platelet-derived growth factor was added to the system as a lyophilized powder to
retain its bioactivity. The release of growth factor lasts up to 21 days in vitro after an initial
burst. When implanted in rat skin excisional wounds, PU scaffolds with growth factor
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promoted better wound healing than blank PU controls. New granulation tissue forms as
early as day 3 and complete healing with reepithelization occurs at day 14. This presents a
novel injectable local delivery system for tissue regeneration.

Another route to obtain crosslinked PU networks was reported recently [85]. Poly
(hexamethylene carbonate) diol reacts with 2 equivalents of LDI to produce a diisocyanate
intermediate, which is treated with 2-hydroxyethyl methacrylate to provide a divinyl
oligomer. The cross-linker was synthesized using 2.01:1.00 molar ratio of 2-hydroxyethyl
methacrylate and LDI. Benzoyl peroxide initiating radical copolymerization of divinyl
oligomer, methacrylic acid, methyl methacrylate, and cross-linker in the presence of
NaHCO3 particles as porogen produces the degradable PU porous scaffolds. As expected,
increasing cross-linker concentration leads to an increase of the Young’s modulus (from 0.5
to 21 MPa) and a decrease of elongation at yield (from 45 to 5%). In vitro, these PU
scaffolds support the adhesion and growth of A10 vascular SMCs.

4.3.2
Other Thermoplastic Bioelastomers

4.3.2.1
Copolymers of PLA, PGA, PCL

Introduction

The good biocompatibility of PLA, PGA, and PCL has been recognized for a long time [86,
87]. Therefore, they are often the first choice for building blocks for new biomaterials.
Although PLA, PGA, and their copolymer PLGA have been widely used in tissue engi-
neering [20, 27], the stiffness mismatches with the elastomeric ECM of soft tissues and their
plasticity will lead to permanent deformations when implanted in a mechanically dynamic
environment [14]. Also, PLA and PGA possess a relatively high rate of degradation. PCL is
another US Food and Drug Administration (FDA) approved polyester and has also been
widely used in biomedical engineering [20, 88]. PCL is relative flexible with a semicrystal-
line structure. However, due to its hydrophobicity, PCL degrades very slowly (normally
more than 2 years) and is unsuitable for many tissue engineering applications [20]. To retain
their biocompatibility and integrate their advantages to improve the overall performance,
the copolymers using PLA/PGA/PLGA as hard segment and PCL as soft segment have
been extensively investigated. By controlling the composition, a series of thermoplastic
bioelastomers with suitable mechanical and degradation characteristics have been produced
and evaluated for tissue engineering applications.

Poly(glycolide-co-e-caprolactone) (PGCL) is synthesized by random copolymerization
of glycolide and e-caprolactone at 170�C using Sn(Oct)2 as the catalyst [89]. The porous
PGCL and PLGA scaffolds are fabricated by a solvent casting/particulate leaching method
and their mechanical properties are compared. PGCL scaffolds exhibit much better elastic-
ity than PLGA scaffolds. The maximal strain of PGCL scaffolds are up to 250% higher than
the ones of PLGA scaffolds (10–15%). In addition, PGCL scaffolds show a robust ability
to resist deformation. They recover well from large elongation (96% recovery after 230%
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strain) and long-time cyclic deformation (4% residual extension after cyclic elongation of
20% for 6 days). In contrast, PLGA scaffolds only can recover 85% at applied strain of 3%.
Subcutaneous implantation of smooth muscle cell-seeded constructs in nude mice confirms
the in vivo biocompatibility of PGCL scaffolds. Smooth muscle tissue forms in the scaffold
within 3 weeks. In vitro degradation of PGCL scaffolds is estimated in PBS at 37�C: mass
loss of 3% and 50% are found after 2 and 6 weeks, respectively.

Poly(lactide-co-e-caprolactone) (PLCL) is synthesized by Sn(Oct)2 catalyzing random
copolymerization of L-lactide and e-caprolactone at 170�C using 1,6-hexanediol as initiator
[90]. Porous PLCL scaffolds fabricated by solvent casting/particulate leaching method also
exhibit good elasticity. They can be easily twisted and bended,while PLGA is broken. Even for
highly porous scaffolds (90 wt% salt), it can be extended to 200%, displays 100% recovery
from near 100% strain, and withstands cyclic mechanical strain up to 2 weeks without any
deformation. In vitro SMC culture shows that cell adhesion and proliferation are enhanced
with pore size and porosity. The in vivo biocompatibility was confirmed by subcutaneous
implantation of PLCL scaffolds in nude mice for 8 weeks [91]. At the same time, the in vivo
degradation behavior was investigated. The subcutaneously implanted PLCL scaffolds lost
19% mass over 15 weeks. The caprolactone segments degraded faster than lactide segments
due to their different amorphous (PCL unit) and crystalline (LA unit) morphology [91].

Applications

Highly elastic PLCL provides a suitable substrate for engineering vascular tissue under
mechanically dynamic conditions. Porous tubular PLCL scaffolds seeded with SMCs are
cultured in pulsatile perfusion bioreactors for up to 8 weeks [92]. Compared to static
culture, the pulsatile strain and shear stress are found to enhance the SMC’s proliferation
and collagen production. Importantly, the mechano-active condition significantly facilitates
cell alignment and retention of differentiated cell phenotype. To further improve the
performance of PLCL scaffolds, the researchers fabricated a tubular fibrous PLCL scaffold
using a novel gel-spinning process [93]. The resultant PLCL scaffolds display much better
mechanical properties than extruded PLCL scaffolds: 5 times higher tensile strength (2.77
vs. 0.57 MPa), 4.8 times higher Young’s modulus (0.925 vs. 0.192 MPa), and greater
maximal strain (540% vs. 421%). Further, gel-spun scaffolds markedly enhanced cell
seeding efficiency and proliferation. To prevent intimal hyperplasia of tissue engineered
PLCL vascular grafts, the endothelialization of PLCL scaffold was performed [94].
A PLCL nanofibrous mesh with a porosity of 64–67% was fabricated by electrospinning.
Its mechanical testing displayed a suitable tensile strength (6.3 MPa) in the range of native
coronary artery (1.40–11.4 MPa) and greater maximal elongation (175%) than native
coronary artery (45–99%). To enhance the endothelialization, the scaffolds were treated
by plasma and coated with collagen. It was found that collagen coated scaffolds promoted
human coronary artery endothelial cell attachment, viability, and phenotypic maintenance
better than uncoated ones.

In addition, PLCL is fabricated to thin films to serve as a delivery matrix of adipose tissue
derived stem cells to treat abdominal aortic aneurysms [95]. The tensile strength of 250-mm-
thickfilms is 8.55MPa and itsmaximal elongation is up to 854%,which can impart implanted
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PLCL sufficient strength to withstand aortic pressures. The films showed a moderate degra-
dation rate with 50% mass loss in 6 month in vitro, which will provide sufficient time for
tissue ingrowth. Stem cells adhered to PLCL films, firmly resisting a wide range of physio-
logic shear stresses. Fibronectin coating further increased the cell viability on the films.

Most excitedly, tissue-engineered grafts made from PLCL seeded with autologous bone
marrow cells have already been clinically evaluated for cardiac repair in 42 patients (ages
from 1 to 24 years) [96, 97] (Fig. 4.3). All grafts are patent to a maximum follow-up of 32
months. No complications such as thrombosis, stenosis, or obstruction were observed. In
addition, the diameter of the grafts increased with time (110% � 7% of the implanted size).
These results are quite encouraging and demonstrate the feasibility of tissue-engineered
grafts for pediatric cardiovascular surgery.

Because of the toughness of PLCL, its potential for engineering relative hard tissue was
also investigated. PLCL sponges with various porosities (71–86%) were fabricated by
solvent casting/salt leaching method. The compression, creep, and stress relaxation tests
of these scaffolds and rabbit articular cartilage show similar profiles, indicating their
potential in cartilage tissue engineering [98].

4.3.2.2
Poly(ether ester)

Introduction

Poly (ether ester)s are well known thermoplastic elastomers [34]. They consist of amor-
phous polyethers as soft segments and crystalline polyesters as hard segments. Their
mechanical and degradation properties can be modulated in a wide range, via varying
structure and ratio of the segments. Among them, poly(ethylene oxide)/poly(butylene
terephthalate) (PEO/PBT) is FDA approved, commercially available (polyActive®), and
widely used in biomedical engineering. PEO/PBT copolymer is typically synthesized via
melt polycondensation of dimethyl terephthalate, PEO, and 1,4-butanediol under high
vacuum and temperature using a titanium catalyst. The copolymers are normally abbre-
viated as aPEObPBTc, where a, b, c are the MWof PEO, the weight% of PEO-terephthalate,
and the weight% PBT, respectively.

By varying the feed ratio of PEO to 1,4-butanediol and the MWof the PEO, a series of
polymers with diverse mechanical and degradation properties can be obtained. Mechanical
testing of 1000PEO72PBT28, 1000PEO55PBT45, 1000PEO30PBT70, 300PEO67PBT33
displays tensile strengths from 8 to 23 MPa and maximal elongation from 500 to 1,300%. It
is concluded that the mechanical properties are influenced by the phase separation, which is
enhanced by increasing the MW of PEO or the PBT content [99]. A degradation study of
300PEO69PBT31, 1000PEO69PBT31, and 1000PEO61PBT39 in PBS at 37�C traced by
intrinsic viscosity and mechanical properties shows totally different degradation profiles.
No obvious degradation of 300PEO69PBT31 is observed after 24 weeks. However,
1000PEO69PBT31 loses all of its mechanical strength within 12 weeks [99]. It is concluded
that high content of PEO leads to faster degradation of PEO/PBT. The in vivo degradation
of PEO/PBT is also investigated [100]. All the copolymers involved: 1000PEO71PBT29,
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Fig. 4.3 (a) Macroscopic view of biodegradable scaffolds and scanning electromicroscopic find-
ings of polymer scaffolds. Upper left, Macroscopic finding; 18 mm in diameter. Copolymer of L-
lactide and e-caprolactone synthesized by ring-opening polymerization, with weight composition
ratio of L-lactide and e-caprolactone at 50:50. Polymeric woven scaffold reinforced with PGA mesh.
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300PEO65PBT35, 300PEO50PBT50 exhibit slow degradation when implanted subcutane-
ously in rats. The last two only degrade moderately after 6 months. Same as in vitro, a
higher PEO content induces faster degradation. In addition, soluble PEO and insoluble
PEOT/PBT fraction are identified as the degradation products.

The biocompatibility of PEO/PBT polymer has been well documented. Recent
in vivo biocompatibility of porous PEO/PBT scaffolds made of various compositions:
300PEO55PBT45, 300PEO70PBT30, 1000PEO70PBT30, 4000PEO55PBT45, and
2000PEO80PBT20 were systematically evaluated via subcutaneous implantation in mini-
pigs [101]. No wound edema, skin irritation, chronic inflammation, localized tissue necro-
sis, and granuloma formation was observed in the implants. The rate and extent of
polymeric fragmentation associated with the hydrophilicity of the copolymers seem to be
the determining factor of success of soft tissue augmentation.

Applications

Here we will introduce a few recent applications of PEO/PBT in tissue engineering. For a
more complete review on PEO/PBT, readers are referred to a recent review [102].

PEO/PBT has been extensively investigated for dermal tissue regeneration. Porous
scaffolds made of 300PEO55PBT45 were employed to construct a human skin substitute
[103]. Human dermal fibroblasts were found to grow well and express ECM consisting of
collagen types I and Ш in PEO/PBT porous scaffold for 21 days culture in vitro. The
combination of dynamic seeding and static cultivation was identified to be the most
effective method. In another relative study, PEO55PBT45 with various PEO molecular
weights (300–4,000 Da) was used [104]. Fibroblasts were cultured in scaffolds for 3 weeks
followed by seeding with human keratinocytes. Both cells grew well and led to a multi-
layered epithelium with a morphology corresponding to that of the native epidermis.
Although there are still some defects of the tissue engineered dermal construct, it provides
a potential treatment of large full-thickness skin defects and chronic wounds, avoiding use
of large size autologous skin.

Recently, PEO/PBT was also studied for cartilage tissue engineering [105]. Two types of
porous 300PEO55PBT45 scaffolds with porosity from 75% to 80% were fabricated by
compression-molding/particulate-leaching and 3D fiber deposition. Articular chondrocytes
were seeded and tissue formation was evaluated. Although there is no evidence of cartilage-
like tissue formation in vitro, 3D fiber deposition PEO/PBT scaffolds significantly increased
glycosaminoglycans/DNA considerably better than compression-molding/particulate-leach-
ing ones following subcutaneous implantation. Softer scaffolds made of 1000PEO70PBT30
yielded better results [106]. After implantation in rabbit osteochondral defects for 12 weeks,
cartilage-like tissue formed in 1000PEO70PBT30 scaffolds on top of trabecular bone, whereas

Fig. 4.3 (continued) Bars represent 200 mm (middle left), 100 mm (lower left, upper right), and
50 mm (middle right, lower right). (b) Three-dimensional computed tomographic image of
patient’s heart 12 months after implantation of autologous bone marrow cells seeded with
above PLCL polymeric graft. Arrow indicates location of tissue-engineered conduits (Reprinted
by permission from [97]. Copyright 2005, the American Association for Thoracic surgery)

◂
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the tissue within the 300PEO55PBT45 scaffolds consisted predominantly of trabecular bone.
O’Driscoll scores for 1000PEO70PBT30 scaffolds are significantly better than
1000PEO70PBT30 scaffolds and untreated osteochondral defects. This study reveals that
the biomechanical and biochemical properties of the scaffold play an important role by
themselves, and can affect the healing response of osteochondral defects. PEO/PBT scaffolds
with low mechanical properties are superior in engineering cartilage tissue in vivo.

4.3.2.3
Poly(trimethylene carbonate) and Copolymers

PTMC based copolymers is another group of bioelastomers recently studied for tissue
engineering application. It is reported that high molecular weight (with Mn above
200,000 Da) PTMC prepared by the ring opening polymerization of trimethylene carbonate
is totally amorphous with a low glass transition temperature (<�17�C) and exhibits
some rubbery properties at room temperature [107]. But without crosslinking, PTMC
cannot recover well from large deformations (yield strain eyield ¼ 120–150%, yield strength
dyield ¼ 2.1–2.3 MPa) and suffers marked creep, and thus is not suitable for practical
application as an bioelastomer. Therefore, second segments such PCL or PLA are intro-
duced to provide sufficient physical crosslinking to resist chain flow.

First, poly(trimethylene carbonate-co-e-caprolactone) copolymers were investigated
[108]. Addition of PCL reduces both eyield and dyield when the TMC content is higher
than 25 mol%. Further reducing TMC content to 14 mol% causes crystals to form at room
temperature and eyield to decrease to 13%. Overall, there were little benefit in introducing
PCL to PTMC. Later researchers turned to poly(trimethylene carbonate-co-D,L-lactide)
copolymers [109]. Better bioelastomers are obtained with eyield of 300% and dyield of
2 MPa when the TMC content is 72 mol%. Both poly(trimethylene carbonate-co-e-capro-
lactone) and poly(trimethylene carbonate-co-D,L-lactide) exhibit mild inflammatory
responses when implanted subcutaneously in rats for 1 year [110]. PTMCs degrade via
surface erosion by enzyme mediated processes in vivo, which is advantageous because it
leads to a linear decrease of their physical and mechanical properties [110]. However PTMC
degradation is hard to predict, since contradictory results are reported [111]. Although the
material properties of PTMC based copolymers have been extensively investigated, its
usefulness in tissue engineering has not been reported.

4.3.2.4
Poly(ester amide)

Poly(ester amide) is another family of thermoplastic bioelastomers. Generally, polyamide
segments are employed as the hard phase. The crystallinity and the strong hydrogen
bonding between the amide bonds of individual chains serve as physical crosslinking to
impart the segmented polymer mechanical strength. On the other hand, flexible polyester
segments are employed as the soft phase to convey elasticity to the polymer. In addition,
polyesters are superior in solubility, and hydrolytic susceptibility, and thus can be designed
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to modulate the processability and degradability of resultant polymers [112]. Relative to
other bioelastomers, reports on poly(ester amide) in tissue engineering are limited. A recent
example is introduced here.

A segmented poly(ester amide) with a soft block based on 1,4-butanediol and dimethyl
adipate and a hard block based on dimethyl adipate, e-caprolactone, and 1,4-diaminobutane
was developed [113]. It was synthesized by two-step polycondensation of dimethyl adipate,
1,4-butanediol and N,N0-a,o-alkanediyl-bis[6-hydroxy-hexanamide] (bisamide-diol) cata-
lyzed by tetrabutyl(orthotitanate). Polymers with 25 and 50 mol% of amide content
supported fibroblast growth in vitro and led to a mild foreign-body reaction upon subcuta-
neous implantation. Tensile testing shows that they are relatively hard bioelastomers.
Young’s modulus (from 150 to 313 MPa) and tensile strength (dyield from 8 to 14 MPa,
dbreak from 21 to 25 MPa) increased with the increasing amide content, with similar
maximal strain (745% and 775%). Complete degradation of these polymers in vitro
(PBS, 37�C) occurs in 7 months. In vivo, only 2.5% mass loss of the polymer with 50%
amide content was found after 42 days of subcutaneous implantation. In addition, either
segment can also been incorporated to modulate the properties [114].

Thermoset Bioelastomers

Thermoset bioelastomers are covalently crosslinked, which is stronger than physical cross-
links. They usually have good mechanical stability, suitable for applications in a mechanically
dynamic environment. Very importantly, their amorphous structure is more homogeneous and
often leads to a more uniform degradation with good retention of structural and mechanical
integrity during degradation. The last fabrication step of thermoset elastomer is curing, an
irreversible step that locks the polymer in its final shape. One drawback of a thermoset polymer
is that the curing step may not be compatible with certain biomolecules. Another drawback of
thermoset elastomer is that the curing step may pose a challenge in material processing. Poly
(glycerol sebacate) (PGS), a representative thermoset bioelastomer will be discussed in
Sect. 4.3.3, followed by other thermoset bioelastomers in Sect. 4.3.4.

4.3.3
Poly(glycerol sebacate)

4.3.3.1
Introduction

Design and Structure

Current interest in thermoset bioelastomers for tissue engineering is largely driven by soft-
tissue, especially cardiovascular tissue engineering. A novel thermoset bioelastomer, poly
(glycerol sebacate) (PGS) was created specifically for implantation in dynamic mechanical
environments such as the cardiovascular system [115]. The rationale of this bioelastomer is
to create a biodegradable analog to vulcanized rubber. The covalent crosslinking creates a 3D
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network of random coils, which resembles the structure of vulcanized rubber and gives this
polymeric network rubber-like elasticity. Hydrogen bonding interactions are designed into
the polymeric network to further modulate themechanical properties of PGS. Such a strategy
to achieve tough and elastic materials is also inspired by naturally biological elastomeric
systems. For example, collagen and elastin, the major fibrous protein components of ECM
are crosslinked. Both covalent crosslinking and the hydrogen bonding interactions likely
contribute to their mechanical strength. Different from nondegradable elastomers, PGS is
constructed by hydrolysable ester bonds, which are expected to degrade in the physiological
environment with minimal differences in degradation caused by variance in enzyme levels.
To increase biocompatibility, the elastomer is made from endogenous building blocks:
glycerol and sebacic acid. The former is the basic building block for lipids. The latter is
the natural metabolic intermediate in o-oxidation of medium- to long-chain fatty acids. The
FDA has approved glycerol and polymers containing sebacic acid for medical applications.
Therefore, the potential degradation products of PGS are nontoxic.

Synthesis and Mechanical Properties

PGS is synthesized by a two-step polycondensation [115]. First, equimolar amounts of
glycerol and sebacic acid react at 120�C under argon for 24 h to furnish an uncrosslinked
prepolymer. The prepolymer is easily processed into various shapes, because it melts into
liquid and dissolves in common organic solvents such as 1,3-dioxane, tetrahydrofuran,
ethanol, isopropanol, and N,N-dimethylformamide. Further curing of prepolymer in a
vacuum oven at 120�C and 40 mTorr produces the PGS bioelastomer. Tensile test shows
that PGS has elastomeric properties that resemble cured natural rubber with a Young’s
modulus of 0.282 � 0.0250 MPa. The ultimate tensile stress and strain are at least 0.5 MPa
and 267 � 59.4% respectively. The mechanical properties of PGS are similar to those of
soft tissues (Table 4.1) [116].

Degradability

PGS shows a linear in vivo degradation profile with preservation of geometry and retention
of mechanical strength, both are critical parameters for applications in tissue engineering
[117]. PGS implants maintain their integrity and no cracks form in the implant. However,
apparent cracks in PLGA are observable starting at 7 days post-implantation and continue to
develop throughout the implantation period [117]. The mass and compression modulus of
PGS implants decrease nearly linearly, with a steady increase of degree of swelling through-
out the 35-day study. In contrast, PLGA implants lose their mechanical strength greatly
(98%) within 7 days and show a sharp decrease in mass and accelerated water uptake after 14
days. These findings indicate that the degradation mechanisms of PGS (surface erosion) and
PLGA (bulk erosion) are different. In addition, PGS shows a different degradation rate
in vitro and in vivo. It loses 17 � 6% mass when agitated in PBS solution at 37�C for
60 days, whereas PGS implants are totally absorbed at this point. The difference is most
likely due to the presence of enzymes and macrophage mediated degradation in vivo.
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In addition, multiple research groups have demonstrated that the mechanical and
degradation properties of PGS can be easily tailored in a wide range by varying the curing
temperature, time, and feed ratio of sebacic acid and glycerol [14, 118–120].

Biocompatibility

PGS shows excellent in vitro and in vivo biocompatibility [115]. The in vitro biocompati-
bility is evaluated by culture of NIH 3T3 fibroblast cells on the surface of the polymer. The
cells adhere well and show normal morphology, with higher growth rate than those on
PLGA. The in vivo biocompatibility is evaluated by subcutaneous implantation in Sprague-
Dawley rats. Similar to former reports, fibrous capsules (thick avascular collagen layer)
surrounding PLGA implants develop within 14 days and remain approximately 140 mm in
thickness. In contrast, only 45 mm thick fibrous capsules around PGS implants appear at 35
days and are highly vascularized. At 60 days, the PGS implants are completely absorbed
without formation of granulation or scar tissue, and the implantation site is restored to its
normal histologic architecture. Overall, PGS is at least as biocompatible as PLGA.

4.3.3.2
Applications

Because PGS is easy to synthesize and has good biocompatibility, tunable mechanical and
degradation properties, it has been widely used in tissue engineering, drug delivery [121]
and anti-adhesion in abdominal surgeries [122]. Herein, we will focus on its applications in
soft tissue engineering.

Scaffold Fabrication

Various types of PGS scaffolds have been fabricated. Photolithographical tools have been
used to produce a capillary network of PGS [123]. Human umbilical vein endothelial cells
adhere well on these micro-channels. Under flow culture conditions, the cells proliferate and
partly approach confluence within 14 days, and remain viable up to at least 4 weeks.
Specifically tailored microfabrication processes produce microfluidic PGS scaffolds [124]
and scaffolds that can provide contact guidance [125]. Hepatocytes (cell line) can be cultured
in microfluidic PGS scaffolds with long-term perfusion. This method can lead to vascular-
ized liver constructs, which may be integrated with the patient’s existing vasculature in order
to restore organ function. An improved solvent casting/salt leaching method produced
porous PGS scaffolds with approximately 90% porosity, extensive micropores, good pore
interconnectivity, and uniform scaffold thickness [126, 127]. Fibroblasts adhered and
proliferated well within these scaffolds and formed 3D tissue-engineered constructs within
8 days. Recently, an elegant coaxial core/shell electrospinning scheme is reported that uses
polylactide as the shell material to fabricate a nanofibrous PGS scaffold. The mechanical
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properties of the scaffolds resembles that of elastin [128]. The scaffold possesses excellent
cytocompatibility, as demonstrated by culture of human microvascular endothelial cells.

Applications in Cardiovascular Tissue

PGS sustains and recovers well from cyclic deformation, making it suitable as scaffold
material in the cardiovascular system. Development of small-diameter arterial grafts with
long-term patency is still a major challenge in tissue engineering. Previous investigations
using stiff materials such as PLA and PGA always lead to very high collagen content and
superb burst pressures, but have low elastin expression and compliance mismatch. Compli-
ance mismatch is known to cause intimal hyperplasia and ultimately graft occlusion in
vascular grafts. It is hypothesized that engineering small arteries on elastomeric scaffolds
under dynamic mechanical stimulation will result in strong and compliant arterial con-
structs. Accordingly, seamless tubular highly porous PGS scaffolds are fabricated and
employed in the engineering of small arteries [127, 129–131]. Primary baboon endothelial
progenitor cells and baboon SMCs adhere and proliferate well in PGS scaffolds. The cells
exhibit normal morphologic and phenotypic properties, and synthesize a significant amount
of ECM within 15 days [129]. Using a pulsatile flow system at physiologic pressure
and co-culture of endothelial progenitor cells and SMCs, the constructs of PGS scaffolds
co-express elastin and collagen, leading to highly compliant and distensible engineered
blood vessels, demonstrating that elastin synthesis and compliance matching are feasible
in blood vessel tissue engineering [130]. Further comparison of constructs created from
PGS and PLGA scaffolds cultured with SMCs under identical conditions demonstrates that:
(1) substrate stiffness directly affects in vitro tissue development and mechanical properties;
(2) elastic materials greatly facilitate crosslinked elastin expression and lead to engineered
arterial tissues with physiologic compliance after only 10 days of culture [131].

Another important application of PGS is in tissue engineering of cardiac tissues [132–
135]. The mechanical properties of PGS can be readily modulated to match those of
myocardial tissues [14]. A highly porous PGS scaffold with parallel channels is successfully
fabricated, which mimics the capillary network in native myocardium [132]. In contract, the
attempt to fabricate channeled scaffold using collagen fails due to the inferior mechanical
properties of collagen [134]. Co-culture of cardiac fibroblasts and cardiomyocytes in a
perfusion bioreactor with oxygen carriers yields contractile constructs within 11 days
[134]. In vivo, cell-free PGS scaffolds are vascularized after implantation in a rat infarcted
myocardium model for 2 weeks [134]. Recently, a PGS scaffold with an accordion-like
honeycomb microstructure was created (Fig. 4.4) [135]. Its stiffness is well controlled by
curing time and closely matches the mechanical properties of native adult rat right ventri-
cular myocardium. Further, it integrates anisotropy into scaffold materials, which guides
neonatal rat cardiomyocyte orientation in the constructs. This exciting development of PGS
scaffolds overcomes principal structural-mechanical limitations of isotropic scaffolds and
paves a new way towards advanced tissue-engineering scaffolds tailored for tissue-specific
regeneration. In addition, PGS scaffold precoated by proteins increases cellularity, enhances
ECM protein production and modulates the differentiation of endothelial progenitor cells
[136]. It provides a promising scaffold for tissue engineering of heart valves.
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Applications in Nervous Tissue

PGS has been also demonstrated to be a promising scaffold material for nerve regeneration
[137]. The in vitro and in vivo neural biocompatibility of PGS have been systematically
evaluated. Primary Schwann cells show similar attachment rate and metabolic activity on
both PGS and PLGA surfaces in vitro. The cells on PGS have a higher proliferation rate and
lower apoptotic activity than those on PLGA. In vivo implantation juxtaposed to the sciatic
nerve reveals that PGS causes a significantly lower chronic inflammatory response than
PLGA, probably because its degradation proceeds by surface erosion with low swelling.
A recent study investigates microfabricated PGS porous scaffold for retinal progenitor cell
(RPC) grafting. The scaffold has a Young’s modulus of 1.66 � 0.23 MPa and a maximal
strain of 113 � 22% [138]. These mechanical properties more closely resemble those of

Fig. 4.4 Accordion-like honeycomb scaffolds yield anisotropic mechanical properties similar to
native myocardium. (a, b) Schematic diagrams illustrating the accordion-like honeycomb design
constructed by two overlapping 200 � 200 mm squares rotated 45o (diamonds). Preferred (PD) and
orthogonal cross-preferred (XD) material directions, respectively, corresponding to circumferential
and longitudinal axes of the heart, are indicated. Scale bars: 1 mm (a) and 200 mm (b). (c) Scanning
electron micrographs demonstrating the fidelity of excimer laser microablation in rendering an
accordion-like honeycomb design in PGS. Scale bars: 200 mm. (d) PGS curing time was systemati-
cally varied, yielding a linear dependence of PGS effective stiffness (EPGS) on curing time within
the tested range. (e) Representative uniaxial stress–strain plots for accordion-like honeycomb
scaffolds with cultured neonatal rat heart cells (scaffolds were fabricated from PGS membranes
cured for 7.5 h at 160�C; neonatal rat heart cells were cultured for 1 week) (Reprinted by permission
from [135]. Copyright 2008, Nature Publishing Group)
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retinal tissue (Young’s modulus of 0.1 MPa and maximal strain of 83%) than the traditional
PLA/PLGA blend (Young’s modulus of 9.0 � 1.7 MPa and maximal strain of 9%) used for
RPCs delivery. In vitro study reveals that RPCs adhere and proliferate well in the PGS
scaffold, and show a trend towards differentiation. Subretinal transplantations demonstrate
long-term RPC survival and high levels of RPC migration into host retinal tissue [139].

4.3.3.3
Improvement

Poly(glycerol sebacate) Acrylate

Curing of PGS is typically performed at high temperature and high vacuum for 1–2 days.
The procedure is relatively long and the conditions are too harsh for biomolecules such as
proteins. Acrylation of PGS leads to poly(glycerol sebacate) acrylate (PGSA) with photo-
crosslinkable double bonds [140]. Varying the degree of acrylation and copolymerization
with PEO modulates the mechanical properties of PGSA bioelastomers over a wide range:
Young’s modulus from 0.05 to 20 MPa, tensile strength from 0.05 to 0.89 MPa, and
maximal strain from 4% to 189%. At the same time, the degradation rate and swelling
ratio in an aqueous environment can also be varied. By adding nonreactive glycerol during
polymerization, a porous PGSA scaffold is fabricated that is capable of encapsulating cells
in situ [141]. The encapsulated neuroblastoma and human embryonic stem cells adhere into
the matrix and grow well. The neuroblastoma cells form matrix fibrils and tissue, and
embryonic stem cells differentiate to form 3D tissue mimetic structures within 7 days.
Subcutaneous transplantation demonstrate the in vivo biocompatibilities of PGSA scaffolds
and their ability to promote tissue ingrowth [141]. Recently, PGSA is fabricated to fibrous
scaffolds via electrospinning using gelatin as a carrier polymer [142]. The resultant scaf-
folds show diverse mechanical (Young’s modulus form ~0.06 to 1 MPa) and degradation
properties (~45–70% mass loss by 12 weeks). In vitro evaluation using mesenchymal stem
cells demonstrates their cytocompatibility. In vivo evaluation using an acute myocardial
infarction rat model reveals a diverse host response, depending on the PGS macromer
acrylation and the scaffold thickness.

Poly(sebacoyl diglyceride)

PGS and later developed crosslinked polyester bioelastomers are typically synthesized by
random polycondensation [115, 143–147]. This method produces prepolymers with rela-
tively low molecular weight, high polydispersity index, undefined branched structure, and
are prone to premature crosslinking. All of these issues compromise the mechanical proper-
ties of the bioelastomer and impede their further modification. To overcome these limita-
tions, a novel synthetic strategy has been developed to prepare poly(sebacoyl diglyceride)
(PSeD) bearing free hydroxyl groups by an epoxide ring opening reaction between digly-
cidyl sebacate and sebacic acid [148]. PSeD can be viewed as a linear subset of PGS.
MTT assay using nonimmortalized Baboon SMCs (TCPS as a control) and subcutaneous
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implantation in Sprague Dawley rats (PLGA as a control) demonstrate that PSeD retains the
favorable in vitro and in vivo biocompatibility of PGS. The distinct synthetic method
imparts PSeD several superior advantages over PGS prepolymer: better defined structure
with more free �OH groups and higher linearity (10% vs. 55% branching); higher
molecular weight (Mn 16.6 kDa vs. 9.0 kDa); narrower polydispersity index (2.5 vs. 9.3);
and longer shelf time (>1 year vs.<3 months). Crosslinking PSeD with sebacic acid yields
a much tougher and more elastic elastomer than cured PGS: 5 times higher Young’s
modulus (1.57 � 0.48 vs. 0.282 � 0.025 MPa), more than 3 times higher tensile strength
(1.83 � 0.06 vs. 0.5 MPa), and greater maximal strain (409 � 29% vs. 267 � 59.4%). In
addition, the cyclic tensile test reveals the PSeD’s ability to recover well from cyclic
deformations. The feasibility of functionalization of PSeD is demonstrated by ready
glycination and maleic esterification. This versatile synthetic strategy is also applicable to
other diepoxides and diacids, which will lead to diverse biodegradable and biofunctiona-
lized bioelastomers with a variety of mechanical and physiochemical properties.

4.3.4
Other Thermoset Bioelastomers

4.3.4.1
Crosslinked Polyester Bioelastomers Prepared by Polycondensation

Introduction

Invention and successful applications of PGS in biomedical engineering have led to the
development of many other crosslinked polyester bioelastomers. Following the design
principles of PGS, these bioelastomers are typically synthesized from nontoxic polyacids
and polyols by polycondensation to increase biocompatibility. Polyester based network
with various predetermined structures and controlled crosslinking imparts them tunable
mechanical properties and biodegradability. Some representative examples of these cross-
linked polyester bioelastomers are listed in Table 4.4. For more structural variations, readers
are directed to relevant reviews [13, 88].

By varying the compositions and curing conditions, mechanical and degradation properties
of crosslinked polyester bioelastomers can bemodulated in awide range (Table 4.4): from very
soft relative weak to very strong relative hardmaterials [149], from very fast degradation [149]
to almost inertness [147]. First, different compositions will directly affect the properties of
these bioelastomers. Normally, hydrophobic structures will impede the water uptake and slow
the degradation. But for mechanical properties, so far, it is hard to tell which one is better.
Secondly, for fixed compositions, closer content of reactive functionalities in reactors such as
hydroxyl and carboxylic acid groups, higher curing temperature, and longer curing time
normally will induce higher crosslinking density and result in an increase of the Young’s
modulus and ultimate tensile strength, but decrease of themaximal strain and degradation rate.
For practical applications, mechanical, degradation, and other properties should be considered
together. For example, from a biocompatibility standpoint, generally water soluble mono-
mers are preferable, since theywill be easy to remove from the body after degradation. But, too
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Table 4.4 Selected examples of crosslinked polyester bioelastomers

Materials Curing
conditions

E (MPa) s (MPa) e (%) Degradationa

time, mass loss
References

POC 12�C, 2 Pa, 1 d 2.84 3.62 253 3 d, ~90%b [143, 151]
POC 120�C, 2 Pa, 3 d 4.69 5.34 160 3 d, ~15% [143, 151]
POC 120�C, 2 Pa, 6 d 6.44 5.80 117 – [143, 151]
POC 80�C, 14 d 2.66 – 265 – [143]
POC 80�C, 2 d 1.38 1.64 – 28 d, ~23%

12 h, ~95%b

[151]

POC 80�C, 4 d 1.85 2.93 367 – [151]
PHC 80�C, 2 d – – – 12 h, ~95%b [151]
PHC 80�C, 4 d 12.08 5.99 389 – [151]
PDC 80�C, 2 d – – – 12 h, ~85%b [151]
PDC 80�C, 4 d 1.92 3.49 338 – [151]
PDDC 80�C, 2 d – – – 12 h, ~25%b [151]
PDDC 80�C, 4 d 1.60 6.19 502 – [151]
POCM 80�C, 4 d 13.98 9.76 386 – [151]
POCM 80�C, 2 d 8.1 5.6 – 28 d, ~70% [151]
POCM 80�C, 4 d 13.98 9.76 386 –

PDDCM 80�C, 4 d 4.30 11.15 445 – [151]

PXS 1:1 120�C, 2 Pa, 4 d 0.82 0.61 205.16 105 d, 1.78%
49 d, 100%c

[145, 147]

PXS 1:2 120�C, 2 Pa, 4 d 5.33 1.43 33.12 105 d, 1.88%;
196 d, 23.3%c

[145, 147]

PSS 1:1 120�C, 2 Pa, 5 d 0.37 0.57 192.24 105 d, 15.66%
84 d, 100%c

[147]

PSS 1:2 120�C, 2 Pa, 4 d 2.67 1.16 65.94 105 d, 5.57% [147]
PMS 1:1 140�C, 2 Pa, 5 d 2.21 0.79 50.54 105 d, 21.90% [147]
PMS 1:2 140�C, 2 Pa, 5 d 12.82 3.32 44.99 105 d, 9.00% [147]
PMtS 1:4 150�C, 2 Pa, 5 d 378.0 17.64 10.90 105 d, 0.76% [147]
2DAHP-1G 170�C, 50 mTorr, 24 h 2.45 1.33 92 42 d, 97.0%d [146]

2DAHP-1G 170�C, 50 mTorr, 48 h 4.34 1.69 64 42 d, 44.3%d

140 d, 12.9%c

[146]

2DAHP-1T 170�C, 50 mTorr, 24 h 1.45 0.39 60 42 d, 70.4%d [146]
2DAHP-1T 170�C, 50 mTorr, 48 h 1.48 0.24 21 42 d, 42.8%d

140 d, 13.0%c

[146]

CUPE0.6 80�C, 2 d 2.99 16.02 252.37 56 d, 16% [150]
CUPE0.9 80�C, 2 d 5.84 32.10 278.24 56 d, ~15% [150]
CUPE1.2 80�C, 2 d 29.82 33.35 260.87 56 d, 8.13% [150]
CUPE1.2 80�C, 1 d 4.84 28.75 265.43 – [150]
CUPE0.6 80�C, 1 d 2.53 15.62 291.26 – [150]
PPCLM300 120�C, 1 d – 1.26 72.70 70 d, ~66% [152]

PPCLM300 120�C, 3 d – 8.18 123.12 70 d, ~45% [152]
PPCLM300 120�C, 5 d – 15.19 172.37 70 d, ~30% [152]
PPCLM900 120�C, 1 d – 0.32 204.18 70 d, 23.1% [152]
PPCLM900 120�C, 3 d – 0.63 49.03 70 d, ~12% [152]

(continued )
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Table 4.4 (continued)

Materials Curing
conditions

E (MPa) s (MPa) e (%) Degradationa

time, mass loss
References

PPCLM900 120�C, 5 d – 0.70 30.97 70 d, 10.51% [152]
PBa 60�C, 7 d 1.95 1.0 583 2 d, 100% [149]
PHa 60�C, 7 d 0.1 0.3 395 4 d, 100% [149]
PGa 90�C, 2 d 459.4 9.3 121 3 d, 100% [149]
PBa 90�C, 2 d 161.3 4.7 418 7 d, 100% [149]

PHa 90�C, 2 d 2.5 2.1 176 14 d, 100% [149]
PGa 120�C, 1 d 499.7 16.7 43 8 d, 100% [149]
PBa 120�C, 1 d 381.9 8.1 95 17 d, 100% [149]
PHa 120�C, 1 d 657.4 30.8 22 28 d, 100% [149]
PHa 120�C, 6 h 0.1 0.2 379 4 d, 100% [149]
PHa 120�C, 12 h 1.3 1.2 151 12 d, 100% [149]
PHa 120�C, 8 h 4.2 2.2 200 13 d, 100% [149]
PGSL 140�C, 40 m

Torr, 30 h
2.94 0.15 133 30 d, ~17% [153]

PGSC4/4/1 120�C, 8 h 1.03 0.76 106 28 d, ~23% [154, 155]
PGSC4/4/1 120�C, 10 h 1.43 0.84 86 28 d, ~20% [155]
PGSC4/4/1 120�C, 12 h 2.07 0.97 65 28 d, ~16% [154, 155]
PGSC4/4/1 120�C, 14 h 3.26 1.46 62 28 d, ~12.5% [154, 155]
PGSC4/4/

0.6
120�C, 12 h 0.61 0.63 170 28 d, ~17% [154]

PGSC4/4/
0.6

120�C, 16 h 1.55 0.80 78 – [154]

PGSC4/4/
0.6

120�C, 18 h 2.23 0.86 51 28 d, ~15% [154]

E Young’s modulus, e Maximal strain, s Tensile strength, POC Poly(1,8-octanediol-co-citrate),
PHC Poly(1,6-hexanediol-co-citrate), PDC Poly(1,10-decanediol-co-citrate), PDDC Poly(1,12-
dodecanediol-co-citrate), POCM Poly[1,8-octanediol(90%)-co-N-methyldiethanolamine-co-citrate],
PDDCM Poly[1,12-dodecanediol(90%)-co-N-methyldiethanolamine-co-citrate], PXS a/b Poly(xyli-
tol sebacate), Mxylitol/Msebacic acid ¼ a/b, PSS a/b Poly(sorbitol sebacate), Msorbitol/Msebacic acid ¼ a/b,
PMS a/b Poly(mannitol sebacate), Mmannitol/Msebacic acid ¼ a/b, PMtS a/b Poly(maltitol sebacate),
Mmaltitol/Msebacic acid ¼ a/b, 2DAHP-1G Poly(1,3-diamino-2-hydroxy-propane-co-glycerol sebacate),
2DAHP-1T Poly(1,3-diamino-2-hydroxy-propane-co-threitol sebacate), CUPEa Crosslinked
urethane-doped polyesters, Mpre-POC/MHDI ¼ 1/a, PPCLMa Poly(polycaprolactone triol malate),
Mn(PCL) ¼ a, PBa Poly(1,2,4-butanetriol á-ketoglutarate), PHa Poly(1,2,6-hexanetriol á-ketogluta-
rate), PGa Poly(glycerol á-ketoglutarate), PGSL Poly(glycerol-sebacate-lactic acid), PGSCa/b/c poly
(glycerol-sebacate-citrate), Mglycerol/Msebacic acid/Mcitric acid ¼ a/b/c
aPBS, 37�C unless otherwise noted
b0.1 M NaOH, 37�C
cIn vivo degradation (subcutaneous implantation in rat)
dNaOAc buffer, 37�C
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hydrophilic of a monomer will lead to water soluble prepolymers, such as poly(xylitol-co-
citrate) and result in very weak hydrogel rather than the desired bioelastomer after crosslinking
[145]. Recently, besides polyols and polyacids, some other monomers such as amino alcohol
[146] and other crosslinking reagents such as diisocyanate [150] have also been used to
provide more choices to control the properties of resultant bioelastomers.

Applications

Some of the above bioelastomers have been investigated for tissue engineering applications.
Recent examples are introduced below. POC (Table 4.4) has been fabricated to porous
scaffolds [156, 157]. Their mechanical properties are varied by porosity [157]. The culture
of human aortic SMCs, endothelial cells, and mouse cardiac muscle cell line HL-1 in the
scaffolds demonstrate their preliminary potential for cardiovascular tissue engineering. In
addition, porous POC scaffolds have also been tested for cartilage tissue engineering [158].
Articular chondrocytes from bovine knee grow well in the scaffolds and secrete detectable
levels of glycosaminoglycans and collagen. The produced POC-chondrocyte construct
showed much higher Young’s modulus than cell-free POC scaffold.

A biphasic elastic scaffold based on PPCLM (Table 4.4) has been fabricated for annulus
fibrous tissue regeneration [152]. Porous PPCLM foams seeded with rabbit chondrocytes
(inner phase) are rolled over and inserted into a ring-shaped demineralized bone matrix
gelatin (outer phase) to produce a structurally and elastically mimetic construct of annulus
fibrous tissue. The resultant biphasic scaffold shows moderate tensile strength (3.37 MPa)
close to that of normal rabbit annulus fibrous (6.95 MPa). Chondrocytes proliferate and
penetrate the inside of the scaffold after 4 weeks of in vitro culture. Subcutaneous implan-
tation demonstrates that there is no obvious inflammatory response up to 8 weeks.
In-growth of surrounding tissues is observed at 2, 4, and 8 weeks. This study indicates
that PPCLM biphasic scaffolds are promising candidates for annulus fibrous regeneration.

Recently, poly(ester amide)s, 2DAHP-1G and 2DAHP-1T (Table 4.4) have been fabri-
cated into a collagen-mimetic scaffold [159]. Replica-molding creates nanotopographic
features in the scaffolds, which enhances initial attachment, spreading, and adhesion of
primary rat hepatocytes with reduction of liver-specific cell function including albumin
secretion and urea synthesis. A similar trend was observed in hepatocytes cultured on
collagen substrates. This study provides promising engineered substrates that may function
as synthetic collagen analogs.

Advantages of Polycondensation Strategy

Compared with other strategies to produce bioelastomers for tissue engineering, the poly-
condensation strategy described here has several unique advantages.

1. Feasible and versatile synthesis: The synthetic strategy is very flexible and can provide
a wide range of products with tunable mechanical, physical, and biological properties.
At the same time, the chemistry involved is simple. No catalyst is needed. Normally
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residual catalyst may introduce toxicity. The synthetic bioelastomers are ready to use
without purification.

2. Excellent properties: The polyester based structure with well defined hydrolytic degra-
dation provides predicted degradation byproducts and good biocompatibility can be
expected with proper design. Compared to physically crosslinked thermoplastic bioe-
lastomers, these thermoset bioelastomers are covalently crosslinked and are more
resilient to creeping. More importantly, degradation studies revealed that these bioelas-
tomers normally degrade via surface erosion, which leads to geometrical integrity and
linear loss of mass and mechanical properties [117, 153, 160]. Both are critical properties
for in vivo application.

3. Functionalizability: The bioelastomers synthesized by this method typically contain
many unreacted functional groups such as hydroxyl, amine, and carboxylic acid groups,
which enable further biofunctionalization. Although undefined presentation of func-
tional groups are not ideal for practical modification, employment of novel synthetic
strategies has been shown to yield a much more defined structure with free functional
groups, which will better realize this potential [148]. Through the newly developed
biofunctionalizable platform, special biochemical cues such as peptides can be readily
introduced to control cell-material interactions.

In summary, numerous bioelastomers have been developed by polycondensation, and
some of the newer ones have not been widely investigated. More investigations are needed
to realize their potential in tissue engineering.

4.3.4.2
Thermoset Bioelastomers Prepared by Ring-Opening Polymerization

Besides polycondensation, another route to prepare thermoset bioelastomers is crosslinking
multi-arm star-shaped biodegradable prepolymers, which are typically synthesized by ring-
opening polymerization (ROP) using polyols as initiators [13]. Some of the most commonly
used monomers for ROP include glycolides, lactides, e-caprolactone, and trimethylene
carbonate. ROP are normally performed as bulk polymerization in the melt using organo-
metallic compounds such as stannous 2-ethylhexanoate (SnOCt2) as the catalyst under high
temperature (90–180�C). Varying the prepolymer MW and the compositions provides a
family of bioelastomers with diverse mechanical and degradation properties. Compared to
polycondensation, the ROP can be better controlled, but it needs strict reaction conditions
and the residual metal catalyst will lead to potential toxicity. Unlike the ones prepared
by polycondensation of multi-functional monomers, the bioelastomers produced by ROP
normally lack functional groups. This makes them difficult to be biofunctionalized, and the
unmodified polymer may have poor affinity to cells [161]. Compared to polycondensation,
this method is still in the early stage and has not been well studied in tissue engineering. Yet,
this class of polymer may be useful in certain biomedical applications. A representative
example is used to highlight the development in this area.

Crosslinked o, o, o-triacrylate [star-poly(e-caprolactone-co-D,L-lactide)] (ASCP) is one
of the first examples of this type of bioelastomer being studied for tissue engineering [162].
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The prepolymer SCP is prepared by ROP of lactide and e-caprolactone initiated by glycerol.
Acrylation of SCP using acryloyl chloride reaction followed by UV-crosslinking produces
final bioelastomers. Various crosslinked ASCPs with different MWs of prepolymer are
synthesized (MnSCP ¼ 1,250, 2,700, 7,800, 11,900). All of them show low glass-transition
temperature from �6 to �8�C. As expected, increasing the prepolymer MW increases the
tensile strengths and Young’s modulus, while decreasing maximal strains. The in vitro
degradation in PBS at 37�C for 12 weeks shows relative little mass loss, from 18 to 35%,
with little dimensional change. It is found that bioelastomers prepared from lower MW
prepolymer degrades faster. The mechanical strength decreases greatly during degradation
with little change of maximal strain. In vivo degradation by subcutaneous implantation in
rats reveals a similarly linear degradation pattern of ASCP (MnSCP ¼ 1,250) with high
crosslink density via surface erosion during 12 weeks period [163]. However, the ASCP
(MnSCP ¼ 7,800) with low crosslink density exhibits bulk erosion with initially slow
degradation followed by a noticeable loss of mechanical strength after 4 weeks. To improve
the cell adhesion on the bioelastomers, the peptide GRGDS is incorporated by using
acryloyl-PEO-GRGDS during photocrosslinking [161]. It is revealed that introduction of
GRGDS improves both cell adhesion and proliferation, with more marked effects on the
high crosslink density ASCPs. In addition, SCP is also crosslinked by copolymerization
with different ratios of e-caprolactone and a crosslinking monomer, 2,2-bis(e-caprolactone-
4-yl)-propane[164]. The resultant polymers displays a low glass transition temperature
(�32�C). Mechanical testing shows tunable Young’s module (0.55–1.55 MPa), tensile
strength (0.21–0.60 MPa), and maximal strain (65–154%). In vitro degradation in PBS
reveals a logarithmic fashion of tensile strength with time.

4.4
Future Directions

Although remarkable progress has been made already, bioelastomers are still in its early
stage. Much work remains to develop them into more useful and versatile scaffold materials.

Current bioelastomers are still oversimplified mimetics of elastic ECM molecules. Most
of them are designed to match special mechanical parameters of native tissue such as
modulus or strength. But most tissues possess complex viscoelastic, anisotropic, and non-
linear mechanical properties that may even vary with age and location [25, 165]. For
example, articular cartilage exhibits appreciable viscoelasticity [166] and depth-dependant
modulus, as well as around two orders of magnitude difference in tensile and compressive
moduli [167]. Further, its modulus significantly varies with strain [168, 169]. To better
mimic these complexities of native tissues, advanced material synthetic strategies, such as
fiber reinforcement and 3D woven composite materials [170] and sophisticated fabrication
methods such as excimer laser microablation [135] may be very useful [2].

Recently, mechanical control has been shown to profoundly affect cell and tissue
behaviors [3]. It should also be noticed that biochemical regulation on cell and tissue
function is also very important [171]. A single factor is not enough to fully optimize
cell and tissue development [172]. For example mesenchymal stem cells show better

4

108 Z. You and Y. Wang



differentiation upon the cooperative effects of matrix elasticity and soluble induction factors
than single mechanical effect, indicating that both mechanical and chemical cues are critical
for cell differentiation [11]. Therefore, combining biochemical cues and bioelastomers may
lead to a unique ensemble of biological and mechanical regulations, which can lead to better
material performance in tissue regeneration.

Advanced material development will further increase the value of bioelastomers. For
example, shape-memory polymers are a special family of elastomers [173]. As a smart
material, the device made from shape-memory polymer can be fabricated to a small, rigid,
easy handling state during implantation at room temperature for minimally invasive surgical
procedures, and deploy automatically to become soft and elastic at body temperature to
serve as an ideal compliant material for soft tissue. According to this design, shape-memory
polymer has already shown some optimistic biomedical applications such as biodegradable
sutures, actuators, catheters, and smart stents [174–176]. However, their potential in tissue
engineering has yet been explored [174, 177]. More recently, self-healing elastomers have
been created [178, 179]. It may be fabricated into smart scaffolds that can self-heal during
degradation and provide a constant mechanical support.

The progress of cell and developmental biology will continue to guide the design of
bioelastomers. We expect that advancements in bioelastomer development will greatly
contribute to realization of the promise of tissue engineering in the not too distant future.
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Abstract Microscale and high throughput technologies are powerful tools for addressing
many of the challenges in the field of tissue engineering. In this chapter, we present an
overview of these technologies and their applications in controlling the cellular micro-
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and cell-soluble factor interactions. We also discuss recent developments in high throughput
techniques that are used to explore the vast number of combinations of factors that comprise
the cellular microenvironment.

Keywords Cellular microenvironment l High throughput arrays l Microfabrication l

Stem cells

5.1
Introduction

Cellular behavior and the development of tissues and organs occur in response to precise
sets of environmental cues. These cues can include interactions with neighbouring cells,
ligand binding from molecular signalling, and interactions with the surrounding extracellu-
lar matrix (ECM) [1]. These cues and signalling events occur at the micro- and nanometer
length scales, the sum of which defines the cellular microenvironment. The successful
production of in vitro tissue constructs requires the recapitulation of in vivo microenviron-
mental factors [2]. It is here that the fields of microscale technologies and tissue engineering
intersect [3]. Microscale technologies, some of which have been developed in microelec-
tronics and micro-electro-mechanical systems (MEMS) can control material features from
<1 mm to>1 cm, thus providing unprecedented control over the interface between cells and
substrate and the surrounding environment [4]. In addition, the biological, chemical, and
mechanical properties of biomaterials can also be tuned to further control the cellular
miroenvironment.

The cellular microenvironment is comprised of, cell–cell, cell–ECM, and cell-soluble
factor interactions. Microscale technologies have been used to control each of these
interactions. For example, microengineered wells are used to control cell aggregate size
[5, 6]; microcontact printing of cell adhesion proteins is used to control the shape of adhered
cells [7–9]; soft lithography techniques can be used to pattern co-cultures [10]; photocros-
slinkable hydrogels are used to create cell-laden microgels [11]; microfludic devices are
used to create complex soluble factor gradients [12]; and porous scaffolds are used to
provide a three-dimensional (3D) environment for cells to reorganize [13].

In tissue engineering, creating an environment with the appropriate biological and
mechanical cues in essential. The ideal tissue engineering scaffold must: (1) match the
biological and mechanical requirements of the desired tissue construct; (2) be able to support
the desired cell types; and (3) be manufacturable. Microscale processing and fabrication
impose certain material property criteria on biomaterials, and often the challenge in micro-
scale tissue engineering is balancing the microscale processing criteria with the desired
materials properties with respect to the cell culture.

The experimental challenge that tissue engineers face is not only to develop technologies
to control the cellular microenvironment but also, to investigate the vast number of possible
combinations of different interactions. It is here that technologies such as robotic spotting
have begun to make significant advancements [14, 15]. With these methods, researchers

5

120 I. Wheeldon et al.



have been able to synthesize and screen biomaterials in a combinatorial manner [16] and
investigate combinations of soluble factors and cell–matrix interactions [17, 18].

Over the past decade, the number of fabrication techniques specifically designed for tissue
engineering applications has grown considerably. In a number of cases those techniques
have been adapted, sometimes with considerable modifications, from the microelectronics
industry. Additionally, there has been significant efforts toward the development of micro-
scale fabrication techniques that specifically address challenges in bio- and tissue engineering
applications. Microfabrication techniques can be classified into two main groups: (1) techni-
ques for the fabrication of planar, or two-dimensional (2D), surfaces; and (2) techniques for
the fabrication of 3D scaffolds. Patterning of surfaces with bioactivity or biological function-
alities allows for control over the interface between substrate material and cellular actions, i.e.,
surfaces are modified to interact with cells in a specific and controllable manner.

In this chapter, we discuss the concepts and techniques that are currently used to
fabricate 2D and 3D microscale features for in vitro tissue engineering applications. We
focus on those techniques that have been used to control different aspects of the cell
microenvironment, including soft lithography, photolithography, and microfluidics. We
also discuss robotic spotting techniques that have been used to create microarrays of
biomaterials for the combinatorial and high throughput investigation of the cellular micro-
environment. Furthermore, we highlight pertinent examples from the scientific literature
that demonstrate the success of microscale and high throughput technologies in the field of
tissue engineering.

5.2
Microscale Technologies for Engineering Biomaterials
and the Cell Microenvironment

Some of the first applications of microscale technologies in biotechnology and tissue
engineering were based on surface modification techniques [4, 9]. Since these initial
experiments, it has become well established that techniques such as photolithography and
soft lithography are able to produce substrates withmicroscale features that may be useful for
biological applications. A great deal of insight into cell biology, bioengineering and tissue
engineering has come from investigating the interactions between cells and substrates;
however, the complexities of biological systems often extend to a third spatial dimension
[19–21]. Fidelity in mimicking the in vivo microenvironment has been the driving force
behind microengineering and fabrication of microscale systems with 3D structures. Mim-
icking complex microarchitectures of native tissues also poses a significant challange. With
techniques such as photolithography, micromolding and microfluidics, researchers have
begun to study cell biology in ways that were previously not possible. Robotic printing
technologies have also recently been used to synthesize and screen biomaterials [16, 17].

Here, we discuss some of the most common techniques that are used to microengineer
biomaterials and engineer the cell microenvironment, including photolithography, soft lithog-
raphy, and microfluidics. We also describe technologies used to create microscale systems for
the high throughput and combinatorial investigation of the cell microenvironment, such as
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robotic printing, and microfluidics. Many of these techniques are not mutally exclusive, and
often two or more techniques can be used together to produce the desired result.

5.2.1
Photolithography

Initially developed for the microelectronics industry, photolithography is used in biological
applications and tissue engineering to pattern substrates with chemical and biological
functionalities. Photolithography is broadly defined as the selective modification of a
photosensitive surface by illumination through a photomask. The result is selective surface
modifications corresponding to the pattern of exposed and masked areas. Subsequent steps
can be used to selectively modify the patterned suface.

The resulting microscale patterns of chemical functionalities can be used to pattern cells
by selective control of the positioning of adhesion proteins [22]. For example, proteins can
be covalently bound to surfaces modified with monolayers of alkanethiol, alkaneamino, or
other alkane chains with terminal functional groups. Protein patterns can also be created by
selective photoablation of proteins adsorbed on silicon or glass surfaces. It is also possible
to create microscale patterns of encapsulating cells in patterns of photocrosslinkable
materials.

Similarly, arrays of immoblized DNA have also been created [23]. These patterning and
arraying technologies have been used extensively in the early high througput screening
technologies, where protein and DNA arrays were created to explore protein ligand and
DNA hybridization events in a high throughput manner [24]. While photolithography has
been quite successful in biological studies and tissue engineering devices, it is limited to
widespread use due to the need for expensive clean room facilites and high equipment costs.
An alternate strategy is soft lithography.

5.2.2
Soft Lithography

The microscale fabrication techniques that have been borrowed from the microelectronics
industry have been highly successful, but there are several techniques that have been
specifically developed for use in chemistry and biology. The most common, and perhaps
the most successful, is the family of tools described as soft lithography. The soft lithography
techniques stand out as collectively they provide a simple, inexpensive, and reliable option
for researchers to produce substrates with microscale chemical, biological, and topographi-
cal features [4, 25].

Soft lithography involves the use of an elastomeric material to transfer and replicate
patterns of topography and chemical surface modifications with features down to several
hundreds of nanometers to a surface of interest. Patterns are first generated on a silicon
wafer and then replicated onto an elastomeric mold or stamp. Molds can be used to create
microscale topographies or microscale structures made of a moldable biomaterial. Stamps
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can be used to transfer patterns of different solutions or “inks”, and elastomeric structures
can be used to make microfluidic devices.

Poly(dimethyl siloxane) (PDMS) is often the material of choice in soft lithography as it
is soft and flexible, transparent to visible and UV light, permeable to oxygen, inexpensive,
unreactive, suitable for cell cultures, and the prepolymer is easy to handle and prepare.
A solid PDMS mold or stamp is prepared by mixing the prepolymer solution with a curing
agent. The mixture must be well mixed and air bubbles removed before pouring the unset
mixture onto the template, or into the master mold.

Replica molding and microcontact printing are techniques within the soft lithography
family that have become well established in the biological and tissue engineering fields.
Both use an elastomeric mold, usually PDMS, with a topography and shape replicated from
a patterned template. The template is often a silicon wafer, but can also be other templating
materials. The elastomer is peeled away from the template after crosslinking resulting in a
negative replica of the template.

In microcontact printing a solution or “ink” is transfered from an elasomeric mold to a
substrate. The solution is often a mixture of protein(s) or small molecules, and is only
transferred at the interface(s) that make contact [4, 9]. Thus, a replica pattern of the mold of
ink is produced on the target substrate. Microcontact printing has been used to create
microscale patterns of biocompatible polymers including PEG, and cell adhesion proteins
including collagen and fibronection, among others. Replica molding is mainly used for the
fabrication of microcontact printing stamps and the production of microscale structures for
microfluidic devices, but, it can also be used to create structures to impose geometric
constraints in tissue cultures.

5.2.3
Microfluidics

PDMS molds fabricated by replica molding can be used to create microfluidic channels by
placing the mold onto a glass substrate. Such microfluidic devices are used in many
different applications, and are discussed here as they have been used to create microscale
patterns of surface modification in a similar manner as described in the above section on soft
lithography [26, 27]. PDMS microfluidic channels are also used to selectively deliver cells
and small molecules to substrates or to form topographies at the interface between two
reactive fluids [28]. Microfluidic devices can also be used to generate gradients either on
surfaces or with soluble factors [29, 30].

In addition to creating soluble factor gradients and surface patterns, microfluidic systems
have emerged as a useful option to provide controlled fluid flow to microscale cell cultures.
There are a number of examples of microfluidic bioreactors, these types of applications are
reviewed elsewhere [31, 32]. Microfluidic bioreactors have been used to investigate
cell responses to shear stress and pulsitile flows, as well as being used to mimic vasculature
[3, 33]. Generally, these applications are limited to planar systems, as thick 3D structures
with intricate microchannels made from biocompatible materials have proven difficult to
produce.
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5.2.4
Robotic Spotting and Printing

Robotic spotting technologies have been widely used to produce DNA and protein microarrays.
DNA arrays are commonly used for genomic analysis and quantitative gene-expression
measurement [34], and microarrayed proteins are used to screen protein–ligand interactions
in a high throughput manner [35]. Protein and DNA microarrays are reviewed in detail
elsewhere [23, 36–38]. Here, we will describe spotting technologies that have been used to
create biomaterial microarrays, and protein arrays for investigating cell–ECM interactions
[16, 17]. Additionally, there have been attempts to use robotic spotting techniques to create
arrays of 3D cell-laden microgels [39].

Microarray technologies print nano-liter sized spots by dipping pins into the solutions of
interest and spotting the solution onto a suitably modified substrate. To fabricate DNA
microarrays the solutions contain probe DNA, whereas in the case of synthetic biomaterial
microarrays the solutions are prepolymer solutions. Slots in the pins are filled by capillary
action, and spots are printed as the filled pins come in contact with the substrate. Spot size is
dependent on the diameter of the pins as well as the solution viscosity and composition.
With robotic manipulators, microarrays of thousands of individual spots can be produced on
a single glass slide. With pin heads containing as many as 96 pins, tens of thousands of spots
can be generated quickly. The time required to create microarrays is, in part, dependent on
the complexity of microarrayer, with some models capable of printing 60 slides each with
10,000 individual spots in a few hours.

5.2.5
Other Microscale Techniques

There are several other microscale technologies that have been used to fabricate tissue
engineering constructs and to create tools for investigating the cellular microenvironment.
For example, bioprinting, the freeform fabrication of synthetic and natural polymers with
incorporated growth factors, proteins, and living cells, has been used to create 3D scaffolds
with complex architectures [40, 41]. There has also been much effort focused on the develop-
ment of microfibrous and microporous scaffolds [42, 43]. Additionally, advancements to the
basic set of soft lithography techniques has led to the development of newmicroscale patterning
techniques such as simultaneous chemical and topography transfer [44, 45]. Finally, control of
chemical and physical properties and features is possible with layer-by-layer assembly [46].

5.3
Microscale Engineering of the Cell Microenvironment

Microscale technologies are potentially powerful tools in solving a number of challenges
in the field of tissue engineering. This section highlights some recent advances in micro-
scale technologies for creating and controlling the cellular microenvironment, and for
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investigating and directing cellular behavior. Many of the examples discussed here use a
combination of the microscale fabrication concepts and technologies described in Sect. 5.2.
In doing so, these studies produce new cell-materials composites, as well as techniques to
control cell-microenvironment interactions.

5.3.1
Cell Patterning and Controlling Cell–Cell Contacts

Surface patterning of cell adhesion molecules is a highly successful means of investigating
cell patterns and controlling cell–ECM interactions, cell shape, and cell–cell contacts.
Often, cell adhesion molecules are patterned by microcontact printing and photolithogra-
phy. These patterns are used to control the spatial organization and positioning of a single or
multiple cell types.

Cells adhere onto micropatterned substrates and align to the shape of the underlying
adhesive region. For example, Chen et al. demonstrated that the change of cell shapes
influences proliferation and apoptosis [47]. It has also been demonstrated that cell shape can
control stem cell differentiation. In one example, mesenchymal stem cells were shown to
differentiate into osteoblasts when cultured on large adhesive islands and adipocytes when
cultured on small islands [48]. In another example, micropatterns of fibronectin and laminin
were used to pattern cardiovascular smooth and striated muscle cells, and measure the
contractility of the engineered tissue-like constructs [49]. By using specific micropatterns and
statistical analysis of cell compartment positions, Thery et al. demonstrated that ECMgeometry
determines the orientation of cell polarity axes [50]. For more examples of micropatterning
technologies for regulating cell behavior the reader is directed to other reviews [51–53].

Microscale technologies have also been used to create micropatterned co-cultures. For
example, micropatterning and layer-by-layer techniques have been combined to create co-cul-
tures of hepatocytes and fibroblasts with ECM proteins [54, 55]. Chien et al. created co-
cultures on multilayer micropatterned films of poly(acrylic acid) (PAA) conjugated with
4-azidoaniline and PAA/polyacrylamide (PAM)multilayerfilms [56].Microfabricated stencils
have also been used to control cell–cell interactions. To this end, Jinno et al. used microscale
stencilsmade fromparalyene-C to create dynamic co-cultures [10]. This techniquewas used to
investigate temporal changes in co-cultures of murine embryonic cells with other cell types.

Microwell arrays are also emerging as important tools for controlling cell microenvir-
onments in vitro. Microwell arrays have been fabricated from many types of materials
including glass, polymers or silicon and have been shown to be useful for various cell
culture applications. Microwell arrays have also been used to investigate the dynamics of
individual stem cell fate decisions in a high-throughput manner. In one study, an automated
microscope was used to track the proliferation and death of individual neural progenitor
cells cultured within microwells over several days, to generate clonally-derived information
of cellular kinetics and cell fate decisions [57].

Microwell arrays can also be readily used to produce cell aggregates, such as embryonic
bodies (EBs), of controlled sizes and shapes. These cultures have shown that the size of EBs
influences stem cell self-renewal and differentiation (Fig. 5.1). For instance, it has been
demonstrated that larger EBs preferentially undergo cardiac differentiation, whereas smaller
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ones result in endothelial-like cells [58]. In addition, microwell cell culture provides quasi-
3D single cell microenvironments that mimic essential features of the native 3D extra-
cellular milieu by functionalizing the inner surface of microwells with ECM molecules
[59, 60]. These studies will help to understand differences in cell behavior between 2- and
3D cultures.

5.3.2
Controlling Tissue Microarchitecture

The fabrication of biomimetic tissue microarchitecture may be an important factor for
engineering functionalized tissues, and scaffolds and hydrogels that provide structural
support and biochemical cues for cell attachment, spreading, proliferation, and differen-
tiation are essential to the success of these technologies. A promising technique for the
construction of 3D engineered tissues is the encapsulation of cells in hydrogels. In

Fig. 5.1 Soft lithography approach to creating hydrogel microstructures for culturing cell aggregates of
controlled sizes. (a) Schematic representation of the micromolding process to generate a PEG micro-
well array from a photocrosslinkable PEG-DA prepolymer solution. PEG was molded using a PDMS
stamp followed by UV photocrosslinking. The cross-sectional image shows a microwell array loaded
with ES cells. (b) Phase contrast images show a 50 mm microwell before and after seeding. Higher
magnification of a 175 mm microwell that was cut vertically shows that the entire microwell surface
was made of PEG. Embryonic stem cell aggregates grew until constrained by the size of the well,
yielding a culture of homogeneously size aggregates. Reproduced with permission [5]
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comparison to prefabricated scaffolds, cells can be entrapped or encapsulated inside a
hydrogel scaffold during fabrication. Hydrogels are ideal for encapsulating cells as they
are highly hydrated and can provide an environment similar to that of native tissues.

In combination with soft lithography or photolithography techniques, it is possible to
create microscale hydrogels with controlled shapes and sizes. Control of the size and shape
of hydrogels and cell-laden hydrogels opens many possible applications for the construction
of tissue-like structures with controlled tissue architecture and control over the cell-micro-
environment interactions.

Fig. 5.2 Assemblies of cell-laden microgel structures. Microgels are produced by photolithography
and assembled at an air-liquid interface. Schematic representations of co-culture microgels (a) and
assemblies of microgels (d). Phase contrast (b) and fluorescence (c) images of assemblies of
microgels. Phase contrast (e) and fluorescence (f ) images of lock-and-key complex microgel
building blocks with controlled co-culture conditions. The scale bar is 1 mm. The interface between
microgels of containing 3T3 fibroblasts (green) and HepG2 cells (red) after 1 day (g) and 7 days
(h). The scale bar in (g), (h) is 100 mm. and fluorescence (b) images of the microgel assemblies with
the red-labeled cells (encapsulated in microgels) and green-labeled cells (encapsulated in bulk
hydrogel). Morphology and viability staining of the cell-laden microgel before assembly (c, d)
and after assembly in patterned bulk hydrogel (e, f ). Scale bars for (b, c, e, f ) are 400 mm.
Reproduced with permission [65]
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A number of studies have demonstrated microgels made from various types of synthetic
polymers, such as poly(ethylene glycol) (PEG), and their applicability for cell encapsula-
tion [61–63]. Shape controlled cell-laden microgels can be created by various means such as
micromolding and photolithography to mimic tissue units. These tissue units may be
assembled in an emerging technique called “bottom-up” tissue assembly and may be a pro-
mising approach for creating tissues from smaller building blocks [64–66]. These microgels,
that are on the order of the few tens to hundreds of micrometers, can be assembled to form
large surfaces and 3D structures with high precision in the geometry and the position of the
sub-units (Fig. 5.2).

Multi-layered photolithography can also be used to create 3D tissue-like structures [62, 67].
An interesting example of this technique is the fabrication of an artificial 3D network of
hepatocytes encapsulated in PEG. Hepatocytes in these structures remain metabolically active
cells for days, demonstrating the possibility of long term applications of the encapsulated cells.

5.3.3
Cell-Soluble Factor Interactions

Microfluidic technologies have been used in a number of different applications for studying
different aspects of cell biology such as the effects of shear flow and concentration gradients
on cells, as well as high throughput screening. Microfluidic systems have also been used to
control the spatial and temporal presentation of soluble factors to cellular and subcellular
structures, thus allowing for the investigation of activated biochemical signalling pathways
in response to soluble stimuli [68, 69]. An active area for using microfluidics in regenerative
medicine is to direct the differentiation of stem cells. For example, microfluidic systems can
be used to study embryonic stem (ES) cells within microbioreactors [70]. Microreactors
enable biological processes to be carried out under tightly controlled (oxygen, nutrients, or
other molecular and physical regulatory factors) conditions and minimize batch to batch
variability [71].

Gradients of soluble factors play important roles in a number of physiological processes,
and a number of microfluidic designs have been developed to create stable gradients to
study these processes. In one example, microfluidic devices were used to create and
dynamically control chemical gradients to investigate the biological mechanisms responsi-
ble for the recruitent of neutrophils to injured, and infected areas [72]. Oxygen gradients
have been created for the study of oxygen-induced migration of olfactory sensing in
Caenorhabditis elegans [73]. Microfludic systems have also been used to create in vitro
models of hepatic zones. In this example, a perfusable microfluidic bioreactor was used to
create physiological oxygen gradients in hepatocyte and non-parenchymal cell co-cultures
to study drug induced hepatotocity [74].

Multilayer soft lithography, an extension of the soft lithography paradigm, has been used
to fabricate 3D microfluidic structures. These structures are fabricated by assembling
separate layers of PDMS membranes produced by replica molding [75]. The chips fabricated
by multilayer soft lithography can be used to fabricate micromechanical valves that prevent
cross contamination or leakage between steps of the processes [76] and has been used
for protein crystallization [77], nanoliter-volume PCR [78], microfabricated fluorescence
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activated cell sorting (mFACS) [79] and single-cell enzyme screening [80]. Moreover, multi-
layer soft lithographic methods can also be used to fabricate microfluidic channels and
scaffolds for tissue engineering in a convenient, rapid and inexpensive manner [4, 81].

5.4
High Thoughput and Combinatorial Investigations of the Cell Microenvironment

Microscale technologies can also be used to miniaturize traditional experimentation and
enable high throughput microarrays and microfluidic systems. These techniques can be
used to perform thousands of tests in parallel and have become important tools in drug
discovery and other relevant fields [82, 83]. Microarray technologies can also be used to
investigate combinatorial microenvironments, and the high throuphput screening of cell–
ECM, cell–cell, and cell-soluble factor interactions. In this section, we review examples of
microscale technologies used to investigate combinatorial microenvironments, and the high
throughput synthesis and screening of biomaterials for tissue engineering applications.

5.4.1
High Throughput Synthesis and Screening of Cell Microenvironments

High throughput arrays are promising tools to test the effect of large combinatorial libraries
of biomaterials, environmental stimuli and chemicals on cell behavior. A broad range of
different molecules including small molecules, polymers, antibodies and other proteins can
be arrayed using robotic spotting technology or soft lithography [84]. In general, to perform
an assay, cells are seeded uniformly across the entire array and analyzed collectively using
appropriate detection methods. For example, a microarray-based gene expression system in
which cells are cultured on a glass slide with different DNAs printed in defined locations
has been developed [85]. This work demonstrates that thousands of different nucleic acid
sequences can be transfected into cells in parallel, and that the outcomes of these transfec-
tions can be analyzed in a high throughput manner. The platform has also been extended to
RNA-mediated interference (RNAi) [86].

In another example, a microarray composed of different synthetic polymers was devel-
oped to investigate the response of ES cells to various extracellular signals [16]. In this
approach, thousands of synthesized polymeric materials were printed on a slide and the
effect on the differentiation of human ES cells was evaluated (Fig. 5.3).

Microarrays have also been used to investigate the effects of ECM components on stem
cell differentiation. In one approach, arrays of micropatterned combinations of ECM
proteins were used to investigate ES cell differentiation and to study the maintenance of
primary rat hepatocytes during in vitro cell culture [17, 18]. Using a similar method, arrays
of ECM proteins andWnt signalling molecules were created to study the role of modulating
the ECM environment on hepatic stellate cells [87]. Technologies for investigating 3D cell
cultures in microarray format have also been developed. Arrays of murine ES cells
encapsulated in alginate hydrogels have been created to study stem cell-soluble factor
interactions in a 3D environment [88].
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Elucidation of the mechanisms responsible for the observed cellular behavior in combina-
torial ECM and biomaterials arrays requires rigorous characterization of the arrayed systems.
To this end, there have been many efforts in creating high throughput chemical and physical
analyses including, high throughput chemical surface characterizations, and nanomechani-
cal measurements. In one example, Tweedie et al. developed a nanomechanical-profiling
approach to analyze biomaterial arrays. An array of 1,700 individual photopolymerizable
polymers was synthesized and the mechanical properties of each polymer was investigated
by an automated nanomechanical screening system [89]. A similar library of photocrosslink-
able polymer was characterized by time-of-flight secondary ion mass spectrometry, X-ray
photoelectron spectroscopy, and water contact angle in a high throughput manner [90].

5.4.2
Microfluidics for High Throughput Investigations
of the Cell Microenvironment

Microfluidics is a versatile technology that has been used to precisely control spatiotemporal
aspects of the soluble cellular microenvironment.With simplemicrofluidic devices researchers
have been able to create chemical gradients, control transient stimuli, and create changes in the
soluble environment over time. Cell arrays are powerful platforms for high throughput
screening of cell–matrix and cell–cell interactions, and in combination with microfluidics,
cell arrays can also be used to investigate cell-soluble interactions in a high throughputmanner.

Microfluidics can also be used to create cell arrays by manipulating cell location with
controlled fluid flows. For example, high-density arrays of single cells isolated in a purely

Fig. 5.3 Human mesenchymal stem cells (hMSCs) grown on polymer microarrays. (a–c) hMSCs
were cultured on a polymer microarray and stained for actin (green; 500 mm scale bar). (d) High
magnification images of a polymer spot with hMSC cells, stained with actin (green) and DNA/
nucleus (blue; 100 mm scale bar). Reproduced with permission [103]
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hydrodynamic fashion have been developed [91], and multiple cell types have been selec-
tively docked in microwells within microchannels [28]. In the latter approach, reversible
sealing of a PDMS mold was used to immobilize a series of microchannel patterns on the
microwells to enable sequential delivery of fluids to each microwell.

Gradient-generating microfluidic devices have been used for real time monitoring of cell
behavior including migration, proliferation, differentiation and apoptosis [92]. For example, a
cell array, with an integrated concentration gradient generator has been developed for long term
monitoring of cell growth and proliferation [93]. In another example, amicrofluidic device with
a gradient generation component was developed for pharmacological gradient profiling [94].
Using this device, drug streams were held at different concentrations and voltage-gate K+ ion
channels were screened using scanning probe measurements. Gradient generation permits
many soluble factor conditions to be analyzed in a combinatorial fashion and is well suited
for high throughput assays inwhich a large number of conditions need to be screened in parallel.

High throughput microfluidic systems can significantly increase the efficiency of drug
target selection, lead compound generation and identification by offering parallel experi-
mentation and reduced reagent consumption. For example, Thorsen et al. developed a high
throughput microfluidic chip which integrated 1,000 valves with 256 individual chambers
[80]. Using a similar device, different cell types were screened against a number of different
toxins in parallel [95].

The merging of cell microarrays and microfluidics has led to the creation of screening
methods that can systematically vary one or more parameters, temporally and spatially, across
the cell microarray. In one example, the activation of transcription factor NF-kappab across a
microarray ofHeLa S3 cells wasmonitored in real-time in response to varying concentrations of
the cytokine TNFa [96]. In another example, a strategywas developed to simultaneously create
different dynamic soluble microenvironments across a cell array [97]. Microfluidic channels
upstreamof the cell arraywere used to generate different temporal profiles of soluble factors, the
effects of which were monitored by fluorescence in cell lines with specific gene reporters.

Microfluidic strategies have also proven useful in optimizing stem cell culture condi-
tions. In a fully automated cell culture screening system, 96 independent culture chambers
were provided unique culture media compositions and feeding schedules (Fig. 5.4) [98].
The device was used to quantify effects of transient stimulation schedules on the osteogenic
differentiation of human mesenchymal stem cells. A similar strategy has been developed for
studying stem cell cultures in 3D microenvironments [99]. In this approach, individually
addressable cultures of murine embryonic fibroblasts embedded in 3D Matrigel were
subject to dynamic soluble microenvironments. This system also allows for the study of
culture-to-culture communication of diffusable factors.

5.5
Future Directions

The development of new microscale techniques has led to dramatic enhancements in the
ability to study biological systems at the micrometer length scale. In particular, there has been
much success in using microscale technologies to control the cellular microenvironment,
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and to investigate cellular responses to changes in the cellular microenvironment. However,
there is still much work to be accomplished at the intersection of microfabrication and
cell biology. The field of tissue engineering will benefit from new microscale technologies
that can control different aspects of 3D microenviroments. The main challenge that micro-
scale technologies can help address is the recapitulation of the in vivo microenvironment,
in vitro.

One of the major experimental challenges in investigating the cell microenvironment is
the vast number of possible combinations of different factors and interactions. Many cues
and biological signalling events during development are context dependent [100, 101], and
basic cell behaviors, such as migration, are drastically different under 2- and 3D environ-
ments [102]. Thorough investigation of cell behaviors in vitro, and the ability to determine
mechanisms for the observed cell behaviors requires microscale technologies with fine
control over the engineered cellular microenvironment.
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Techniques to create microarrays of 3D microgels for the investigation of cell–materials
interactions will be of great utility in tissue engineering. Such techniques face a number of
technical challenges including the creation of combinatorial experiments with cell-laden
scaffolds and the high throughput screening of outcomes in 3D. Additionally, the high
throughput analysis of arrays of cell aggregates, and the analysis of combinatorial material
arrays with cell aggregates will be of great use in studying cell-microenvironment interac-
tions in 3D environments. We also envision that further merging of microfluidics with
biomaterials arrays will produce new technologies to investigate combinatorial materials
and soluble factor experiments.

ES cells and induced pluripotent stem cells have enormous potential in regenerative
medicine and tissue engineering. One of the major limitations to the widespread use of stem
cells as a cell source in tissue engineering is the lack of the ability to precisely direct their
differentiation. We envision many new microscale technologies to address this challenge.
For example, it might be possible to direct cell fate with patterns of signaling molecules.
Patterning of cues and developmental signals could direct stem cell cultures to differentia-
tion in a spatially organized manner. In this way, mimics of native tissue structures could be
produced.

In the past decade there have been many successes in the development of microscale
technologies for controlling the cellular microenvironment. These successes have led to the
advancement of tissue engineering, and have helped push the field of tissue engineering
closer to clinical therapies. The future holds great promise for the continuing success of the
existing and as-of-yet developed microscale technologies.
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Abstract Nanotechnology has enabled the creation of novel structures or devices with
organization and structure at the molecular and atomic scale. Nano-dimensions impart
distinctive properties compared to micron sized materials. In this chapter, we will review
techniques for creation of micron and nanometer features on 2D substrates and 3D
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nanomaterials which have been used in tissue engineering applications. In the first half, we
will review the latest advances in custom designed micro- and nano-substrates to enhance
the phenotypic expressions of cells and mechanisms behind changes in cell behaviors. In
the second half, we will focus on nanomaterials and discuss recent developments in both
design and applications for tissue engineering and mechanisms behind cellular interactions
with nanomaterials. In addition, an examination of the effects of nanomaterials on biocom-
patibility and cytotoxicity will be presented. Specific applications of nanomaterials in tissue
engineering of connective, neural, muscular and boney tissue will also be examined.

Keywords Biocompatability l Cell–matrix interactions l Electrospinning l

Microfabrication l Nanotechnology l Nanotubes l Surface modifications l

Tissue engineering

6.1
Introduction

Micro and nanomaterials are materials with dimensions or morphological features on the
order of the micrometer (1 mm ¼ 1 � 10�6 m) and nanometer (1 nm ¼ 1 � 10�9 m),
respectively. By definition, the nanoscale is defined as smaller than a one tenth of a
micrometer (0.1 mm or 100 nm) in at least one dimension though this term is sometimes
also used for materials in the submicron scale (<1 mm). The scaling down of material
dimension and features to the nanoscale imparts unique properties on cells and tissues.
Materials engineered to be in this size range can exhibit novel or enhanced properties,
especially in defining the interaction between cells and their surrounding matrices.

Nanotechnology has enabled the creation of novel structures or devices with organi-
zation and structure at the molecular and atomic scale. The dimensions of nanomaterials
are comparable to that of biological molecules such as proteins and DNA, forcing
nanomaterials to be the physical interface between biology and material science. Nano-
dimensions impart distinctive properties compared to micron sized materials. Some of
these properties exhibited include a high surface area to volume ratio and tunable
optical emission and super paramagnetic behavior, which can be successfully exploited
for a variety of health care applications ranging from drug delivery to biosensors.
Nanotechnology applications have spurred bio-inspired nanodevices and materials
which can be used for applications such as drug delivery [1], molecular or optical
imaging, sensors etc. Though the use of nanoparticles for drug delivery (e.g. in cancer
treatment) or nanostructures for enhanced imaging demonstrate the significant potential
of nanotechnology applications in medicine, these types of nanodevices are outside the
scope of this chapter.

Nanotechnology can also be used to reproduce cellular building blocks or molecular
design principles by means of highly organized structures that mimic the natural structure of
biological tissues, or extracellular matrix (ECM). This enables the creation of 2D and 3D
substrates with specific topographical, morphological and chemical characteristics utilized

140 N.O. Chahine and P.-h.G. Chao

6



to direct the functionality of cells grown on these substrates. In addition, 3D porous
scaffolds from singular nanofibers, nanotubes and other nanomaterials have been developed
and cultured in the presence of cells in order to generate replacement tissues. The develop-
ment of porous nanomaterial-based scaffolds for tissue engineering provides a cellular
environment which best mimics the native ECM of connective tissues and an opportunity
for cells to interact with the ECM.

Cells in their native environment reside in a social context where they interact with other
cells and their ECM. ECM composition and quantity varies greatly with different tissues.
With a variety of matrix proteins, such as fibronectin and proteoglycans, the ECM provides
a mechanical, biochemical, and topographical environment (Fig. 6.2a). In the bone marrow
cavity, the ECM is believed to provide a stem cell ‘niche’ where the mechanical and
topographical features present a 3D physical environment that combines with biochemistry
to direct stem cell fate [2]. One of the most abundant ECM proteins is type I collagen. Type I
collagen is a fibrillar protein abundant in skin, bone, cornea, blood vessel and other
connective tissues. The triple helix structure of collagen, formed by two a1 and one
a2 polypeptides, can be linked to other helices to form fibrils and fibers. Depending on
tissue type, these fiber diameters can range from 31 nm in the cornea to 4 mm in the alveoli
[3, 4]. Collagen fibril size and spacing can influence a number of physical properties such as
transparency of the cornea and mechanical properties of alveoli [4, 5]. Furthermore,
collagen fiber size has been shown to modulate the osteoblastic MG61 cell migration and
morphology [6]. This structure-function relationship of the ECM is not well understood
in vivo but a variety of methods have been employed to recapitulate the in situ environment.
With the advance of microfabrication and nanotechnology, much research has generated
significant progress in this area. We will describe the application of micro and nanofabrica-
tion on understanding cellular interactions with ECM and materials.

In this chapter, we will review techniques for creation of micron and nanometer features
on 2D substrates and 3D nanomaterials which have been used in tissue engineering
applications. In the first half, we will review the latest advances in custom designed
micro- and nano-substrates to study mechanisms behind changes in cell behaviors and
enhanced phenotypic expressions. In the second half, we will focus on nanomaterials
and discuss recent developments in both design and applications for tissue engineering
and mechanisms behind cellular interactions with nanomaterials. In addition, an examina-
tion of the effects of nanomaterials on biocompatibility and cytotoxicity will be presented.
Specific applications of nanomaterials in tissue engineering of connective, neural, muscular
and boney tissue will also be examined.

6.2
Creation of Micro- and Nano Features on 2D Substrates

Richard Feynman’s seminal lecture in 1959, “There is plenty of room at the bottom”,
sparked the revolution of nanotechnology [7]. Most of these microfabrication techniques
were originally developed in the field of microelectronics for the fabrication of integrated
circuits. With the rapid expansion of the electronics field (and market), a paradigm shift in
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new methodology has revolutionized the world of engineering. Toward the end of the
twentieth century, scientists started adapting microfabrication technology developed and
refined in the electronics field and applying them to the study of biology and medicine.
Microfabrication is a collection of techniques, some of which originated from ancient
concepts in the case of lithography. We will focus on two dimensional surface modifications
in the first part of the chapter. In the context of studying cell/cell or cell/matrix interactions,
microfabrication often involves the following components (see also schematics in Fig. 6.1).

6.2.1
Substrate Modification

Microfabricated devices often are formed over a support substrate. Substrate materials such
as silicon wafers, quartz or glass are often used and modifications are made to the substrate
in layers via thin film deposition, sputtering or spin coating. The purpose of these films
varies with different applications. For instance, in addition to structural elements, conduc-
tive materials can be deposited on silicon substrates to serve as detection electrodes or
provide electrical potentials. Chemical modifications can also be made to the substrate
surface to change its biological activities by modifying surface charge, hydrophobicity, or
adding adhesive proteins to promote cell adhesion. Self assembly monolayers (SAMs),
highly ordered molecular assemblies formed by chemisorption of functionalized molecules,
are often employed to modify substrate surface chemical properties (Fig. 6.1a) [8].

6.2.2
Surface Patterning

Depending on scale or application, a variety of methods are used to create structures with
the substrate or deposited layers. Photolithography, usually via UV light, can be used to
create patterns in the micrometer scale while electron beam (e-beam) can be used for
smaller features. Photolithography procedures are much like that of film development,
including the terminology. A mask is generated with the desired pattern (image) using a
high resolution printer and a thin layer of the photo- (or e-beam) reactive polymer is
deposited onto the substrate to “detect” the pattern. This polymer, photoresist, can then
be exposed with the light source and developed to reveal the pattern. The resist layer can
serve as a shield to protect the substrate from etching procedures or can themselves serve as
structures.

6.2.3
Soft Lithography

George Whitesides’ group at Harvard University spearheaded the use of elastic silicon
polymers to replicate the microfabricated structure (master) made by photolithography [9].
The “soft” is represented by the use of elastomeric materials that conform to the master
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features or the substrate. Soft lithography is low cost and has many applications described in
the following sections (see Fig. 6.1b). One of the most used materials for soft lithography is
polydimethylsiloxane (PDMS), which offers high structural fidelity, transparency, chemical
inertness and gas permeability.

a
substrate

coating of resist

b

Au

silicon

S S S S S S

Self Assembly Monolayers

UV

substrate

exposure

substratesubstrate

develop

PDMS

substratesubstrate

etching soft lithography

new substrate

PDMS stamp

PDMS

PDMS channel

new substrate

µCPmicrofluidics

PDMS channelPDMS channel

new substrate

micromolding

Fig. 6.1 Microfabrication Techniques. (a) Illustration of self assembly monolayers (SAMs).
(b) Schematic of the microfabrication process and application
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6.2.4
Micro Contact Printing (mCP)

mCP takes advantage of the conformative nature of the molded PDMS to create a replicated
pattern on a substrate, often times via self assembly monolayers. An “ink” of desired
molecules such as the adhesion protein fibronectin can be printed onto the substrate with
high geometric precision to generate a chemical pattern. The substrate surface can be
prepared in advance with SAMs for covalent binding to the “ink”, providing a long-lasting
modification. Alternatively, non-specific binding to the substrate can also be achieved just
by stamping to an untreated clean glass slide. An often used application is to create cell
adhesive and nonadhesive zones on a substrate to study the effect of cell shape, size, or
receptor clustering [10, 11].

6.2.5
Micro and Nano Fluidics

Patterns generated on the silicon master with resist can be designed as a series of connected
lines. The replica molded PDMS would then be shaped into a flow system, creating a
variety of flow patterns. Due to the size scale, fluids flowing in the channels are microliter in
volume, hence termed “micro-fluidic”. For the same reason, the flow patterns generated in
these channels are laminar flows with minimal mixing, thus allowing precise control of fluid
composition and location. A famous study illustrated that a microfluidic device can deliver
two fluorescent markers on either side of the cell without perturbing the other side
(Fig. 6.2b, [12]). Microfluidics can also be used to create 3D patterns with materials not
compatible with the aforementioned harsh microfabrication procedures. Biological mole-
cules such as proteins and hyaluronan can be introduced into the channels and form
hydrogels by changing their pH values or adding polymerizing initiators. Replica molding
can also be achieved by compressing the microfabricated stamp into a soft material before it
solidifies.

6.3
Cellular Interactions with 2D Micro and Nano Patterns

As early as 1911, Ross Harrison noted that cells growing on spider webs spread and align
according to the shape of the underlying fibers and identified it as stereotropism [13]. This
behavior is now often termed contact guidance, coined by Paul Weiss circa 1934 [14], and
describes the cell behavior and morphology change in response to surface geometry or
topography. Microfabrication techniques have enabled many studies investigating micro- or
nano-scale topographies, most of which are groove patterns. Cellular responses to these
patterns include changes in adhesion, spreading, migration, gene expression, proliferation,
and stem cell lineage commitments.
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6.3.1
Mechanism of Cell–Matrix Interactions

How do the cells sense the extracellular environment, especially topography? It is believed
that cells extend filopodia (or microspikes, a thin club-like cellular extension composed
mostly of actin cytoskeleton and plasma membrane) to sense and find new attachment sites
[15]. This “sensation” comes from changes in cytoskeleton tension when the filopodia
forms new contacts at the leading edge [16]. On micro- or nano-patterned surfaces, cells
appear to increase their filopodia extensions, which may increase the cell’s perception of the
surrounding topography [15, 17]. Dalton and coworkers hypothesized that filopodia

Fig. 6.2 (a) Scanning electron microscopy (SEM) image of macaque monkey corneal epithelial
basement membrane (Reprinted from [180] with permission from Elsevier). Scale bar equals
500 nm. (b) Fluorescence images of a single cell after treatment of green and red mitotracker
dyes on either side (Reprinted from [12] with permission fromMacmillan Publishers Ltd,# 2001).
(c) Fluorescence images of corneal epithelial cells on microgrooves 130 nm deep and 2 mmwide, as
indicated with the double-headed arrow. The actin cytoskeleton is represented in green and
microtubule is shown in red. Arrow indicates thick actin band parallel to the long axis of cell.
Scale bar equals 10 mm. (Reprinted from [20] with permission from Elsevier). (d) Sarcomeric
a-actinin organization of neonatal rat cardiomyocytes cultured on nano-patterned substrate with
400 nm wide ridges on a 800 nm pitch (Reprinted from [59] with permission from National
Academy of Sciences)
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extension is obstructed with the ridge wall [18]. Using microfabricated grooves, Teixeira
and colleagues found filopodia extension is often bent at the point of contact with the
substrate and hence is confined to align with the microgrooves [19, 20]. Similar to the actin
network, focal adhesion is also confined to the topographic pattern, thus preventing lateral
spreading and results in anisotropic cellular extension and preferential spreading along the
pattern direction [19]. In addition to the actin cytoskeleton, microtubule also reorganizes
and aligns with the microenvironment [21, 22]. Studies by Oakley and Brunette found in
gingival ligament fibroblasts, microtubule extension may precede actin filaments [21].
While different cell types and substrate geometry were used with the previously mentioned
studies, it is in general believed that microtubules, actin filaments, and focal adhesions act in
concert to align along the discontinuous surfaces (edges, Fig. 6.2c). Additionally, treatment
of cytoskeleton inhibitors such as cytochalacin D and colcemid do not completely abolish
the cell alignment response, suggesting alternative mechanisms might be involved [23, 24].

In addition to topographical cues, other factors are also known to align, direct and
change cell behaviors. Vascular endothelial cells align perpendicular to cyclic strain,
however, substrates with parallel-oriented microgrooves limit their response to applied
cyclic strain [25]. Chemotaxis directionality is also modulated by the underlying topogra-
phy [26]. Intriguingly, while 3T3 fibroblast migration is influenced by both topography and
substrate stiffness, the cancer fibroblastic cells (SaI/N) do not respond to substrate stiffness
[27], which may be related to the loss of anchorage dependence discussed earlier. In another
example, applied direct current (DC) electric field (EF) directs corneal epithelial cell
migration toward the cathode. When the microgroove pattern is parallel to the applied EF,
these two factors act synergistically and increase directed cell migration. When the micro-
groove pattern is orthogonal to the applied EF, however, corneal epithelial cells appear to
“choose” one or the other cue. Some migrate vertically along microgrooves and others
migrate across the microgrooves towards the cathode [28]. Since these two cues act through
two different signaling pathways (EF-cdc42, microgrooves-rho), the authors suggested a
rho/cdc42 switch mechanism to sort contradicting cues. In neonatal cardiomyocytes,
applied alternating pulsatile EFs appear to have a lesser effect on cell alignment direction
than the topographical cues [29]. On chemically and topographically patterned surfaces
(both in the mm scale), baby hamster kidney (BHK) cells were found to align preferentially
to the chemical pattern and osteoblast-like cells (MC3T3) were found to align preferentially
to the topographical pattern [30, 31]. As no governing principle can be easily elucidated
from these results, more detailed investigations into cell and pattern specificity are needed
to determine the interaction between topography and other polarizing cues.

6.3.2
Changes in Morphology

Cell morphology is intimately related to cell attachment, cytoskeleton organization, and
phenotype. Cell attachment to the substrate is mediated through focal adhesion complexes
which are transmembrane clusters of cell surface receptors, intracellular cytoskeleton and
signal transduction proteins. A major family of cell surface receptors for the ECM is
integrin. When in contact with appropriate ligands (usually inclusive of the RGD peptide
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sequence), integrin molecules cluster and recruit associating proteins to form the focal
adhesion complex. Integrin clustering also requires external ligand clusters in the nano-
scale. Using a synthetic polymer-linking method, Maheshwari and coworkers presented
1, 5, or 9 RGD peptides on a single polymer and varied their density on substrates [32]. At
the same overall RGD density, murine NR6 fibroblasts exhibited migration speeds almost
an order of magnitude faster on the 9 RGD-cluster surfaces than the 5 or single RGD
clusters. Cell-substrate adhesion strength follows similar trends. Bigger clusters also
resulted in more stress fibers. Individual cluster size is a few tens of nanometers while
cluster spacing is from tens to hundreds of nanometers. These findings suggest that cell
attachment formation, cytoskeleton organization and migration are dependent on local
spatial presentation of the RGD sequence. Formation of these adhesion complexes can
modulate cell phenotype. While many studies have incorporated the RGD sequence to
enhance cell adhesion to materials, other cofactors can further modulate cell behavior and
phenotype. In the case of osteogenesis, presentation of the RGD peptide with the synergy site
PHSRN leads to increases in ECM production and alkaline phosphatase production [33].

On patterned surfaces, nano-grooves have been found to enhance cell attachment in
general. Endothelial cells have been found to have greater adhesion and coverage
on aligned nanometer-scaled patterns compared with larger micrometer-scale patterns, or
controls consisting of random nano-structured surface features [34, 35]. Human corneal
epithelial cells exhibited the highest adhesion strength on features of 400 nm pitch size
(~220 nm ridge, ~180 nm groove) where focal adhesion complexes are mostly confined to a
single ridge surface. In a few instances, however, focal adhesions can spread across the
groove and span a 330 nm gap. The enhanced adhesion strengths of nanotopography are
lost when feature pitch size exceeds 4,000 nm [36]. This result is believed to arise from the
similarity of the microgroove size with natural ECM topography. On micropits or micro-
posts, small attachment footprints are in general correlated with decreased attachment
strength [15, 37].

An apparent morphology difference on microfabricated surfaces is the cell shape
change. On microgrooves, the majority of cell types exhibit contact guidance and align
parallel to the pattern direction (Fig. 6.2c [20]). Interestingly, Rajnicek and coworkers found
that rat hippocampal neurites grow parallel to microgrooves when the feature size is large
and align perpendicular to the smaller and shallower patterns [38]. This differential
response is believed to involve calcium signaling [23]. Similar phenomenon has also
been observed in corneal epithelial cells [39]. Feature size also has an effect on cell
shape. Loesberg and coworkers generated microgrooves of 1:1 pitch ratio (ridge:groove),
ranging from 40 to 1,000 nm in pitch and depths from 4 to 40 nm. Rat dermal fibroblasts
aligned to all pitch sizes but only with groove depths of 35 nm or above [40]. Using patterns
featuring consistent ridge width and groove depth (1 mm and 400 nm, respectively) and a
gradient of groove widths (1–9.1 mm, with 0.1 mm increment), Kim and colleagues found
stronger alignment and elongation of NIH 3T3 fibroblasts on denser patterns [41]. When
compared with the attachment strength results, 4,000 nm pitch sized patterns were found to
illicit human corneal epithelial cell alignment, yet had no effect on cell attachment strength [36].
Upon closer inspection, cell alignment to groove patterns is coordinated with cytoskeleton
organization parallel to the alignment direction. Both microtubule and actin cytoskeleton
are involved in the alignment response. When feature sizes are smaller than 500 nm,
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interestingly, microtubules appear to be required to align human gingival fibroblasts [22].
On micropits or microposts, no apparent alignment behavior can be observed, although
some report has suggested that cells can sense symmetry in the topography [15].

6.3.3
Effect on Migration

With varied cell attachment and alignment, one can imagine that the cell migration behavior
is also modulated on the micro-patterned surfaces. On microgrooves, cells mostly exhibited
migration preferentially along the alignment direction [18, 28]. Migration on the groove
width gradient revealed a biphasic response where migration speed is the highest in medium
groove density [41]. Microtubule organizing centers (MTOCs) of smooth muscle cells have
been shown to polarize according to groove pattern directions, suggesting it is the geometric
constraint of surface topography that dictates cell migration direction, rather than a precise
cellular migratory function in the leading region [42]. Two dimensional fibronectin patterns
generated by mCP also revealed similar polarization of MTOCs and Golgi complexes [43].
Rho activities may also be involved in contact guidance migration in corneal epithelial cells
[28]. On microposts, 3T3 fibroblasts demonstrated persistent migration and responded to
the micropost rigidity change [27]. More studies are needed to better understand cell
behaviors on micropit and micropost patterns and the mechanisms behind them.

6.3.4
Cellular Proliferation

Other than some exceptions, the majority of metazoan cells require attachment to a solid
substrate to survive. This phenomenon is called anchorage dependence. Many transformed
cells lose this dependence and it is one mechanism of metastasis. Cell attachment to
the substrate initiates a series of events, including the previously mentioned focal adhesion
complex formation and cytoskeleton organization. In conjunction with mitogens, the cellular
structural change can regulate cell cycle progression, hence modulating cell proliferation
[44]. Furthermore, Chen and coworkers demonstrated that cell size, independent of attach-
ment area, can influence cell fate of apoptosis or DNA replication [45]. This effect is
mediated by cell tension and modulations in cell tension can change cell proliferation rate
in single cell or monolayers [46]. Changes in cell attachment and cytoskeleton organization
can therefore modulate cell proliferation. In human embryonic stem cells, microgrooves with
pitch size of 1,200 nm suppressed proliferation when compared with flat surfaces [47].
In human embryonic kidney cells (HEK-293), however, microgrooves enhance cell prolif-
eration [48]. Similarly, nanotubular titanium has been shown to provide a favorable template
for proliferation and osteoblastic function (bone matrix deposition) compared to cells grown
on flat titanium surfaces [49, 50]. This variation in response may be due to phenotypic
differences in cell properties and their abilities to sense and respond to the extracellular
mechanical environment [51], which will be further elaborated in the following section.
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6.3.5
Phenotype

In addition to chemical components, physical factors in the environment have been known
to modulate cell phenotype. Substrate elasticity, for example, can influence stem cell
differentiation lineage [52]. Cell morphology has also been demonstrated elegantly by
McBeath and coworkers to determine mesenchymal stem cell (MSC) differentiation
between adipogenesis and osteogenesis [53]. In turn, mechanical properties of the cell
change with differentiation, hence changing their response to the extracellular stimulation
[51]. It is therefore feasible to imagine that cells with different phenotype would respond
differently to similar physical environments. Fibroblasts have been known to increase
fibronectin production and assembly when cultured on microgrooves [54]. A few tissue
specific examples will be discussed here.

Osteogenesis has been widely studied regarding surface roughness and cell phenotypic
changes since it is of great interest for orthopaedic and dental implant compatibility and
adaptation. Groessner-Schreiber and Tuan demonstrated as early as 1992 that chick embry-
onic calvarial osteoblasts responded to rough-textured and porous-coated titanium surfaces
with increased attachment, matrix production and mineralization compared to smooth
surfaces [55]. More recently, Mathew Dalby’s group showed that human osteoblasts
exhibited different focal adhesion behavior on substrates with different sizes and topogra-
phies [56]. Additionally, using stro-1 enriched human MSCs, they revealed the different
substrate topographies activated different canonical signal transduction pathways. In a
separate study, human MSC elongation, stress fiber formation, and gene expression of
bone phenotypic markers were found on aligned TiO2 nanotubes of larger feature sizes
(70 or 100 nm compared to 30 or 50 nm) without soluble osteogenic factors [57]. Moreover,
Dalby’s group demonstrated that using the same sized micropit features, pattern symmetry
and disorder can significantly alter MSC osteogenesis [58]. A biphasic response to the
degree of disorder was observed in osteogenic potential without chemical stimulation.
Compared to the highly organized or totally random features, higher phenotypic expression
was found on “nanodisplaced topography”, where the micropits were displaced randomly
by up to 50 nm on both axes from their position in a true square array. These studies suggest
that topographical cues play a distinct differentiation role independent of chemical factors.

In addition to orthopaedic applications, the myogenic phenotype can also benefit from
topographical patterning. Nanoscale microgrooves on polyethylene glycol (PEG) hydrogels
facilitated rat neonatal cardiomyocyte alignment and phenotypic expression of the cell
junction protein connexin 43 and sarcomeric organization (Fig. 6.2d, [59]). These improve-
ments resulted in enhanced functionality of the resulting myofibers in terms of contractility
and electrophysiology. In the micron scale, chemical or topographical patterning have also
generated similar results [60, 61]. Similar to muscle, neural tissues are composed of highly
organized networks. Embryonic rat hippocampal cells were found to have enhanced polari-
zation on polypyrrole surfaces with microgrooves at 1 and 2 mm widths. Wider grooves
generated significantly more polarized cells, although no differences were observed for axon
length [62].When applied with the neurogenic factor retinoic acid, microgroove patterns can
even induce transdifferentiation of human MSCs into neuronal lineage, especially when
the groove width is in the nano-scale (350 nm compared with 1 and 10 mm) [63].
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With advances of nano- and micro-fabrication technology and knowledge in cell
biology, we are gaining momentum in the understanding of cell and microenvironment
interactions. Based on these findings, 3D materials designed for optimized tissue regenera-
tion and growth will be discussed in the following sections.

6.4
Nanomaterials and Synthesis

6.4.1
Nanofibers

In tissue engineering, nanofibers, nanotubes or composite nanomaterials have been used as
porous 3D scaffolds for engineering various tissues such as skin, blood vessels, nerve,
tendon, bone and cartilage. Nanofibers, solid fibers with diameters on the order of
1–100 nm, have high surface-area-to-volume ratio, resulting in highly porous scaffolds
with exceptional mechanical properties. These scaffolds offer a wide variety of topographi-
cal features that encourage cell adhesion and proliferation. It is possible to fabricate fibers in
the diameter range of ~3 nm up to 5 mm (though submicron diameters more strongly adhere
to the nanofiber definition) and several meters in length. Certain nanofiber matrices are
morphologically similar to natural ECM, mimicking the ultrafine continuous fibers, high
surface-to-volume ratio, high porosity and variable pore-size distribution. In addition,
nanofiber matrices as tissue engineering scaffolds provide interconnected highly porous
structures to facilitate cellular migration and transport of nutrients and metabolic wastes for
neo-tissue formation.

Many techniques have been utilized for the fabrication of nanofibers, and the most
widely and successfully applied technique is electrospinning. Other techniques such as
template synthesis, drawing, and interfacial polymerization have also been utilized in
nanomaterial production, though with less emphasis on biodegradable polymers. Other
successful techniques in creating nanofibrous tissue engineering structures include self
assembly and phase separation.

6.4.1.1
Electrospinning

Electrospinning provides a versatile and rapid method to fabricate nanofibrous scaffolds
allowing for the engineering of fibers at the nanometer diameter. In electrospinning, a high
voltage electric potential is applied to a droplet of polymer solution from a syringe or
capillary tube, and when the applied electric potential overcomes the surface tension, the
polymer jet is ejected (Fig. 6.3a) [64–67]. The jet travels rapidly to the collector under the
influence of an applied electrical field and the infinitely long fiber collects in the form of a
non-woven web as the jet dries (Fig. 6.3b). In order to minimize the instability due to the
repulsive electrostatic forces, the jet elongates to undergo large amounts of plastic
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stretching, resulting in ultra-thin fibers [64, 65, 68]. Several other factors affect the jet
stability and thus the diameter of the resulting fibers, such as polymer concentration,
viscosity, working distance between spinneret and collector, surface tension, temperature,
and vapor pressure (Table 6.1) [68–71].

Electrospun fibers can be collected on various types of collectors. Fibers spun onto a
stationary collector, consisting of a grounded conductive substrate, result in a random web
of nanofibers [64–67]. When rotation is introduced to the target collector, the fibers are
deposited in alignment on a rotating drum or dual rings [72–74]. The gap method has also
been used to create alignment of fibers, where a split electrode consisting of two conductive
substrates separated by a void gap results in the deposition of aligned nanofibers across
from the gap [75]. This method essentially provides preferential direction for electrostatic
forces to control the motion of the fibers. In these cases directional scaffolds can be
produced where the fibers are highly aligned, which may be useful to replicate the ECM
for specific tissues such as tendons, where fibrils are aligned to a similar degree.

While electrospinning requires specialized equipment, its adaptability to various poly-
mer solutions and ease of control has propelled it to be the most widely used nanofiber
production technique. Polymer solutions composed of synthetic polymers such as poly
(glycolic acid) (PGA), poly(L-lactic acid) (PLLA), poly(DL-lactide-co-glycolide) (PLGA),
poly(ethylene oxide) (PEO), poly(e-caprolactone) (PCL), poly(dimethylsiloxane) (PDMS),
poly(ester urethane)urea (PEUU) and many others have all been used for nanofiber electro-
spinning. In addition, natural polymers such as collagen, silk fibroin, chitin, elastin, and
fibrinogen have also been used in electrospinning applications yielding controlled nanofi-
brous scaffolds [76].

6.4.1.2
Self Assembly

Self-assembly involves the spontaneous organization of individual components into an
ordered and stable structure with preprogrammed non-covalent bonds [76–79]. While a
common natural process responsible for several essential biological components (nucleic
acid synthesis, protein synthesis, and energy transduction), self-assembly is a rather com-
plex process that is limited to only a select few polymer configurations (diblock copoly-
mers, triblock copolymers, triblocks from peptide-amphiphile, and dendrimers) [76, 80].
Peptide-amphiphiles (PA) are the most common of these polymers for the production of
nanoscale fibers [77, 81]. Hartgerink et al have shown that PAs can form nanofiber
cylindrical micelles due to their cone shape and amphiphilic nature [77, 81]. The nanofibers
are approximately 5–8 nm in diameter and over 1 mm in length (Fig. 6.3c). Nanofiber form-
ing PAs are designed to have five key structural features. They include: long alkyl tail that
conveys hydrophobic characteristics to the molecule; four consecutive cysteine residues
that form disulfide bonds to polymerize the structure; a linker region containing three
glycine residues to provide the hydrophilic head group the flexibility from the rigid cross-
linked regions; a phosphorylated serine residue that interacts strongly with calcium ions and
helps to direct mineralization; and Arg-Gly-Asp (RGD), a cell adhesion ligand. The
cysteine, phosphorylated serine and RGD sequence are specific characteristics of the
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Fig. 6.3 (a) Schematic of the electrospinning process to illustrate the basic phenomena and process
components (Reprinted from [76] with permission from Elsevier,# 2007). (b) Nonwoven electro-
spun PLGA nanofibers (Reprinted from [181],# 2002 John Wiley & Sons). (c) Nanofibers created
through acid induced self-assembly of two different molecules with the same peptide sequence
(Reprinted from [81], # 2002 with permission from the National Academy of Sciences).
(d) Nanofibrous PLLA matrix created through phase separation with paraffin spheres (Reprinted
from [182], # 2004, with permission from Elsevier). (e) Nanostructures made from biodegradable
polymer, PCL, by bringing porous template in contact with the polymer melt (Reprinted from [85],
# 2007 American Chemical Society). (f) Continuously drawn array of fibers on a silicon substrate
(Reprinted from [86], # 2006 American Institute of Physics)
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peptide portion of the PA [76, 77, 81]. When the PAs are in this form, the amphiphile
molecules are perpendicular to the nanofibers with the hydrophobic portion in the interior
and the hydrophilic part on the surface. This is different from the natural collagen matrix, in
which collagen molecules align parallel to each other [76, 79, 82].

Other self-assembly methods include divalent ion induced self-assembly (addition of
Ca2+ ions to cause gelation of the solution) and drying on surfaces (simply allowing the pH
8 water solution to dry on a surface) [77–79, 81, 82]. While each of the self-assembly
techniques successfully yields nanofibers that are consistently on the small end of the
natural ECM scale, the complexity of the procedure and the low productivity of the method
limit it as a large-scale tissue engineering option.

6.4.1.3
Phase Separation

Phase separation is a process that separates a polymer solution into a polymer-rich component
and a solvent-rich component. Phase separation has been used to produce nanofibrous, 3D
scaffolds whose macroporous architecture can be tailored to individual tissue types. This is
achieved with use of a water-soluble porogen material (e.g. sugar, inorganic salt, paraffin
spheres) that is fabricated into 3D negative replicas of the desired macroporous architec-
tures. Next, a polymer solution is cast over the porogen assembly in a mold, and is thermally
phase-separated to form nanofibrous matrices (Fig. 6.3d). The porogen material is then
leached out with water to finally form the synthetic nanofibrous extracellular matrices with
predesigned macroporous architectures. In this way, synthetic polymer matrices are created
with architectural features at several levels, including the anatomical shape of the matrix,
macroporous elements (100 mm to mm), interfiber distance (microns), and the diameter of
the fibers (50–500 nm) [76, 78–80, 82]. This technique provides a significant amount of
control in tailoring both the pore sizes and interconnectivity by altering the concentration,
size, and geometry of the porogens [76, 78].

Table 6.1 Factors in polymer solution or electrospinning instrumentation that result in smaller fiber
diameters

Lower values
lead to smaller
fiber diameter

Higher values
lead to smaller
fiber diameter

Ambiguous/
unknown
correlation

References

Viscosity X [160–174]
Concentration X [160–174]
Conductivity X [164–168, 171, 173]
Flow rate X [161, 162, 169, 175, 176]
Surface tension X [161, 162, 170, 174]

Voltage X [164, 168, 170, 173, 177]
Ambient

temperature
X [163, 178, 179]
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Unlike self-assembly, phase separation is a simple technique that does not require much
specialized equipment. However, this method is limited to being effective with only a select
number of polymers and is strictly a laboratory scale technique at this point [80].

6.4.1.4
Templating

Another method for achieving control of the hierarchical structure of the nanostructured
surface is templating. This method entails synthesis of the desired material within the pores
of a nano-porous membrane (Fig. 6.3e) [83]. Because the membranes contain cylindrical
pores of uniform diameter, nanocylinders of the desired material are obtained in which the
dimensions can be directed by the size of membrane pores [83]. Depending on the material
and the chemistry of the pore wall, this cylinder may be solid (a nanofiber) or hollow (a
nanotube). This “template” method has been used to prepare nondegradable polymers,
metals, semiconductors, and other materials on a nanometer scale.

For tissue engineering applications, the creation of nano-engineered structures from
biodegradable polymers enhances the potential success of the material after implantation.
PCL nanofibers have been fabricated by the extrusion of a precursor solution through a
template into a solidifying solvent under pressure utilizing custom instrumentation [84].
Template synthesis has also been used to form oriented nanowire and nanofiber arrays from
biodegradable polymers without the use of organic solvents or pressure assistance [85].
This resulted in a fast and inexpensive method for creating biodegradable nanowires and
fibers for tissue regeneration.

6.4.1.5
Drawing

Using drawing techniques, polymeric nanofibers are formed by drawing and solidifying a
viscous liquid polymer solution through a glass micropipette. By controlling the drawing
parameters, this method is able to form networks of suspended fibers having amorphous
internal structure and uniform diameters from micrometers down to sub-50-nm for different
molecular weights [80, 86]. Briefly, a micropipette is used to suspend polymer fibers on a
substrate. The substrate is first raised until it comes into contact with the polymer droplet,
and then the stage is moved along a predetermined trajectory with a constant speed while
forming the solid polymer fiber by the evaporation of the solvent. The fiber is suspended by
contacting the substrate with the pipette (Fig. 6.3f).

6.4.2
Nanotubes

Nanotubes are hollow cylinders that are nanometers in diameter and possess single or multiple
walls (SWNT and MWNT, respectively). Nanotubes are typically made of one element,
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normally carbon, and possess a broad range of electronic, thermal, and structural properties
that change depending on the structure of nanotube (i.e. diameter, length, and chirality).

Since their discovery in 1991 by Iijima [87], carbon nanotubes (CNTs) have been
exploited and evaluated for various applications. It has been of immense interest to apply
these nanotubes to improve human health and disease treatment because of their attractive
chemical, electrical, and mechanical properties. Currently, the majority of studies on CNT’s
biological applications revolve around the biosensor development in which the CNTs are
integrated with biomolecules such as proteins, nucleic acids or carbohydrates and used as a
sensor for ultrasensitive disease diagnosis [88, 89]. In addition, considerable efforts have
been made to utilize CNTs as biocompatible carriers or biomaterials for tissue regeneration
and in vivo gene and drug delivery. CNTs are one of the strongest materials ever reported
[90], making it an attractive material for reinforcement of polymers for tissue engineering
applications. Typically, reinforcement is achieved by incorporating nanotubes into polymers
and hydrogels for use as composite scaffold in tissue engineering (Fig. 6.4a). Nanocompo-
sites are composed of one or more nanoparticle components, where ultra-fine solid particles
such as nanospheres or nanocrystals are dispersed into amicron or sub-micron sizedmixture.

Carbon nanotubes are synthesized either with arc-discharge, laser ablation or most
commonly chemical vapor deposition (CVD). Arc discharge is the classical synthesis
method used by Iijima when CNTs were discovered. Arc-discharge and laser ablation are
currently the principal methods for obtaining small quantities of high quality CNTs.
However, the inherent design of these systems poses limitations to the large-scale produc-
tion of CNTs. In addition, both methods result in highly tangled forms of CNTs, mixed with
unwanted forms of carbon and/or metal species. The CNTs thus produced are difficult to
purify, manipulate, and assemble for building nanotube-device architectures for practical
applications [91].

6.4.2.1
Arc Discharge

The arc discharge method creates CNTs through arc-vaporization of two carbon rods placed
end to end, separated by approximately 1 mm, in an enclosure that is usually filled with inert
gas at low pressure. A direct current of 50–100 A, driven by a potential difference of
approximately 20 V, creates a high temperature discharge between the two electrodes. The
discharge vaporizes the surface of one of the carbon electrodes, and forms a small rod-
shaped deposit on the other electrode. The resulting product is a complex mixture of
components that requires further purification to separate the CNTs from the soot and the
residual catalytic metals present in the crude product.

6.4.2.2
Laser Ablation

Nobel Laureate Robert Smalley synthesized CNTs using a dual-pulsed laser, achieving high
yields of purity [92, 93]. Samples were prepared by laser vaporization of graphite rods with
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a 50:50 catalyst mixture of cobalt and nickel at 1,200�C in flowing argon, followed by heat
treatment in a vacuum at 1,000�C to remove the C60 and other fullerenes. The initial laser
vaporization pulse was followed by a second pulse, to vaporize the target more uniformly.
The use of two successive laser pulses minimizes the amount of carbon deposited as soot.
The second laser pulse breaks up the larger particles ablated by the first one, and feeds them
into the growing nanotube structure. The material produced by this method appears as a mat
of “ropes”, 10–20 nm in diameter and up to 100 mm or more in length. Each rope is found to
consist primarily of a bundle of single walled nanotubes, aligned along a common axis. By
varying the growth temperature, the catalyst composition, and other process parameters, the
average nanotube diameter and size distribution can be varied.

Fig. 6.4 (a) Light microscopic views of CNT-alginate composite after subcutaneous implantation
(Reprinted from [98], # 2006 J-STAGE). (b), CNT-PFF scaffold after 12 weeks implantation
in femoral condyle defect (Reprinted from [124], # 2008, with permission from Elsevier).
(c) Confocal image of a neural stem cell clusters cultured on CNT substrate before start of
stimulation and (d) during electrical stimulation. Increased calcium signaling (green) confirms
the CNTs role in creating a neural network (Reprinted from [155], # 2009 American Chemical
Society)
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6.4.2.3
Chemical Vapor Deposition

Chemical vapor deposition of hydrocarbons over a metal catalyst is a classical method that
has been used to produce various carbon materials such as carbon fibers and filaments for
over twenty years. Large amounts of CNTs can be formed by catalytic CVD. There are two
steps to the CVD technique: catalyst preparation and the actual reaction. Metal catalysts can
be prepared as a patterned substrate, resulting in mats of CNTs on a surface. Alternatively,
decomposition of metallo-organic compounds can be performed within the reactor, without
the use of a substrate, resulting in floating catalyst and subsequent synthesis. The actual
CNT synthesis is initiated from nucleation sites in the catalysts with the introduction of a
gaseous carbon feed stock, typically at temperatures between 500 and 1,000�C. Many
parameters affect the outcome of the CVD synthesis, including catalyst material, gas,
temperature, flow-rate and synthesis time. The versatility of the CVD technique further
enables CNTs to be synthesized for a wide range of end-use applications, including
patterned CNTs on substrates, which cannot be manufactured using the arc-discharge or
laser ablation techniques.

6.4.3
Functionalized Nanomaterials

A common strategy in tissue engineering is surface functionalization, where the surface of
a nanomaterial is chemically modified, adding functional groups that enhance the physi-
cal or biological performance of the material. CNTs are inherently hydrophobic when
utilized in the “as-produced” form, a condition which must be overcome in order to
suspend CNTs in water or ionic rich buffers. The most popular strategy for improving the
solubility of CNTs is by surface coating the nanotubes with functional groups. Functio-
nalization of carbon nanotubes is considered as an essential step to enable their manipu-
lation and application in potential end-use products. Acid reflux of SWNT or MWNTs
have been widely used to attach carboxyl groups to the surface of CNTs (e.g. SWNT–
COOH) [94–96]. These carboxylated nanotubes can be further derivatized to covalently
link the CNTs with other polymers (e.g. PEG), effectively increasing the CNT’s solubility
and biocompatibility [94–96]. Alternatively, further functionalization of carboxylated
nanotubes with biological molecules can be simply achieved using aqueous carbodiimide
chemistry, yielding a versatile way to use CNTs for drug delivery and specifications in
tissue engineering.

Many studies have examined the effects of surface functionalization of CNTs on cellular
responses in 2D and 3D (e.g. [97–99]). Most recently, a study by Webster and colleagues
developed an RGDSK (Arg-Gly-Asp-Ser-Lys) modified rosette nanotube (RNT) hydrogel
composite for bone repair [100]. Results showed that the modified nanotube hydrogel
caused around a 200% increase in osteoblast adhesion, mediated by increased fibronectin
adsorption, compared to hydrogel controls. This supports the notion that both surface
chemistry and biomimetic nanoscale properties contribute to the cell-favorable environment
[100]. It has been suggested that the tubular shape of CNTs and differing chemical reactivity
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of the ends versus the sidewalls can be used to conjugate two different functional groups in
each location. This would represent a significant advantage of CNTs in drug delivery over
spherical nanoparticles [101].

Electrospun synthetic fibers can also be functionalized either by post processing or by
incorporating bioactive factors into the spinning solution, though both processes are
generally more complex than functionalization of CNTs. In an effort to promote neuronal
growth on nanofibers, Koh et al coupled laminin to PLLA nanofibers using blended
electrospinning [102]. Using post-processing techniques, Park et al. treated electrospun
nanofibers with oxygen plasma to graft acrylic acid (AA) onto the nanofibers [103]. The
properties of the grafted fibers were significantly different from those of the unmodified
nanofibrous scaffolds. Fibroblasts seeded on the scaffolds spread over a larger surface area
on the AA-grafted surface as compared to the unmodified PGA, PLLA and PLGA nanofi-
brous scaffolds. Cultured for up to 6 days, the fibroblast proliferation was also found to be
much better on the surface-modified nanofibrous scaffolds [103]. In another study, PCL
nanofibers were coated with gelatin through layer-by-layer self-assembly, followed by
functionalization with a uniform coating of bonelike calcium phosphate [104]. It was
found that the incorporation of gelatin promoted nucleation and growth of calcium phos-
phate, promoting a bone-like extracellular environment. Pre-osteoblastic cells attached,
spread, and proliferated significantly more on the mineralized scaffolds than on the pristine
fibrous scaffolds after 7 days in culture.

Surface modification of natural polymers has also been explored. In a recent study,
BMP-2 was immobilized directly on a chitosan nanofibrous membrane, providing a bioac-
tive surface that can enhance bone-regeneration capacity [105]. The BMP-2-conjugated
surface increased osteoblastic cell attachment in a dose-dependent manner. The surface
modified chitosan membrane also significantly promoted cell proliferation, alkaline phos-
phatase activity, and calcium deposition when compared to BMP-2-adsorbed membrane.
These findings indicate that the stable localization of BMP-2 on nanofibrous membranes
is more osteoinductive than having the soluble growth factor present in the local microen-
vironment of the cells [105].

6.5
Interfacing Cells with Nanomaterials

Although the promise of tissue engineering is rapidly reaching reality, challenges remain,
particularly in creating constructs that more closely replicate the complex architecture and
distribution of native tissues. The cytotoxicity and long-term impact of nanomaterials on
human health is an area of great interest as the use of nanomaterials in biomedical
applications heightens.

A number of studies have been specifically interested in examining the biocompatibility
of CNTs on cells. The majority of these studies examine the toxicological response of cells
in 2D cultures (i.e. on plated cell lines or primary cells). One mechanism by which CNTs
interact with cell is by acting as molecular transporters of proteins and other nutrients in and
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out of cells (e.g. [106]). Nanotoxicology is a large field of research that examines the
signaling pathways and mechanisms leading to toxic effects or interactions between cells
and nanomaterials. A number of studies have explored this avenue of research with various
cell types; the outcome of most of these studies have also been summarized in several
review articles (e.g. [107–110]). Unfortunately, findings from the field of CNT-induced
toxicology has been full of contradictions, with some studies indicating CNTs as highly
toxic and others showing lack of any toxic effects. For example, treatment of the HEK 293
cells with SWNTs has been shown to result in reduction in cell viability that is time and dose
dependent [111]. Studies using MWNTs on mouse embryonic stem cells (ESC) revealed
that the CNTs can accumulate and induce apoptosis and activate tumor suppressor protein
p53 within 2 h of exposure. Where as, experiments performed on the HL-60 cells revealed
that SWNTs up to 25 mg/mL have no effect on cell proliferation and viability if the cells are
exposed to CNTs for a short time period such as 2 h [112]. Similarly, chondrocytes exposed
to SWNTs for longer durations (up to 2 weeks) were able to maintain 80% viability in the
presence of SWNTs at dose of 10 mg/ml [113].

The discrepancy in the cytotoxicity/biocompatibility studies of CNTs are in part due to
variable factors such as the size, solubility, surface functionalization, concentration and
exposure time of CNTs used in these studies. Another potential reason for the varied
responses may stem from the effects of oxidative stress on each cell type. Nanoparticles
can create reactive forms of oxygen that can damage cells, and cells can defend them-
selves by producing anti-oxidants when they encounter low concentrations of nanoparti-
cles [114]. However, each cell type’s response to this oxidative damage may vary,
providing a more cellular based mechanism for the variability in responses of cells to
nanoparticle toxicity.

It is important to note that most 2D studies are rarely translatable to 3D systems. For
example, several studies have explored the effects of nanosurfaces and nano-topographies
on cell attachment in 2D. The outcomes of these studies also vary based on the type of
nanomaterial and the type of cells examined. For example, in one study nano-sized carbon
nanofibers were found to promote osteoblast (bone cell) adhesion, while fibroblasts (skin
cells), chondrocytes (cartilage cells) and smooth muscle cells showed decreased adhesion
[115]. These types of findings are relevant for the comparative analysis of different cells
on a single type of material. However, for tissue engineering applications, these findings
from 2D are limited in translation into 3D. Typically, optimization of dosages, culture
durations and cellular responses in 2D provide a starting point for optimization of the
response of cells in 3D. The presence of cell–matrix interaction in 3D causes cells to
respond differently because the omnipresence of ECM around the cell alters the cells’
morphology, adhesion, and metabolism. Consequently, there is a need for specific explo-
ration and optimization of both the cytotoxic potential as well as growth conditions of
cells on nanomaterial scaffolds, directly in the 3D environment and material of choice.
The use of 3D nanomaterial networks for tissue engineering is a very novel approach and
likely path toward success of replacement tissues. In the following sections, the use of
nanomaterials in specific applications for bone, cartilage, and neural tissue engineering
are addressed.
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6.5.1
Bone Tissue Engineering

In order to assess how bone substitute materials determine bone formation in vivo, it is
useful to understand the mechanisms of the material surface/tissue interaction on a cellular
level. Artificial materials are used in two applications, as surface biomaterials (e.g. implant
surface) or as porous scaffolds for osteoblasts in tissue engineering. Recently, many efforts
have been undertaken to improve bone regeneration by the use of nano material surfaces.
Surface properties as well as biophysical constraints at the biomaterial surface, are of
major importance since these features will direct cell responses. Studies on osteoblast
cell reactivity towards nanomaterials will have to focus on the different steps of protein
and cell reactions towards defined surface properties at micro and nano scales.

Relying on natural materials inherent to bone, porous bone tissue engineering scaffolds
have been fabricated using hydroxyapatite (HA), a major mineral component and essential
ingredient of normal bone. Sintered scaffolds of nano-HA powder (20 nm average particle
size) or micro-HA powder (10 mm average particle size) were created and cultured with
osteoblasts. Greater cell numbers were found on nano-HA scaffolds compared with simi-
larly processed micro-HA scaffolds 5 days after seeding, though cell attachment did not
appear to be greater on the nano HA scaffolds [116]. Similarly, a highly porous nano-HA/
chitosan composite scaffold was developed, where nano-HA particles were dispersed
within a porous chitosan scaffolds [117]. Nano-HA particles were found to bind to the
chitosan scaffolds very well, limiting the migration of nano-HA particles into the bordering
regions of the surrounding tissues. This composite also showed better biocompatibility than
pure chitosan scaffolds [117]. These results suggest that the nano-HA scaffolds may serve
as a good 3D substrate for cell attachment and migration in bone tissue engineering.

Applications of synthetic nanomaterials for bone tissue engineering were initially
carried out using electrospun nanofibers. In studies from Vacanti and colleagues, micropo-
rous, non-woven PCL nanofibers were electrospun into scaffolds and were seeded with
marrow-derived mesenchymal stem cells (MSCs) from neonatal rats [118, 119]. The cell-
polymer constructs were cultured with osteogenic supplements in a rotating bioreactor up to
4 weeks. Penetration of cells and abundant extracellular matrix were observed in the cell-
polymer constructs after 1 week, and surfaces were covered with cell multilayers at
4 weeks. Results also indicate that significant matrix mineralization and collagen type I
deposition was present throughout the construct after 4 weeks [119]. In vivo studies in rats
with similar constructs showed that implantation of the nanofibrous PCL constructs after the
4-week in vitro conditioning protocol lead to successful growth of boney tissue in the
omenta of rats [118]. After explantation, the constructs were found to be rigid and having a
bone-like appearance. Multi-layers of osteoblasts, some osteocyte-like cells, and a woven
bone-like appearance were observed throughout the constructs [118]. These studies estab-
lished the ability to develop bone grafts on electrospun nanofibrous scaffolds
in vivo, however the implantation of [95] these constructs in non-musculoskeletal (i.e.
non-load-bearing) organs limits the extrapolation of these findings to potential success of
constructs in a bone defect model.

While early success with nanofibers was seen for bone tissue engineering, a signifi-
cant effort has been dedicated toward the use of nanotubes in boney tissue regeneration.
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Developing biocompatible scaffold materials that can support the growth and proliferation
of osteoblasts and thereby increment to replace boney tissues still remains a major challenge
for biomedical engineers. Currently, most artificial bone scaffolds are relatively weaker than
natural bone. CNTs have been utilized in various techniques for bone repair and tissue
engineering, because of the inherent mechanical strength of CNTs [110].

In studies by Haddon and coworkers, the effects of CNTs were examined on bone
formation and bone cell viability [96, 120]. Neutral CNTs (SWNTs and SWNTs functio-
nalized with PEG) were found to support the greatest amount of cell viability after 5 days.
SWNTs coated with carboxylic acid (COOH) or poly(aminobenzene sulfonic acid)
(PABS) had a net surface charge, which resulted in less cell growth than neutral
SWNTs. Interestingly, glass surfaces coated with SWNTs functionalized with phospho-
nates or with PABS were found to induce bone formation and mineralization. A film
coating of SWNTs on a glass substrate resulted in HA nucleation and crystallization that
was well-aligned, reaching up to 3 mm in thickness after 14 days of mineralization [96,
120]. In addition, it was found that the presence of CNTs in the scaffold improved cell
adhesion, which is crucial for cell growth, proliferation, differentiation, and migration
within the scaffold.

In a different approach, CNTs have been used in bone engineering to enhance the
mechanical properties of some biomaterials that are currently used in bone regenera-
tion. For example, polymethyl methacrylate (PMMA) is a common polymer material
for bone cement and dental prostheses. It has been found that the properties of bone
cement are improved by incorporating CNTs into the PMMA polymer [121]. The
mechanical properties of the PMMA with MWNT (0–10%wt) was found to enhance
the static and fatigue mechanical properties of the bone cement compared to polymer
only controls. The authors also discovered that the augmentation of the bone cement
with the nanotubes offers thermal benefits and improves the longevity of the implants
[110, 121].

In several studies by Mikos and colleagues, SWNTs have also been incorporated into
biodegradable polymers for their use in tissue engineering [122–124]. SWNTs and func-
tionalized SWNTs (F-SWNTs) were combined with the polymer poly(propylene fumarate)
(PPF) to examine the effect of the nanocomposite on rheological, electrical and mechanical
properties of the polymer. Cross-linked nanocomposites with F-SWNTs were superior to
those with unmodified SWNTs in terms of their mechanical properties. Nanocomposites
with 0.1% wt F-SWNTs resulted in a three-fold increase in both compressive modulus and
flexural modulus and a two-fold increase in both compressive offset yield strength and
flexural strength when compared to pure PPF networks. In comparison, the addition of 0.1%
wt unfunctionalized SWNTs resulted in only 37% mechanical reinforcement. These
extraordinary mechanical enhancements indicated strong SWNT-polymer interactions and
increased cross-linking densities, resulting in effective load transfer during mechanical
testing [123]. In follow up studies, it was also shown that these reinforced porous biode-
gradable scaffolds are biocompatible up to 12 weeks post implantation in a rabbit femoral
condyle (Fig. 6.4b) [122, 124]. The nanocomposite scaffolds exhibited favorable responses
in vivo, where a greater amount of boney ingrowth was seen in nanocomposite scaffolds vs.
control (polymer only) scaffolds. In addition, results suggest that nanocomposite scaffolds
may play a role in activating osteogenesis in vivo. With the enhanced mechanical properties
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and growth capabilities, these SWNT/polymer nanocomposites hold significant implica-
tions for the fabrication of bone tissue engineering scaffolds [122, 124].

The high surface to volume ratio of nanomaterials is hypothesized to affect the behavior
of cells in vivo, where increased surface areas result in increased surface adhesion with the
underlying substrate. However, other studies suggest that CNTs increase the surface
roughness of composite materials, and may be responsible for the increase in the osteoblas-
tic cell proliferation and differentiation [125, 126]. This increase in surface roughness is
thought to result in higher adsorption of proteins like fibronectin on the composite surface,
thus enhancing cellular adhesion [125, 126].

While the majority of nanotube bone studies employ SWNTs, implantation of MWNTs
into mouse skull subperiosteum and tibial bones was also investigated. This study found
that the MWNTs did not cause any major inflammatory reaction compared to graphite
particles [127]. MWNTs did not inhibit bone repair during the 4-week period, and the
nanotubes became integrated into the boney matrix. Interestingly, incorporation of BMP-2 with
the MWNTs implanted into the bone was found to accelerate new bone formation [127].
This study highlights the inherent advantages of using CNTs in bone repair, where the
nanotubes act as material for mechanical reinforcement, cellular stimulus, and potentially
for drug delivery.

6.5.2
Articular Cartilage Tissue Engineering

One of the major limitations in cartilage tissue engineering has been the relatively weak
mechanical properties of engineered scaffolds. Constructs with too weak of mechanical
properties are likely to be crushed inside the joint post implantation. Many efforts in the
use of nanomaterials for cartilage tissue engineering have focused on the improvement or
reinforcement of mechanical properties of scaffolds for the successful implantation inside
the joint. In a composite approach, nano-HAwas utilized to reinforce poly(vinyl alcohol)
gel (nano-HA/PVA gel) for use as articular cartilage repair biomaterial [128]. The results
showed that both storage modulus and loss modulus were dependent on the content of the
nano-HA, with peak values obtained for 6% nano-HA content. In another composite
scaffold, nano-HAwas incorporated into a polyamide (PA66) composite, yielding aniso-
tropic properties both in morphology and mechanical behavior [129]. A novel thermally
induced phase separation technique was used to generate these orientation-structured
scaffolds for cartilage tissue engineering, with the aim of replicating the anisotropic
structure and mechanical properties of native cartilage. The morphological study proved
that the nanoHA/PA66 scaffolds exhibited directional architecture with high porosity
(80–85%) and pore size ranging from 200 to 500 mm. In addition, increase in the nano-HA
content yielded improvement in anisotropic morphology. The compressive mechanical
properties were also found to be 50% greater in the longitudinal direction compared to the
transverse direction, mimicking the mechanical relationship of anisotropic cartilage in
compression [129].

In a recent study, the safety and regenerative potential of a nanocomposite scaffold
was examined in an osteochondral defect model in sheep [130]. A multilayer gradient
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nano-composite scaffold was created by nucleating collagen fibrils with nano HA particles.
The scaffolds were implanted into the defect site either alone or after culturing with
autologous chondrocytes in vitro. Histologic and gross evaluation of specimens showed
good integration of the chondral surface, and good bone regeneration was seen in the
scaffold containing groups relative to empty defect group. Neo formed hyaline cartilage was
found in the scaffold filled defects, though no appreciable enhancement was seen in the cell-
seeded group over the cell-free group. These results demonstrate that this nanocomposite
scaffold was successful at inducing hyaline cartilage repair by recruiting local cells into the
defect region and providing a substrate for successful growth and differentiation [130].

Chondrocytes cultured on electrospun PCL nanofibers have been shown tomaintain their
phenotype expressing cartilage-specific extracellular matrix genes, including collagen types
II and IX, aggrecan, and cartilage oligomeric matrix protein [131, 132]. In addition
to differentiated chondrocytes, MSCs have also been cultured on fibers because of their
ability to differentiate into multiple cell lineages. Li and colleagues have shown that MSCs
cultured on electrospun PCL fibers in the presence of TGF-b1 differentiated to a chondro-
cytic phenotype, as indicated by chondrocyte-specific gene expression and protein synthesis
[131, 132]. In addition, aligned fibers were also created tomimic the anisotropic morphology
and biomechanics of cartilage in tension [133]. Highly oriented fibers (94% fiber alignment)
were produced with a rotating target, yielding significantly higher tensile properties in fiber-
aligned direction vs. the unaligned control. When seeded with cells, the fiber alignment
was found to direct the cell orientation as well as the actin organization, yielding controlled
anisotropy in the fibrous ultra structure and the cellular morphology [133].

Carbon nanotube hydrogel composites have been most widely used for the creation of
engineered bone replacement. A study by Chahine and colleagues incorporated SWNTs
into agarose hydrogels which were then cast with primary chondrocytes [134, 135]. Results
indicate that SWNTs coated with carboxyl group (COOH) or PEG used in composite
constructs allowed chondrocytes to maintain viability up to 28 days. In addition, matrix
production of proteoglycans and collagen increased in cells cultured in CNT containing
constructs vs. control. Expression of tumor protein 53 (p53) for potential carcinogenesis
revealed no significant changes due to presence of SWNT up to 28 days in culture [136]. It
is hypothesized that nano-composite hydrogels more closely resemble the morphology (size
and organization) of the endogenous extracellular matrix than control hydrogels, which is
critical for defining the cell–matrix interaction in a successful tissue regeneration process.

6.5.3
Fibrocartilaginous Tissues (Meniscus and Intervertebral Disc)

Fibrocartilaginous tissues are also load-bearing and pose the same level of complexity in
engineering a tissue replacement as bone and cartilage, particular when considering the
complex geometry and ultrastructure of the meniscus. In a study by Mauck and collea-
gues, biodegradable nanofibrous scaffolds were used for growth of meniscal fibrochon-
drocytes or MSCs [137]. Aligned and unaligned scaffolds were examined, yielding
comparable amounts of matrix protein. Interestingly though, a significantly larger increase
in mechanical properties was observed for the aligned scaffolds. MSC also yielded greater
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amounts of matrix proteins and demonstrated comparable increases in mechanical proper-
ties, thereby confirming the utility of MSCs for meniscus tissue engineering [137]. When
similar constructs were seeded with human meniscal fibroblasts, increases in biochemical
content and mechanical properties were observed. In scaffolds seeded with particularly
robust cells, construct tensile moduli approached maxima of ~40 MPa over the 10-week
culture period, reaching values comparable to native healthy human meniscus [138].

Intervertebral disc (IVD) is also a fibrocartilagenous tissue, providing cushioning and
support in the spine. The IVD is composed of three distinctive anatomical and functional
structures, the nucleus pulposus (NP), annulus fibrosus (AF), and the vertebral end-plates
(EP). Both the NP and EP tissues are rich in proteoglycans (PG), with EP closely resembling
articular cartilage. The AF has high collagen content and its radially oriented fibers resemble
other fibrocartilagenous tissues such as the meniscus. In an anatomically mimetic approach,
a recent study developed a biphasic composite from an electrospun, biodegradable nanofi-
brous scaffold enveloping a hyaluronic acid hydrogel center [139]. These constructs archi-
tecturally resemble a native IVD, with an outer AF-like region and inner NP-like region. The
constructs were seededwithMSCs and cultured up to 28 days in the presence of TGF-b. This
study serves as a proof-of-concept that anatomically shaped IVD tissue constructs can be
created from nanomaterial scaffolds for potential use in disc replacement.

Current approaches for tissue engineering of IVD have focused on the creation of a
replacement tissue of a singular tissue type. In a recent study, a novel strategy for AF tissue
engineering that replicates the natural hierarchy with anisotropic nanofibrous laminates was
developed [140]. Bi-lamellar tissue constructs were formed first as single lamellar tissues from
aligned nanofibrous scaffolds seeded with MSCs, then coupled into bilayers after 2 weeks of
in vitro culture. The bilayers were oriented either in parallel or opposing fiber alignment
relative to the long axis of the scaffold. After 10 weeks in culture, results indicate that these
scaffolds directed the deposition of an organized, collagen-rich extracellular matrix that
mimicked the angle-ply, multi-lamellar architecture of native AF. In addition, the engineered
tissue achieved mechanical properties comparable to the native tissue. Interestingly, using
these novel constructs, new mechanisms of tensile reinforcement were identified [140].

The effect of surface charge has been explored in stimulating cell synthesis. Cervical
spine human AF cells have been seeded onto a nanofiber surface of randomly oriented
electrospun polyamide nanofibers with a neutral or positive charge [141]. Results indicate
that cells on the charged nanofiber surface deposited greater amounts of chondroitin sulfate
than of type II collagen, compared to cells grown on a neutral surface. Cell proliferation did
not differ among treatment groups, suggesting that the positive charge significantly
increased total proteoglycan production. These findings point to the need for systematic
scaling up of tissue regeneration efforts by adding levels of complexity in trying to replicate
the native IVD [141].

6.5.4
Tendon/Ligament Tissue Engineering

Ligaments are fibrous bands or sheets of connective tissue, comprised of attenuated
collagenous fibers, linking two or more bones. Ligaments are composed of densely packed
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collagen fibers, thus native ligaments lend themselves well for tissue engineering applica-
tions with nanomaterials, especially nanofibers.

Lee et al. used a rotating cylindrical target to align electrospun polyurethane nanofibers
for ligament tissue engineering. When cultured with human ligament fibroblasts, the cells
became spindle-shaped and oriented in the direction of the nanofibers. In addition, signifi-
cantly more collagen was synthesized on aligned nanofiber sheets compared to randomly
oriented fibers. When mechanical strain was applied to the scaffolds, fibroblasts were found
to be more sensitive to strain in the longitudinal direction than in transverse direction [142].
Similarly, Dalton et al. used yarns produced by the collection of nanofibers between dual
rings as potential scaffolds for tissue engineering of tendons and muscles [143].

Lu and colleagues have designed a PLGA nanofiber-based scaffold for rotator cuff
tendon tissue engineering, aiming to improve the attachment, alignment, gene expression,
and matrix elaboration of human rotator cuff fibroblasts [144]. It was observed that rotator
cuff fibroblasts cultured on the aligned scaffolds attached along the nanofiber long axis, and
this was associated with a distinct integrin expression profile. In addition, physiologically
relevant mechanical properties were attained for the aligned nanofiber scaffolds, compared
to the unaligned [144].

In another composite effort, a tissue regeneration membrane was created by electrospin-
ning a suspension consisting of PLLA, MWNTs and hydroxyapatite [145]. MWNTs/HA
nanoparticles were uniformly dispersed in the membranes, and were found to enhance the
adhesion and proliferation of periodontal ligament cells by 30%. Additionally, the mem-
brane was found to inhibit the adhesion and proliferation of gingival epithelial cells by 30%,
compared with the control group. In vivo, this new type of membrane shows excellent dual
biological functions when implanted in murine muscles [145].

Knitted scaffolds have been proven to favor deposition of collagenous connective tissue
matrix, which is crucial for tendon/ligament reconstruction. But cell seeding of such scaffolds
often requires a gel system, which is unstable in a dynamic situation, especially in the knee
joint. A study by Sahoo et al. developed a novel, biodegradable nano-microfibrous polymer
scaffold by electrospinning PLGA nanofibers onto a knitted PLGA scaffold in order to
provide a large biomimetic surface for cell attachment [146]. Porcine bone marrow stromal
cells were incorporated by either pipetting a cell suspension directly on scaffold surface
(direct), or by pippetting cells suspended in fibrin gel (immobilized). The increased surface for
cell attachment when using direct suspension resulted in improved cell seeding and promoted
cell proliferation, function, and differentiation over the immobilized cell technique [146]. This
technique increased the surface area and reduced the pore size of the knitted scaffold, thereby
eliminating the need of cell delivery by fibrin gel.

Collagen, a prominent biopolymer, is used extensively for tissue engineering applica-
tions, because its signature biological and physico-chemical properties are retained in
in vitro preparations. While electrospinning of collagen nanofibers appears to be the most
faithful biomimetic approach for tissue engineering of ligaments and tendons, recent studies
have suggested that the properties of collagen as a leading natural biomaterial are lost when
it is electro-spun into nanofibers out of fluoroalcohol solvents [147]. The resultant nano-
scaffolds appear to lack the unique ultra-structural axial periodicity that confirms proper
triple-helical structure of collagen. They were also characterized by low denaturation
temperatures, similar to those obtained from gelatin preparations. This study concluded
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that electrospinning of collagen out of fluoroalcohols solvents appears to defeat its purpose,
namely to create biomimetic scaffolds emulating the collagen structure and function of the
extracellular matrix [147].

Silk, another naturally occurring polymer, has been used clinically as sutures for
centuries. Silk is composed of a filament core protein, termed fibroin, and a glue-like
coating consisting of sericin proteins. In recent years, silk fibroin has been increasingly
studied for new biomedical applications due to the biocompatibility, slow degradability and
remarkable mechanical properties of the material [148]. Silk fibroin has been shown to
support stem cell adhesion, proliferation, and differentiation in vitro and promote tissue
repair in vivo. Nanofibrous silk based scaffolds can be prepared by electrospinning silk
fibroin solution. Studies have shown that non-woven silk fibroin nanofibrous mats support
the attachment, spreading and proliferation of human bone marrow stromal cells and
fibroblasts in vitro [149]. Moreover, the in vivo biocompatibility of silk fibroin non-
woven nanofiber membranes/nets was examined in repair of critical-sized calvarial bone
defects in a rabbit model. The membranes were able to enhance bone formation over
12 weeks with no evidence of inflammatory reactions, further expanding the versatility of
silk fibroins in micro and nano fiber based tissue engineering of soft and hard connective
tissues [150].

6.5.5
Neural and Muscular Tissue Engineering

The requirements for neural and muscular tissue engineering are significantly different than
that of connective tissues, including bone. Electronically capable materials, such as CNTs,
have played an important role in neural tissue engineering. While nanofibrous scaffolds
have been used for creation of conduits for neural growth or as substrates for muscular
growth, a significant effort has focused on the effect of electronically conductive CNTs on
cellular growth, differentiation and electrical excitability.

CNTs are attractive for use in fiber-reinforced composite materials due to their very high
aspect ratio and mechanical properties. However for muscle regeneration, the electrical
properties of CNTs can also be utilized for growth and stimulation of excitable tissues.
Stegemann and colleagues created a composite comprising type-I collagen embedded with
SWNTs that were seeded with smooth muscle cells [151]. Cell viability in all constructs was
consistently above 85% after 3 and 7 days in culture. In a follow up study, SWNT-collagen
composites were examined for their electrical properties [152]. Electrical conductivity of
the constructs varied from 3 to 7 mS/cm, and increased in a SWNT dose dependent manner.
These findings demonstrate that the electrical conductivity of cell-seeded collagen gels can
be increased through the incorporation of carbon nanotubes. Protein-SWNT composite
materials may have important application in tissue engineering, as well as substrates to
study electrical stimulation of cells, and as transducers for biosensors [152].

Nanotubes grown in an array can be used to form neural networks when cells are
cultured on top. Rat cortical tissue was cultured on a nanopatterned substrate containing
carbon nanotubes. Neuronal cells became self-organized into networks with the island of
CNTs. These CNT and cell interactions created an ordered and compact wired network.
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Scanning electron microscopy of neuronal networks on CNT templates clearly reveal
preferential adhesion of neurons and glia cells to the CNT-coated regions. In addition, the
geometry of the ordered networks was dictated by the arrangement of the CNT islands
[153]. In a separate study, neurons grown on CNTs were shown to have higher frequency of
spontaneous postsynaptic currents, with no observable changed in other electrophysiologi-
cal characteristics [154]. This difference was attributed to the electrical conductivity of the
substrate. Thus, CNTs can be used as structural support and as an electrically excitable
substrate for neural applications. A more elegant approach was recently presented for
integration of CNTs networks with neurons for implantation. A layer-by-layer composite
was assembled from SWNTs and laminin, which is an essential part of ECM [155].
Laminin-SWNT thin films were found to be conducive to neuronal differentiation and
suitable for their successful excitation. Extensive formation of a functional neural network
was evident as indicated by the presence of synaptic connections and action potential
propagation through the SWNT substrate (Fig. 6.4c, d). These results indicate that the
protein-SWNT composite can serve as a material foundation of neural electrodes with
chemical structure better adapted with long-term integration with the neural tissue [155].

From a biological perspective, CNTs have been shown to influence the cellular response
(i.e. proliferation and metabolic activity) of various cell types grown with CNTs. However a
recent study has revealed that a 2D thin film scaffold composed of biocompatible polymer
grafted CNTs can selectively differentiate human embryonic stem cells into neuron cells
while maintaining excellent cell viability. The surface analysis and cell adhesion studies
suggested that CNT-based surfaces can enhance protein adsorption and cell attachment.
This finding indicates that CNT-based materials are candidates for embryonic stem cell
neural differentiation [156].

6.6
Future Directions

While nanomaterial based scaffolds show promise for creating biocompatible, cell based,
mechanically viable scaffolds and tissue replacements, limitations exist for advancing this
technology from the lab bench to more clinically relevant conditions.

One of the hallmark features of a biologically based replacement strategy is the potential
for the engineered tissue to self-maintain in long term implantation through balanced
metabolism. However, the incorporation of cells into nano scaffolds is limited mostly by
the dense structure of the tissue. Recent efforts have examined ways to improve cell
infiltration. Cells can be electrosprayed into the electrospinning polymer to enhance cell
encapsulation and infiltration into the materials. Wagner and colleagues electrosprayed
vascular smooth muscle cells (SMCs) concurrently with electrospinning PEUU [157].
This process increased cell seeding by 30%, did not diminish cell viability, and the SMCs
spread and proliferated similar to control unprocessed cells. Using another novel method, a
coaxial needle arrangement was used to drive a concentrated living cell suspension through
the inner needle along with a medical-grade PDMS through the outer needle [158]. Using
this technique, conditions under which the finest cell-containing microthreads have been
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formed. These electrospun cell-fiber composite were cultured and found to be viable with
no evidence of having incurred cellular damage during the nanofabrication process. Alter-
natively, it is possible to improve cell infiltration by increasing the pore size of the
nanofibrous scaffold. Baker et al. co-electrospun PEO (a water-soluble polymer) with
PCL nanofibers to form composite fiber-aligned scaffolds [159]. The selective removal of
sacrificial PEO fibers resulted in increased porosity and improved infiltration of MSCs after
3 weeks in culture. These findings indicate that cell infiltration can be expedited in dense
fibrous assemblies with the removal of sacrificial fibers, while maintaining alignment of the
primary (PCL) nanofibers for continuous mechanical support [159].

While much scientific effort has been dedicated to examining the role of a single
parameter on cellular responses (e.g. fiber diameter, surface coatings, alignment etc), the
current body of scientific investigations are in need of systemic approaches to examining
how changes in multiple parameters affect cellular behavior. Interactions among multiple
parameters (e.g. pore size, alignment, effect of pre-condition in bioreactors etc) will help
optimize conditions for achieving tissue-specific conditions. Moreover, incorporation of the
biological complexity seen in native tissues is vital for the success of nanomaterials in vivo.
For example, while many studies have focused on optimizing nanomaterial conditions for
osteoblast growth, few studies have examined the effect of 3D nanomaterials on osteoclast
and osteocyte behavior, two major cellular components of bone. In order for a nanomaterials
based approach to succeed in bone replacement, the interaction of and between all 3 boney
cell types must be examined and optimized prior to in vivo implantation.

Examination of interacting factors can also assist in elucidating mechanisms by which
cells and scaffolds interact. For example, several studies have indicated that engineered
constructs with comparable protein content can possess differing mechanical properties.
This difference is inherently due to cell-induced changes in the ultra-structure of the nano-
scaffolds. Some studies have indicated that cellular attachment and protein synthesis results
in reinforcement of the nano scaffold in a fiber orientation dependent manner. These
mechanisms are vital for tissue engineering and for understanding the behavior and
organization of healthy native tissues. Consequently, the use of nanomaterials in building
up replacement tissues can provide a step-by-step approach at recapitulating the complexity
of native connective tissue, while examining how the addition of each step influences the
mechanical or biological behavior of the entire composite.

Biocompatibility and cytotoxicity of nanomaterials is an area of great importance for
tissue replacement strategy. Due to their size, nanoparticles are more easily taken up by the
human body and can cross biological membranes, cells, tissues and organs more efficiently
than larger microparticles. Once in the blood stream, nanomaterials can be transported
around the body and can be taken up by organs and tissues including the brain, heart, liver,
kidneys, spleen, bone marrow and nervous system. Consequently, the impact of implanting
nanomaterials based scaffolds in the human body requires very complex analysis of
particulate matter collecting in the various organs. While nanomaterial based medical
devices or scaffolds require FDA review and approval, a number of nanomaterial consumer
products have been released to market without explicit review of their nanotechnology
impact on health outcomes. Currently, the FDA treats nanomaterials no differently than
bulk material composed of the same ingredient. Several FDA regulated products employ
nanotechnology, such as cosmetics and sunscreens, where nanoparticles are used to increase
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the stability or modify the release of active ingredients. The interest in incorporating
nanomaterials in drug, medical, food, and cosmetic industries has forged the effort for
creation of the U.S. Nanotechnology Task Force. This task force is charged with determining
regulatory approaches that encourage the continued development of innovative, safe, and
effective FDA-regulated products that use nanotechnology materials. Future guidelines by
this and other governmental agencies will shed light on the future implications of nanoma-
terial production and use in products for human consumption, including tissue engineered
scaffolds.
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Abstract This chapter is focused on the classification of bioceramics and their medical
applications. Alumina, zirconia or alumina–zirconia-based composite bioinert ceramics are
currently used as femoral heads, acetabular cups for hip replacement, and dental implants.
Nano-structured bioinert ceramics with significantly improved toughness and stability are
desirable for future clinical needs. Bioactive glass and calcium phosphates are being
investigated as bone fillers, bone cements, coatings, and scaffolds for bone repair and
regeneration. Cell-laden biodegradable bioceramic/biopolymer hybrid composites mimick-
ing the bony hierarchical structure present the desired properties for bone substitution and
tissue engineering and are creating a new generation of regeneration materials. Bioceramics
for dental and cancer treatment are also introduced in this chapter. Further challenges in
bioceramic scaffold fabrication for tissue engineering are also discussed.
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7.1
Introduction

Ceramics, considered to be the oldest materials used by humans, have progressively been
used for electronic, optical, energy-related, and medical applications. Applications of
ceramics in medical fields have advanced significantly in the past few decades.

Biomaterials are defined as substances, other than drugs, that can be used to treat,
augment, replace, or repair any tissue or organ of the body in vivo for any period of time.
When biomaterials are implanted into the body, two factors will determine the fate of the
biomaterials. One is tissue response to the biomaterials, i.e. physico-chemical properties,
cytotoxicity, and chemical compositions. The other is the change in biomaterial properties
after implantation, i.e. body fluid erosion, and enzyme degradation. Bioceramics is a large
class of inorganic nonmetallic materials. It is widely used in repairing and replacing skeletal
and hard tissues such as hip-joints, teeth, and bone due to its antimicrobial activity and
resistance to pH change, acid and base solutions, and high temperatures. At the same time,
bioceramics generally show better tissue responses than polymers or metals. Most biocera-
mics do not release their components into the human body unless they are designed to be
bioresorbable. Therefore, bioceramics do not generate a foreign body response and
are biocompatible to cells. Besides these safety features, a very important and useful feature
of bioceramics such as apatite is their ability to bond with the bone. Apart from apatite,
bioactive glass and bioactive glass ceramics can also bind directly with the bone.

Bioceramic materials generally include ceramics, bioglasses, and glass-ceramics. Over
the past 50 years, advances in many specialties of bioceramics such as alumina, zirconia,
hydroxyapatite, tricalcium phosphates, and bioactive glasses have made significant con-
tributions to the development of the modern health care industry and have improved the
quality of human life [1]. These ceramics are able to replace or restore various damaged
bone tissue systems, due to their compositional similarity with the mineral phase of bone.
Currently, bioceramics are primarily applied in the hip joint, knee joint, elbow joint,
humerus, chest connection pin, teeth root, auditory assicles and cranial bones.

The clinical use of bioceramics in dentistry started in the late eighteenth century with the
use of porcelain in crowns. Since the late nineteenth century, plaster of paris, or gypsum,
began to be used in orthopedics [2]. With the advancement of high-tech ceramic technology,
more and more bioceramics were applied into the medical field since the twentieth century.
The calcium phosphate family of ceramics was extensively used in bone defects and
alumina (Al2O3), zirconia, and alumunia–zirconia composite ceramics began to be used
in hip joints [3].

In general, we classify bioceramics into two families: bioinert and bioactive ceramics.
Their classification depends on whether the ceramic can directly form an integration at the
interface between the bone and the ceramic. When a bioinert material is implanted into the
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body, soft tissue interplay can happen, preventing the new bone from ingrowing to form a
bond. However, for bioactive ceramics, ingrowth of new bone can often be achieved.
Therefore, the “bioinert” ceramics used in hip joint prostheses or knee joint replacement
are often coated with bioactive ceramics in order to better form integrations and to prevent
aseptic implant loosening. The applications of bioceramics have evolved in many fields
today, and research into further bioceramic development is also progressing at a fast pace.
Therefore, it is not possible to exhaustively review all of the latest research and applications
of bioceramics in this chapter. We will first briefly introduce previous work on bioceramics,
and then intensively review the current and ongoing research in this area by presenting
bioceramic classifications, applications, synthesis methods, and clinical developments.

7.2
Classification of Bioceramics

7.2.1
Bioinert Ceramics

Nearly inert bioceramics refers to the kinds of ceramics with stable physicochemical
properties and good biocompatibility. High density, high strength alumina and zirconia
are often considered bioinert ceramics. Due to their excellent corrosion resistance, high
wear resistance, and good biocompatibility [4, 5], the major application of alumina or
zirconia is in total hip joint and knee replacements.

7.2.1.1
Alumina

Alumina (Al2O3) is a representative bioinert ceramic. Alumina has been widely used in
load-bearing artificial joints (hip joints, knee joints, finger joints), artificial bone, dental
implants, artificial auditory ossicles and orthopedic surgery since the 1970s when Boutin
introduced alumina into the artificial femur head [4].

Although there are several crystal systems of Al2O3, the alumina used for bioceramics is
a-Al2O3, which is the most stable form. The crystalline structure of a-Al2O3 is rhombohe-
dral. Alumina is extremely stable in the human body and cannot be dissolved by strong
acids or bases. Alumina has been widely used in the acetabulum and femur head and
articulations digitorum manus. Alumina are attractive materials because of their high
hardness, low wear rates and excellent biocompatibility, which make alumina an alternative
to the common metal femoral heads articulating against an acetabular cup of polyethylene
or to metal–metal bearing devices [6–8]. Klaus Jahnke reported the excellent tolerance of
bioinert aluminium oxide ceramics after it was implanted into the middle ear for over
4 years. When he implanted alumina into an ossicular chain reconstruction, they observed
no foreign body reactions within several weeks. They designed two types of angled
implants to prevent the endplate of the implant from turning outwards when the eardrum
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is retracted. This problem would result in an interference with the blood supply to the
tympanic membrane [9].

Most total hip joints are composed of ultra-high molecular weight polyethylene
(UHMWPE) and metal. However, the interaction between the UHMWPE and metal pair
produces wear debris or releases metal particles, which may accumulate and cause a
biological response [10]. The wear debris [11–14] leads to osteolysis and eventual loosen-
ing of the prosthesis [15–18]. This aseptic loosening failure of joint prostheses results in
serious orthopaedic problems, thus affecting the long-term success of total hip arthroplasty
(THA) [19–22]. Consequently, the reduction of the amount of polyethylene debris and
metal particles due to wear becomes significantly important for the long term success of
THA [23]. There has been increased interest in the development and use of low wearing
components that exhibit negligible amounts of ion release as alternatives for hip prostheses.
Thus, ceramic-on-ceramic THA has gained attention in the field of orthopaedic implants.

Since the 1990s, approximately 3.5 million alumina components and more than 600,000
zirconia femoral heads have successfully been placed into patients worldwide. However,
due to the intrinsic brittleness and slow crack growth of ceramic materials [24, 25],
significant in vivo implantation failures are frequently reported [26–29]. When these
materials were first pioneered, the fracture rate was quite high (up to 13% for some
versions), mainly for alumina–alumina pairs. It is worth noting that this ceramic breakage
rate in total hip prostheses varies in the literature from 0.2% to 3.5% [30, 31]. A recent
compilation of cases indicates that the in vivo failure rate (number of fractures/number of
implanted heads) reported by the producer of Biolox® alumina has been below 0.01% for
the past 10 years [32]. Even so, it is necessary to improve the reliability of implanted
alumina ceramics.

7.2.1.2
Zirconia

In addition to the alumina ceramics discussed above, zirconia ceramics are also used for
femoral heads in total hip arthroplasty. This is because zirconia ceramics are superior to
alumina ceramics in terms of mechanical strength and fracture toughness. Zirconia has three
variants: monoclinic, tetragonal, and cubic crystal structures. Monoclinic is the stable phase
at low temperatures, but the tetragonal phase is always formed prior to the monoclinic phase
during phase transformation. The enhancement of toughness results from the phase trans-
formation toughening and microcrack propagation resistance. Transformation of metastable
tetragonal grains to the monoclinic phase is accompanied by volume expansion, which
induces compressive stress that hinders the crack from continuing. However, large volume
variations from their phase transformation results in many cracks that may significantly
decrease the mechanical properties of the material. Therefore, partially stabilized zirconia is
suitable for use in biomedical applications with the requirement of mechanical strength. At
present, meta-stabilized zirconia as a structural ceramic became a popular alternative to
alumina due to its higher fracture toughness and strength [33], which actually opened a new
way to design implant ceramics with high toughness.
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A typical partially stabilized zirconia example is yttria stabilized zirconia. Yttria added
to ZrO2 stabilizes the tetragonal or cubic phase and prevents those phases from transforming
to the monoclinic structure. Yttria-stablized zirconia orthopedic implants have the largest
value of fracture toughness. Static and fatigue strengths for zirconia femoral heads have
been found to satisfy clinical requirements [34]. Application of zirconia also reduces
frictional torque and the level of polyethylene debris production [35]. The wear perfor-
mance has been shown to be superior even to alumina [36]. However, due to zirconia’s
meta-stability, some cases reported that aging happened in the presence of water when
implanted in vivo [37]. This aging process results from the phase transformation at the
surface from tetragonal to monoclinic transformation triggered by water molecules, which
leads to surface roughening and micro-cracking [38]. Therefore, these femoral heads may
undergo slow degradation during long-term implantation in the human body, which would
be pronounced after several years [39, 40].

7.2.1.3
Zirconia–Alumina

Although zirconia ceramics have certain advantages on the toughness fracture and have
good mechanical properties, long term aging in vivo after implantation is still a major
concern for medical use. The presence of water could promote tetragonal to monoclinic
transformation in zirconia. Chevalier et al. [38, 41] performed a detailed analysis of the
aging mechanism. It is likely that the oxygen of environmental water penetrates into
vacancy sites of the zirconia and hydrogen is placed on adjacent interstitial sites. Oxygen
vacancies in the zirconia affect the water diffusion rate, which results in volume instability
of surface grains and micro-cracking [42]. Based on stabilization mechanisms, minimizing
the quantity of oxygen vacancies in the zirconia is feasible and necessary in order to address
this issue. Meta-stabilizing zirconia with yttria reduces the oxygen vacancy and diffusion of
water radicals into the zirconia lattice, which prevents the propagation of the transformation
of zirconia grains from one grain to another. Some efforts have been dedicated to develop
this kind of zirconia–alumina composite to reduce aging issues of zirconia [43, 44]. A
potential solution is to develop a zirconia-based alumina ceramic, combining the enhanced
toughness of zirconia and the surface degradation resistance of alumina when implanted
in vivo.

Metal-doped zirconia is being developed today and may be widely used in the clinic in
the future. The addition of dopants is believed to stabilize the tetragonal or cubic zirconia
phase [45, 46]. It has been reported that CeO2-doped zirconia presents superior mechanical
properties, owing to the mechanism of phase transformation [47], ferroelastic domain
switching [48] and shape memory behavior [49]. Nawa et al. [50] developed a Ce-TZP/
Al2O3 nanocomposite that exhibits extremely high resistance to low-temperature degrada-
tion, excellent biocompatibility and high wear resistance. Ceria-stabilized zirconia–alumina
nanocomposites offer superior properties compared to conventional yttria stabilized zirco-
nia [51]. The homogeneous dispersion of a nanoscale alumina phase in the Ce-TZP matrix
increases the strength of the material without affecting the fracture toughness. The homo-
geneous dispersion suppresses grain growth and increases the hardness, elastic modulus and
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hydrothermal stability of the tetragonal zirconia, which suggests that the addition of 10 mol
% CeO2 and 30 vol.% of Al2O3 to the zirconia matrix would be applicable in dental
restorations [52].

Besides the addition of yttria, or ceria, other metal oxide dopants such as MgO, calcia,
and even a combination of them could be added to stabilize the ZrO2 in the tetragonal and/or
cubic forms at room temperature. Wu and Brook [53] found that high density and small
grain size could be achieved with the use of multiple additives, i.e. CaO (or Y2O3) together
with MgO. Brito-Chaparro recently added heat-treated MgO powders as a stabilizer to
micron ZrO2 powders to increase both hardness and fracture toughness [54]. Actually, Mg-
PSZ has been developed for femoral heads in total hip replacements. Therefore, the aging-
resistant doped zirconia ceramics such as Mg-PSZ, Ce-TZP or combined metal dopants will
be highly competitive in future joint or dental applications.

7.2.1.4
Carbonaceous Materials

Carbonaceous materials, including low-temperature isotropic pyrolytic carbon (LTIC),
graphite, and diamond-like carbon (DLC), have been extensively used in artificial heart
valves due to their good bio- and hemo-compatible nature. LTIC is the most widely used
material. DLC is a potential substitute due to its good biocompatibility and mechanical
properties. DLC has been widely investigated as coatings in the optics, magnetic media,
semiconductor and biomedical field. As we discussed above, metallic implants release
metal ions and wear debris into the surrounding tissue, which can lead to osteolysis and
aseptic loosening-related failure of the implant. Coating the implants with protective DLC
films, which can reduce corrosion and wear, may prevent or alleviate the problems
described above and may extend the life-time of implants to the benefit of the patients.
DLC, due to chemical inertness, corrosion and wear resistance, appears to be an ideal
material for such purposes [55, 56].

7.2.2
Glass-Ceramic and Bioactive Glass

Bioactive glass and glass ceramic contain rich CaO and P2O5 contents. One representative
is the bioglass 45S5 developed by Larry Hench in 1968 [57], which is composed of Na2O
24.5, CaO 24.5, SiO2 45, and P2O5 6.0wt%. This kind of glass-ceramic is mainly based on a
SiO2–CaO–Na2O–P2O5 system, which is widely used in head and throat surgery in the form
of middle ear devices and implants for the orbital floor. It has been reported that some
bioactive glass and glass-ceramics can directly bond to bone as well as soft tissue. These
bioglass and glass-ceramics have become known as bioactive materials. It is worth noting
that a simple in vitro method has been developed to study whether these glasses have
bioactivity and predict how they will react inside the body. In this method, a testing material
is soaked in a simulated body fluid (SBF) that contains the same ions as present in the body
fluid, and the evolution process of apatite layer formation on the testing material is
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evaluated. Accordingly, the bioactivity of a material is defined as its ability to support
apatite formation on the testing material. It is this simple way that enables us to investigate
the possible in vivo behavior of the glass-ceramic in vitro. Hench [58] described the staged
process. One important feature is that �Si–OH groups form in the initial kinetic reaction
followed by a SiO2 gel layer precipitated on the surface of the glass. An amorphous calcium
phosphate then precipitates, which leads to the formation of hydroxycarbonate apatite. It is
believed that forming bone-like apatite in vitro is critical because apatite is the dominant
inorganic phase of hard tissue. Thus, bone-like apatite formation indicates good osteocon-
ductivity in biomaterials. In fact, the non-apatite bioglass and glass ceramic materials
exhibiting in vitro apatite formation in SBF has correlated with the ability to bond directly
with bone in vivo. Therefore, it has been hypothesized that the precipitation of apatite in
SBF in vitro can be used as an indicator to predict its excellent bioactivity in vivo. Yet, there
are many factors correlating with the bone formation ability of bioceramics in vivo.
Furthermore, more experiments are needed to improve the prediction of the bone-bonding
ability of bioglass or glass-ceramic when implanted.

Many bioactive silica glasses are based on 45S5. During the early 1970s, Bromer et al.
[59] developed bioactive glass-ceramics from a SiO2–CaO–P2O5 system upon which
various glass-ceramics were further developed. The bioactive behavior of this type of
glass-ceramic has been successfully tested by Gross and Strunz [60]. These glass-ceramics
have been used in middle ear surgery. Kokubo [61] developed an apatite-wollastonite glass-
ceramic with the composition of 34 wt% SiO2, 44.7 CaO, 4.6 MgO, 16.2 P2O5, and 0.5
CaF2. After heat treatment of the glass powder at 900�C, X-ray diffraction indicated that
approximately 38 wt% apatite and 24 wt% wollastonite were present in the approximately
28 wt% residual glassy matrix phase. Therefore, this glass-ceramic is called A-W bioactive
glass. After immersing this bioactive glass, Kokubo et al. did not observe the formation of
an SiO2 gel layer, as was the case with the bioactive glass from the SiO2–CaO–Na2O–P2O5

system. However, he found that the �Si–OH groups on the surface of the glass-ceramic
would be favorable for apatite nucleation.

A glass-ceramic with this type of microstructure has favorable mechanical properties. It
is possible that the specific microstructure of glass ceramics reinforces the mechanical
properties of the whole piece with a bending strength of 215 MPa and compressive strength
of 1,080 MPa [61], which is suitable for load-bearing implants [62].

In vivo experiments indicated that there would be bone bonding formation at the
interface of bioglass and tissue. To understand the interface behavior mechanism, Hench
immersed 45S5 bioglass into a low concentration collagen suspension. As a control, normal
glass was also immersed in the same suspension. After 10 days, collagen grew into the inner
surface layer of the bioglass. However, the collagen on the normal glass was easily washed
away, suggesting the absence of weak bonding between normal glass and bioactive
ingredients [63]. In addition, osteoblasts grew well on the surface of the bioglass. From
the transmission electron microscope (TEM) observation, it was evident that there were
connections between the cell layer and bioglass.

The development of bioglass ceramics in dental implants has achieved significant
success over the last few years. Bioglass is widely used and is very promising for dental
applications due to two reasons. First, chemical bonding between bioglass and surrounding
bone tissues can be formed. Second, its elastic modulus matches more closely the elasticity
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of the surrounding bone tissues, which is an important property, thus reducing the possible
risk of bone resorption [64].

Current research and development of bioactive glass and glass-ceramic are concentrated
on enduing the glass-ceramic with new functions besides bioactivity. Researchers [65, 66]
added some magnetic materials such as magnetite (Fe3O4) into glass-ceramics to design
magnetic bioactive glasses and glass ceramics. When this type of glass-ceramic is
implanted, the implants fulfill two functions simultaneously, which are to regenerate bone
and to treat osseous tumors. This kind of anti-cancer function can be realized through
hyperthermia treatment when heating tumors up to around 43�C. Under this temperature,
the malignant cells are selectively destroyed, whereas the healthy ones only undergo small
and/or reversible damage [65, 66].

7.2.3
Calcium Phosphate Bioceramics

Calcium phosphate bioceramics currently constitute a major family of inorganic materials
in a number of biomedical applications such as orthopedic reconstruction, dentistry and
drug delivery because they exhibit considerably improved biological affinity and activity to
surrounding host tissues when implanted, compared to currently existing synthetic materi-
als. Specifically, hydroxyapatite (HA) and beta-tricalcium phosphate (b-TCP) were devel-
oped as bioceramics in the early 1980s and nowadays are the most common calcium
phosphates used in clinical settings [67–69].

Natural bone typically consists of 25% water, 15% organic materials (mainly collagen)
and 60% inorganic mineral phases. The inorganic mineral phases consist primarily of
calcium-deficient carbonate hydroxyapatite. Hence, in the past 30–40 years, much attention
had been paid to the use of calcium phosphates as bone substitute biomaterials. Many
methods have been utilized to synthesize all kinds of calcium phosphates. Table 7.1
summarizes the various forms of calcium phosphates currently used in the biomedical
field. Different phases are used in different applications depending upon whether a resorb-
able or bioactive material is desired.

Among these calcium phosphates, research is focused on apatites. Driessens [99] stated
that calcium phosphates with a Ca/P ratio of less than 1 are not suitable for biological
implantation, but if the ratio is higher than 1.67, the resorption rate dramatically decreases.
The synthesis of this calcium phosphate is primarily based on an aqueous precipitation
route. Aqueous precipitation is mainly performed by a reaction between a calcium salt and
an alkaline phosphate. Other routes include solid-phase processing, hydrolysis and hydro-
thermal synthesis.

Among different forms of calcium phosphates, particular attention has been paid to
tricalcium phosphate (Ca3(PO4)2, TCP) and hydroxyapatite (Ca10(PO4)6(OH)2, HA) due to
their outstanding biocompatibility and osteoconduction. As a result, these materials have
been widely used in medical applications. HA and b-TCP are generally used as bulk
materials and as components of bioactive cements. Monocalcium phosphate monohydrate,
dicalcium phosphate anhydrous, dicalcium phosphate dihydrate, a-TCP, and tetracalcium
phosphate are used only as components of bioactive cements.
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7.2.3.1
Hydroxyapatite

Hydroxyapatite [(Ca10(PO4)6(OH)2), HA] bioactive ceramics have been widely used in
various bone repairs and as coatings for metallic prostheses to improve their biological
properties as powders or in particulate forms [100]. HA possesses a hexagonal structure
with a P63/m spacer group and cell dimensions a ¼ b ¼ 9.42 Å, and c ¼ 6.88 Å, where
P63/m refers to a space group with a sixfold symmetry axis with a threefold helix and a
microplane [101]. It has an exact stoichiometric Ca/P ratio of 1.67 and is chemically very
similar to mineralized human bone [102]. It has high thermodynamical stability under
physiological conditions and can form bone bonding at the interface between materials
and tissue. However, in spite of its chemical similarities to bone, the mechanical perfor-
mance of synthetic HA is very poor compared to natural bone. The structure of natural bone
comprises of three-dimensional extracellular matrices, on which nano-inorganic phase
precipitates. These inorganic phases are composed of nanocrystalline HA and other trace
inorganic salts. To improve the mechanical properties of HA ceramics, much attention has
been paid to synthesize nano-scale HA powders. It is believed that nano-HA has the
potential to improve mechanical and biological properties in bone regeneration.

Many nanoparticle processing methods have been developed and used to synthesize HA
nanoscale powders. These methods include sol–gel synthesis [36–40], co-precipitation [42],
hydrothermal reaction [103], microemulsion syntheses [104] and mechanochemical synthe-
sis [105]. Wang et al. [106] used a sol–gel method with phosphoric pentoxide (P2O5) and

Table 7.1 Various calcium phosphates with their respective Ca/P atomic ratios

Ca/P ratio Formula Chemical name Acronym References

2.0 Ca4P2O9 Tetracalcium phosphate TTCP [70–74]
1.67 Ca10(PO4)6(OH)2 Hydroxyapatite HA [75, 76]
<1.67 Ca10-xH2x(PO4)6(OH)2 Amorphous calcium

phosphate
ACP [77–79]

1.50 Ca3(PO4)2(abg) Tricalcium phosphate TCP(abg) [80–83]
1.33 Ca8H2(PO4)6�5H2O Octacalcium phosphate OCP [84–86]

1.0 CaHPO4�2H2O Dicalcium phosphate
dihydrate

DCPD [87, 88]

1.0 CaHPO4 Dicalcium phosphate DCP [70, 88]
1.0 Ca2P2O7(abg) Calcium pyrophosphate

(abg)
CPP [89–92]

1.0 Ca2P2O7�2H2O Calcium pyrophosphate
dihydrate

CPPD [89–92]

0.7 Ca7(P5O16)2 Heptacalcium phosphate HCP [93, 94]
0.67 Ca4H2P6O20 Tetracalcium dihydrate

phosphate
TDHP [74]

0.5 Ca(H2PO4)2�H2O Monocalcium phosphate
monohydrate

MCPM [95–97]

0.5 Ca(PO3)2(abg) Calcium metaphosphate CMP(abg) [98]
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calcium nitrate tetrahydrate as starting materials and gelled for 1 h at 60�C. After drying, the
gel was sintered at 600–700�C and HA powder of 10–15 nm was obtained. This technique
was simpler and faster than other sol–gel methods because it did not require control over pH
or long hydrolysis times. Shih et al. [107] synthesized nano-sized hydroxyapatite (HA)
powders from dicalcium phosphate dihydrate (CaHPO4·2H2O, DCPD) and CaCO3 using the
hydrolysis of DCPD and CaCO3 with 2.5 M NaOH solution at 75�C for 1 h. The only
product synthesized from DCPD was HA, and the crystallinity of the HAwas improved by
increasing the annealing temperature. Guo et al. [108] successfully synthesized HA nano-
particles of 10–30 nm diameters by reverse microemulsion (aqueous solution/mixed TX-100
and Tween 80/mixed n-butanol and n-hexanol/cyclohexane) at room temperature. Com-
pared to the conventional direct precipitation method, the reverse microemulsion route
allowed for better control in particle size and a lower degree of particle agglomeration.

Due to the brittleness of calcium phosphate, the clinical application of bulk HA is largely
limited to non-load bearing parts of the skeleton. Therefore, much interest has been focused
on the use of HA coatings on metallic implant substrates. The other main reason that HA
can be applied in coating metallic substrates for the hip joint head is that HA can directly
form bone-bonding, which can not only prevent the release of metallic ions and wear debris
but also enhance bone integration. Many advanced techniques are available for the deposi-
tion of calcium phosphate coatings, including sol–gel routes, electroechemical routes,
biomimeticy, and sputtering, but the most popular commercial routes involve plasma
spraying. In plasma spraying, HA powder is suspended in the carrier gas and fed into the
plasma where it can be fired at a substrate. In this process, many of variable parameters
influence the properties of coating, including coating thickness, crystallinity, and adhesive
strength, which further affect the tissue response to the calcium phosphate coating.

7.2.3.2
Tricalcium Phosphate

b-tricalcium phosphates [b-Ca3(PO4)2] (b-TCP) are widely applied in biomedical fields
because of their biocompatibility and osteoconductivity. Tricalcium phosphate has been
proven to be resorbable in vivo with new bone growth, replacing implanted TCP [109]. The
resorption rate of calcium phosphate is considered to be related with the Ca/P ratio. The rate
of dissolution increases with decreasing calcium-to-phosphorous ratios. Therefore, the
dissolution rate of calcium phosphate decreases in the following order [110]: crystalline
HA << b-TCP << a-TCP << amorphous HA.

Tricalcium phosphate has four forms, including a-TCP, b-TCP, g-TCP and super
a-TCP. The g-TCP polymorph is a high-pressure phase and the super a-TCP is only
observed at approximately 1,500�C. Therefore, only b-TCP and a-TCP are the most
frequently observed polymorphs in bioceramics. The b-TCP polymorph transforms to
a-TCP at around 1,120�C and 1,290�C. The a-TCP polymorph phase is stable in the range
of 700–1,200�C. However, due to the quick resorption rate, very little attention has been
paid to a-TCP in the biomedical field. This disadvantage limits its application in
the medical field. b-TCP is essentially a slowly degrading bioresorbable calcium phos-
phate ceramic and has been used as bone and tooth implant material because of its
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excellent biocompatibility, osteoinductivity, bioresorbability and safety in living tissues
[111]. X-ray patterns have indicated that b-TCP has a pure hexagonal crystal structure. It
is reported that the resorbability of b-TCP in vivo might be strongly related to the
characterization and stability of the b-TCP structure [74].

The control of morphology and particle size of b-TCP powders becomes important in
applications preparing scaffolds with high mechanical properties. Nano-sized calcium
phosphate powders with appropriate stoichiometry, high purity and crystallinity are inves-
tigated due to their enhanced densification, osseointegrative, and bioactive properties.
Many methods have been developed to prepare nano-scale b-TCP powder, such as sol–
gel [113], hydrothermal, microemulsion, gas phase reactions and precipitation [114].
Among these methods, the sol–gel approach has received more attention because of well-
known inherent advantages such as homogeneous molecular mixing, low processing
temperature and its ability to generate nanocrystalline powders, bulk amorphous monolithic
solids and thin films [115].

Conventionally, b-TCP powders are synthesized via solid-state [116] and wet-chemical
methods [117]. A simple route for synthesizing nano-sized b-TCP at room temperature has
been developed in methanol solvent. Nano-sized b-TCP phases around 50 nm in diameter
can be readily synthesized at room temperature [102]. Sanosh et al. used a simple sol–gel
route to prepare b-TCP nano-powders with 80 nm diameters using calcium nitrate and
potassium dihydrogenphosphate as calcium and phosphorus precursors, respectively [113].
b-TCP was also prepared by a wet precipitation procedure from an aqueous solution of Ca
(NO3)2 and NaH2PO4 and calcined at 1,150�C, the nano particle size of b-TCP can be used
as bone substitutes after grinding and sieving to obtain the desired particle size.

Because of its degradation characteristics, b-TCP is regarded as an ideal material for
bone substitutes that should degrade when new bone tissue infiltrates. These properties give
b-TCP an edge over other biomedical materials when it comes to resorbability and
replacement of the implanted TCP in vivo by the new bone tissue. Its excellent biocompati-
bility makes it a good candidate for making scaffolds because it allows bone regeneration
and growth. Several b-TCP ceramics are commercially available, such as Orthograft®

(Miter Inc.) and Osferion® (Olympus, Japan). When Osferion was implanted, b-TCP
began to degrade and change in morphology at the bone default site two months after the
operation. New bone formation was seen at the periosteum. Eighteen months after opera-
tion, b-TCP was completely resorbed and replaced with new bone [118]. This result
indicated the good bone formation ability of b-TCP ceramics.

7.2.3.3
Biphasic Calcium Phosphate

A combination of HA and b-TCP presents a new type of bioceramics, the biphasic calcium
phosphate (BCP) [119]. The resorption rate of HA in physiological environments is very
low while b-TCP has a relatively fast dissolution profile. The dissolution rate can be
controlled by adjusting the ratio between HA and b-TCP due to the different resorption
rate of HA and b-TCP [120]. Selecting the appropriate blend of both calcium phosphates,
the mixture gradually dissolves in the physiological environment, releasing Ca2+ and PO4

3�
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ions and inducing bioactive behavior. Also, the mechanical properties of the BCP mixture
were shown to be higher than those of the single phases [121].

Very few established methods exist for biphasic nano-composite synthesis and BCP.
However, there are many different individual approaches for HA and b-TCP synthesis.
Since BCP is the composite of HAP and b-TCP, its chemical properties are determined by
the ratio of HAP to b-TCP. Avijit Kumar Guha et al. used a PVA mediated method to
synthesize CaP bioceramic nanoparticles carried out to produce three different biphasic
compositions having HA/b-TCP ratios with 50:50, 55:45 and 60:40 respectively. They
found that the biphasic system facilitates a series of signaling cascades in osteoblast division
and differentiation. Samples having 50% HA and 50% b-TCP seem to be best for optimal
mesenchymal cell attachment and proliferation [122]. Physical mixtures of HA and b-TCP
cannot achieve the homogenous mixture of both and attain the expected properties. To
obtain a more homogeneous BCP, other methods employ calcium-deficient apatite and its
transformation to BCP upon sintering. N. Rameshbabu et al. used microwave heat treatment
of CDHAs with different Ca/P molar ratios to prepare nanostructured BCPs with the desired
HA/TCP ratio. They demonstrated the usefulness of microwave heat treatment to prepare
nanostructured BCP ceramics. It is possible to finely tune the solubility as well as the
biological lifetime of the BCPs by varying the HA/b-TCP ratios [123]. Yamada et al. [124]
prepared a BCP with various HA/b-TCP ratios by calcining calcium-deficient apatite with
different Ca/P ratios at 950�C for 2 h. The calcium-deficient apatite was prepared by an
aqueous precipitation or hydrolysis of various calcium phosphate compounds. Obviously,
the final HA/b-TCP ratio in BCP depends on the preparation parameters, such as the pH
value and the concentration of the hydrolysis agent. Bouler et al. [125] reported that the final
HA/b-TCP ratio was greatly affected by NaOH concentration and DCPD/solution volume
ratio by the hydrolysis method.

7.3
Applications of Calcium Phosphate Ceramics

7.3.1
Bioactive Cement

Bioactive cements are important not only for the reconstruction of bone defects but also for
the fixation of medical devices to osseous tissue. Cement originates from inorganic materials
that harden during the setting period. It is often applied in the industrial field. Some
biocompatible organic polymers have also been used in the medical field, such as poly
(methyl methacrylate) (PMMA). However, unlike PMMA cements, calcium phosphate
cements do not harden through a polymerization reaction and only a small amount of heat
is released. In addition, the volume of CPC stays almost constant during the setting reaction.
This kind of bioactive cement includes calcium phosphate bone cements and bioactive glass
cements.
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7.3.1.1
Calcium Phosphate Bone Cements

Calcium phosphate bone cements first appeared in literature during the 1980s. These
materials offer the potential for in situ molding and injectability. Monma and Kanazawa
[126] found that a-TCP was set to form calcium-deficient HAwith a Ca/P molar ratio of 1.5
when a-TCP was hydrated in water at 60–100�C and at a pH between 8.1 and 11.4. Chow
reported that a mixture of tetracalcium phosphate (TTCP) and dicalcium phosphate anhy-
drous (DCPA) or its dihydrate (DCPD) sets to form apatite in a much shorter period, 30–
60 min at physiological temperature [127].

Calcium phosphate bone cements usually consist of one or more starting calcium
phosphate powders and an aqueous solution, which are mixed together to form a paste
that sets at room and body temperature. Upon mixing, the calcium phosphate powders
dissolve and precipitate into a less soluble calcium phosphate. During the precipitation
reaction, the calcium phosphate crystals grow and become entangled, thus providing a
mechanical rigidity to the cement. There are three different endproducts of calcium phos-
phate precipitate [128]: apatite, brushite (DCPD), and amorphous calcium phosphate
(ACP). The ACP cement will rapidly convert into apatite. Therefore, there are two
categories of cement: (1) apatite CPC and (2) brushite CPC.

Since bone cement is a paste before setting, it can be conveniently injected from a
syringe and filled directly into a bone defect. There are many factors affecting the injectab-
lity of the cement, such as the powder-to-liquid ratio, the type and concentration of gelling
agent, the particle size of the powder and so on. If the powder is in a small spherical form,
the injectablity will be significantly improved [129, 130]. After setting, most CPCs have a
tensile strength of 1–10 MPa, whereas the compression strength varies from 10 to 100 MPa.
Therefore, CPCs can only be used in combination with metal implants or in low or non-load
bearing applications. Most commercial products have a porosity of around 50 vol%. The
pore size is close to 1 mm. Thus, the pores are too small to allow fast bone ingrowth and the
CPC degrades layer-by-layer.

7.3.1.2
Bioactive Glass Cement

The development of bioactive glass bone cements is another research area in the medical
field. These cements can be prepared using bioactive glass powders. The bioactive glass
cement mainly consists of Ca–Mg–Si–P glass elements. Several studies have proven that
bioactive glasses which contained SiO2, Na2O, CaO and P2O5 are able to bond to bone
through a Ca–P-rich layer as a result of a biological response at the tissue-material interface
[131]. These bioactive glass cements can be injected into a surgical site or molded into putty
and placed directly into the surgical site. The bioactive cement has been used in 30 clinical
cases at Kyoto University to fix hip prostheses since 1993 [118]. Results were quite
satisfactory and no adverse effects occurred. However, the clinical application is still limited
because of its poor ductility and high rigidity.
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7.3.2
Porous Bioceramic Scaffolds for Bone Tissue Engineering

Bioceramics are available in various physical forms – particles or blocks; dense or porous.
There is a great need in clinics to develop bone tissue-engineering scaffolds and bone filler
materials that can be used in the reconstruction of large orthopaedic defects and for the
fixation of orthopaedic implants. The bone has excellent regenerative ability. Therefore,
bone defects can be rectified by supplying the void space with bioresorbable ceramics to
induce bone tissue regeneration. Bone tissue engineering aims to use the scaffold to either
induce the formation of bone from surrounding tissue or to act as a carrier or template for
implanted bone cells or other biomolecular agents. A porous scaffold will act as a temporary
matrix for cell proliferation and extracellular matrix deposition. Moreover, it would also act
as a template for the vascularization of neo-tissue and act as a biomolecular reservoir for
releasing growth factors in the regenerative process [132].

Scaffolds must possess open pores. It is ideal for a scaffold to have a fully interconnected
porous structure with large surface area to volume ratios, which will allow cell in-growth
and nutrient transport. Porosity and interconnectivity are very critical for new bony tissue
formation. However, there is always a tradeoff between the porosity needed for bone
ingrowth and the mechanical properties of the scaffold for handling and initial support
after implantation. Therefore, a particular effort should be made to balance the porosity of a
scaffold with the need for mechanical properties when implanted in the specific site.

Diverse techniques have been used to build porous ceramic scaffolds for tissue engi-
neering. Saiz et al. used a replica template of polymer sponges to prepare porous HA
scaffolds. This method involves the infiltration of a polymer sponge with ceramic slurry
until the inner polymer walls are completely coated by the ceramic powders. Subsequently,
the green body is fired to remove the polymer and form a ceramic skeleton that is
strengthened by sintering at high temperature. The prepared scaffold exhibits a microstruc-
ture consisting of round interconnected alveoli around 100–200 mm wide [133].

Bohner used calcium phosphate emulsions to synthesize b-TCP macroporous scaffolds,
leading to reproducible and controlled structures. The macropore size can be easily modi-
fied by adjusting the emulsifier concentration without modifying the total pore volume and
microporosity. The mean diameters of the macropores range from 150 to 1,220 mm [134].
Deville reported that freeze casting was used to synthesize porous hydroxyapatite scaffolds
with unusually high compressive strengths, e.g. up to 145 MPa for 47% porosity and
65 MPa for 56% porosity, which may be appropriate for some load-bearing applications.
They investigated various parameters affecting porosity and compressive strength, includ-
ing the initial slurry concentration, freezing rate, and sintering conditions [135]. However,
most of the parameters offer only a very limited control of the porosity and are not suited for
the fabrication of materials with complex shapes. Franco et al. [136] reported the prepara-
tion of ceramic-based inks for robotic-assisted deposition (robocasting) using Pluronic
F-127 solutions. They used direct write assembly of calcium phosphate scaffolds using a
water-based hydrogel. This method can be used to prepare HA, b-TCP and biphasic (HA/b-
TCP) scaffolds. This method encompasses a flexible fabrication technology that is able to
tailor the scaffold chemistry and architecture for specific applications.
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In order to achieve a structure similar to natural bone, extensive efforts have been made
with encouraging results, including the various methods mentioned above in the develop-
ment of highly porous scaffolds for bone regeneration. Although these efforts have been
made, all porous ceramic scaffold materials have a common limitation: the inherent tradeoff
between strength and porosity. Recently in our lab, we developed a new template-casting
method that can be used to prepare completely interconnected, macroporous biodegradable
b-tricalcium phosphate (b-TCP) scaffolds. One representative macroporous scaffold with
interconnected pores is shown in Fig. 7.1. The TCP scaffolds of high porosity (80%) also
exhibited high compressive strength (9.3 MPa) [137]. In addition, the architecture and
chemistry of the scaffolds can be fully manipulated by varying the design of the templates
and casting materials. Four types of macroporous scaffolds with different pore sizes and
pore arrangements are demonstrated in Fig. 7.2. Furthermore, the template-casting method
allows us to manipulate the porosity across the synthetic scaffold. A long-bone-like scaffold
consists of a relatively dense peripheral zone and central porous zone and is shown in
Fig. 7.3. The porous central area of the scaffold mimics the cancellous in porosity (approxi-
mately 73% porosity). The relatively dense peripheral area of the scaffold mimics the
cortical bone in porosity (approximately 20% porosity). Moreover, the scaffolds prepared
in our lab exhibit a mechanical strength equivalent to cortical bone [138] (Fig. 7.4). By
means of optimizing electrical, physical, chemical, and biological guidance cues of the
scaffold in a graded design, the scaffolds can be customized to patients’ needs.

7.3.3
Ceramic-Based Composite Scaffold for Tissue Engineering and Drug Delivery

In bone tissue engineering research, cells and growth factors may need to be introduced into
the scaffold to expedite tissue ingrowth and regeneration. However, cell proliferation is often
encountered with difficulties due to a limited supply of nutrients at the center of the implants.

Fig. 7.1 SEM morphology of the scaffold prepared by the template-casting method
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Currently in bone tissue engineering, growth factors such as bone morphogenic protein-
2 (BMP-2), basic fibroblast growth factor (bFGF), transforming growth factor (TGF-b), and
vascular endothelial growth factor (VEGF) are commonly introduced into scaffolds due to
their osteoinductive and vascularization properties. Ceramics have a high affinity for drugs
and growth factors. Therefore, scaffolds can load these proteins just by physical absorption
from a growth-factor containing solution. Due to the high affinity of CaP ceramics for
proteins, ceramics can retain a high percentage of drug loading. However, sintered CaP
ceramics often have low resorbability due to its crystalline architecture. The release pattern
of protein from the loaded ceramics consists of an initial burst release followed by a specific

Fig. 7.2 Representative 3D digital images (A1, B1, C1 andD1) and 2DMicro CT images (A2, B2, C2
and D2) of the biodegradable b-TCP scaffolds by a template-casting method. (a) is the scaffolds with
uniform big pores; (b) is the scaffolds with uniform small pores; (c) is the FGS with central small
pores and peripheral big pores; (d) is the FGS with central big pores and peripheral small pores

Fig. 7.3 Micro CT images of a long-bone-like b-TCP graded scaffold with Peripheral dense zone (P)
and Central porous zone (C) with 600–800 mm pore size. (a) 3D image; (b) coronal view of 2D
image; (c) Sagital view of 2D image. Bar ¼ 2 mm
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release dependent on the material or drug. Guicheux et al. [139] reported a rapid release
within the first 48 h, followed by a slow sustained release of human growth hormone from a
macroporous BCP ceramic loaded with 5 mg of drugs. Different release profiles and
efficiencies depend on the type of growth factor and topomorphology of the ceramics. In
one experiment in our lab, we loaded 10 mg BMP-2 into b-TCP scaffolds with different pore
sizes and arrangements and implanted the BMP-2 impregnated b-TCP scaffolds subcuta-
neously. At one month after implantation, we evaluated the BMP-2 induced ectopic bone
formation by histomorphometry. There were 4 types of scaffolds shown in Fig. 7.2. Scaffold
A was a scaffold with uniform 600–800 mm big pores; Scaffold B was a scaffold with
uniform 350–500 mm pores; Scaffold C was a graded scaffold with central 350–500 mm
pores and peripheral 600–800 mm pores; Scaffold D was a graded scaffold with central 600–
800 mm pores and peripheral 350–500 mm pores. Table 7.2 lists the histomorphometrical
results of bone formation. The graded scaffolds with central 600–800 mm pores and
peripheral 350–500 mm pores exhibited significantly greater bone formation compared to
those uniform scaffolds with 600–800 mm pores (P ¼ 0.04089) and those graded scaffolds
with central 350–500 mm pores and peripheral 600–800 mm pores (P ¼ 0.03345). The
uniform scaffolds with 350–500 mm pores exhibited no significantly different bone forma-
tion compared to those with 600–800 mm pores (P ¼ 0.53853) and those graded scaffolds
with central 350–500 mm pores and peripheral 600–800 mm pores (P ¼ 0.69125). This

Table 7.2 Histomorphometrical analysis results of BMP-2 induced ectopic bone
formation in porous b-TCP scaffolds at one month after implantation

Scaffolds Bone formation (%)

Scaffolds A 13.20 � 3.88a

Scaffolds B 8.62 � 11.30
Graded scaffolds C 11.62 � 4.55b

Graded scaffolds D 21.86 � 3.21a,b

Note: a and b indicate significant differences (p < 0.05)
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study has suggested that the pore arrangement and pore size do affect the release profiles of
BMP-2, leading to varied bone formation. Further studies will be needed to verify the
results and search for specific mechanisms.

Although ceramics have been widely used in the field of dentistry and orthopedics, there
are some concerns with the ceramic scaffold, such as the relatively slow degradability of the
material, low tensile strength and brittleness. More and more attention has been paid to
composite scaffolds that imitate the natural structure of bone. The addition of polymer could
provide the opportunity to change the degradability and physical/chemical properties of
ceramics. There are several biodegradable and biocompatible polymers applied in tissue
engineering and in drug delivery systems.

Poly(a-hydroxy ester)-based polymers such as polylactic acid (PLA), polyglycolic acid
(PGA), poly-(lactic-co-glycolic) acid (PLGA) and poly-e-caprolactone (PCL) have been well
studied in drug delivery systems. The degradation rate of polymers can be tailored by changing
the molecular weight, polymerization degree, and lactic/glycolic-ratio in the case of PLGA,
thusmodulating the release profile of drugs if they are used to deliver drugs. The degradation of
this ester-backbone type polymer occurs through a hydrolysis reaction. Generally, glycolic
acid residue degrades faster than polylactic acid. Therefore, the degradation rate of this type of
polymer is in the following order: PGA > PLGA > PLA > PCL. To obtain different release
profiles of drugs, different molecular weights of different polymers can be chosen. Acid
degradation products of polymers might result in aseptic inflammation of tissues and the
products’ hydrophobicity can significantly affect cells penetrating into the scaffolds. There-
fore, a well-defined polymer/bioceramic composite scaffold should combine the advantages of
the two biomaterials. Extensive studies are focusing on combining HA, TCP and BCP as
ceramic components in a PLLA, PLGAor PCLmatrix to obtain altered degradation properties
andmechanical properties. Navarro et al. [140] made a glass-ceramic particle/PLA scaffold by
homogeneously mixing a glass-ceramic into a PLA solution, after which NaCl particles were
added to create macroporosity in the scaffold. Zhang et al. [141] prepared highly porous
composites (85.1–95.6%) of HA and PLLA/PLGA by solid–liquid phase separation and
solvent sublimation of a polymer/HAP mixture in dioxane/water. Ambrioso et al. [142]
prepared macroporous scaffolds by sintering composite CaP/PLGA microspheres where the
CaP-phase was trapped inside the microspheres. Lee et al. [143] added TCP particles to
chitosan sponges by freeze-drying and crosslinking a mixture of a chitosan solution and
TCP. These scaffolds can load drugs by immersion into a drug-containing solution. The
scaffold would release the drugs through an initial burst release, followed by a slow release
rate. A PLGA polymeric system with VEGF was coated with bioactive glass, resulting in
additive bone healing effects in a rat critical-sized defect [144]. These results outline a
promising approach to enhance bone healing in hypovascularized defects.

Porous blocks of calcium hydroxyapatite have been studied as delivery systems for the
sustained release of antibiotics. The bactericidal activity of the drug has not been affected by
its incorporation in the ceramic devices. Kim et al. [145] loaded tetracycline hydrochloride
into HA-polycaprolactone composites with 87% porosity. In vitro release indicated a 7-day
duration of release. Beta tricalcium phosphate beads carrying gentamicin and vancomycin
have been studied as a resorbable bone substitute in rabbits induced with osteomyelitis.
Ciprofloxacin-loaded tricalcium phosphate ceramic capsules exhibited long-term release of
the antibiotic and showed good biocompatibility and degraded gradually in in vitro studies
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[146]. Antibiotic-impregnated hydroxyapatite has also been used to treat patients with
chronic osteomyelitis after removing necrotic tissue [147]. These studies show that bio-
ceramics have immerse potential for delivering drugs in tissue engineering.

7.4
Bioceramics for Cancer Therapy

7.4.1
Bioceramics for Radiation Therapy

Radiation therapy is used for cancer treatment. However, a drawback to this method is that
normal cells are exposed undesirably to radiation. Other methods such as chemotherapy and
immunotherapy do not have this drawback. It is obviously desirable therefore to develop a
treatment for cancer that can destroy only the cancer cells and allow normal tissue to regenerate
after treatment. In radiation therapy, an insufficient dose of radiation is often received by the
cancer, which is especially true for deep-seated cancers, while healthy tissue is harmed by
irradiation. However, ceramicmicrospheres may potentially promise solve this problem. It has
been reported that 20–30 mm diameter 17Y2O3–19Al2O3–64SiO2 (mol%) glass microspheres
are useful for the in situ irradiation of cancers, since Yttrium-89 (89Y) is radioactivated by
neutrons to radiateb-rays, which has half-life of 64.1 h.When injected in the target organ of the
cancer, they become trapped inside small blood vessels in the tumors and block the nutritional
supply to the tumor, thus providing a large localized dose of b-rays in tumors. However, since
the yttrium content of the glass in the microspheres is only 17 mol%, the dose of b-rays from
these glass microspheres is not enough. Fortunately, Kawashita et al. used a high-frequency
induction thermal plasma flame method to fabricate cubic Y2O3 microspheres 20–30 mm in
diameter to increase the yttrium content in the microspheres [148]. Simultaneously, they
prepared microspheres composed mainly of YPO4 crystals with some accompanying Y2O3

crystals in the plasma flame technique. Although both the Y2O3 and YPO4 microspheres
showed high chemical durability in saline solutions buffered at pH ¼ 6 and 7, the use of Y2O3

microspheres for radiation therapy is yet to be approved for clinical use.

7.4.2
Bioceramics for Hyperthermia Therapy for Cancer

Magnetic induction hyperthermia is a technique for destroying cancer cells with the use of a
magnetic field. Hyperthermia treatment of cancer consists of heating tumors up to tempera-
tures between 43 and 47�C. This method aims to heat-destroy cancer cells by increasing the
temperature, but at the same time, this method could potentially damage normal cells too if
the high temperature is not localized within the tumor. The main drawback of hyperthermia
is the difficulty of reaching and controlling those temperatures at the tumor site. For this
reason, this treatment is difficult to use for deep-seated tumors from the clinical point of
view. This therapy will be effective in combination with conventional cancer therapies such
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as chemotherapy and radiotherapy. Ruiz-Hernndez synthesized a biphasic material from
mixtures of a magnetic glass ceramic and a bioactive sol–gel glass [149]. Preliminary
heating tests have shown that the magnetic glass ceramic content under consideration was
sufficient to reach hyperthermia temperature ranges for hyperthermia treatment of bone
tumors. Presently, a number of ferromagnetic glass ceramic systems have been developed
for this purpose, such as FeO–Fe2O3–CaO–SiO2, ZnO–Fe2O3–CaO–SiO2, SiO2–Na2O–
CaO–P2O5–FeO–Fe2O3, Li2O–MnO2–CaO–P2O5–SiO2, Fe2O3–CaO–ZnO–SiO2–B2O3,
magnetite/hydroxyapatite composite. However, further studies are yet to be performed for
the clinical application [150].

7.5
Bioceramics for Dental Application

Ceramics have been widely used in dentistry. They are the key materials for dental
restorations due to their ability to mimic the optical characteristics of enamel and dentin,
their aesthetics, chemical inertness and biocompatibility. Ceramics used in dentistry include
feldspathic porcelain, glass-ceramics, glass-infiltrated alumina, and zirconia. However, only
feldspathic porcelains are currently used to approximate the appearance and functioning of
natural teeth either as a veneer for metal-ceramic or full ceramic restorations and are used in
direct contact against opposing teeth during oral functions [151]. Dental porcelain has been
used as artificial porcelain teeth in complete or partial dentures, porcelain crowns or inlays,
and dental cement. Interest in inlay and veneer porcelain materials have developed as a
result of increased demand for aesthetic restorations.

There are two restoration systems for the dental material: full-ceramic and metal-ceramic
systems. Full-ceramic systems can provide a better esthetic result than metal-ceramics for a
wider range of patients because a wide range of translucency–opacity can be achieved with
commercially available ceramic systems. The primary advantage to using a full-ceramic
restoration is increased translucency correlated with improved esthetics. The opaque por-
celain masking a metal substrate reflects light and decreases translucency. The advantages
of metal-ceramic systems lie in their predictable structural performance and their versatility.
The structural performance of metal-ceramic systems remains far better than that of any all-
ceramic system. However, in the metal-ceramic system, the mismatch of thermal expansion
coefficients of the porcelain and the alloy is a major issue. In this system, the ceramic is
fused on the metallic substrate or metal crown. The porcelain is bonded to a metal crown by
firing. Good adhesion depends on the interface bond strength between metal and ceramic,
which is an important factor on the adhesion. However, there are also other factors that
determine the bond strength between metal and ceramic. The important point about this
ceramic-fused-metal system is that fused porcelain should wet the alloy surface. To match
the thermal expansion coefficient of porcelain and alloy, sodium and potassium oxides are
added into the ceramic powder to increase the thermal expansion coefficient, as the metal
usually has a larger thermal expansion coefficient than that of the porcelain.

Dental ceramics that best mimic the optical properties of enamel and dentin are predo-
minantly glassy materials. To improve mechanical properties, filler particles are often added

198 Y. Yang et al.

7



to the base glass composition. Adding the filler ceramic particles can also control optical
effects such as opalescence, color, and opacity. The first fillers to be used in dental ceramics
contained particles of a crystalline mineral called leucite, which is used in relatively low
concentrations in porcelains for metal-ceramic systems and in higher concentrations as a
strengthening filler in numerous all-ceramic systems. This filler was added to create
porcelains that could be successfully fired onto metal substructures. Improved strength
will be achieved by mechanically mixing crystalline filler particles into glass before firing
so that the appropriate fillers are uniformly dispersed. Most highly esthetic ceramics are
filled glass composites based on aluminosilicate glasses derived from mined feldspathic
minerals [152].

The demands for tooth-colored restorations and the availability of new types of dental
ceramics have driven increased use of ceramic materials in a variety of restorative situa-
tions. New ceramic materials have been used both as high strength core materials and as
veneers. New stable glass ceramics, heat-pressed glass ceramics, and machinable glass
ceramics are also used in dentistry. These bring in the need for further studies and clinical
observations in order to apply these materials in the proper manner.

7.6
Future Trends

In the past few decades, bioceramics have been increasingly used in clinical applications
due to their quality of disease treatment and excellent biocompatibility. Bioceramics as
bulk materials have mainly been used in non-load bearing anatomical sites. However, the
intrinsic brittleness of bioactive glasses and calcium phosphates impairs their clinical use
in load-bearing applications and makes it difficult for surgeons to handle. Therefore, the
mechanical performance of existing bioactive ceramics would have to be improved in
order to satisfy the clinical setting needs. In order to achieve less brittle bone substitutes, it
is necessary to incorporate tougher materials, for example, polyester polymers to the
ceramic matrix. Such a combination would take advantage of the stiffness and toughness
of polymers and ceramics since the natural bone consists of the mineralized collagen
fibril, an organic–inorganic composite. However, the natural bone is a highly organized
composite with a sophisticated hierarchical structure. A large effort needed for developing
this organic–inorganic composite system with biomimetic hierarchical structure and
enhanced functionality before successful clinical use. This effort can be made through a
polymer matrix approach [153–155] or ceramic-based strategy [156, 157]. Some studies
have attempted a biomimetic approach, mimicking the natural structure of bone. How-
ever, neither self-assembled mineralized collagen (bottom-up) [158] nor a structure made
of sintered ceramic with polymer (top-down) [159] offer the structural features of bone
that is “brick-and-mortar” [160] with a complex structure of apatite and collagen.

In addition to the high mechanical strength of bioceramics for easy handling and load-
bearing applications, its workability is also very important since surgeons often need to
shape the bioceramics during surgery. Unfortunately, the workability of bioceramics is low
due to low flexibility. Moreover, shaping the bioceramics may affect their reliability.
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Therefore, the toughness of bioceramics would also need to be improved in order to
successfully applied in the medical field.

Bioinert ceramics aim at restoring function by providing a mechanical substitute to
natural bone and joints. Second generation bioactive ceramics are aimed just at bone repair
by improving biomineralization. Therefore, bioceramics scaffolds in tissue engineering
should possess properties that would provide an adequate signal to guide and accelerate
bone cells and stem cells to perform their regeneration processes in vivo. An ideal scaffold
should be able to sustain mechanical loading and also transmit signals to the cells [2]. It is
not clear whether there is a certain signal pathway involving the bone mineral in collagen
[161]. For bone and teeth tissue engineering, further effort needs to be made to better
understand the fundamentals of bone response to specific signals in tissue repair and
regeneration processes. It is only then that we will be able to design and develop better
bioceramics in the future.
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Abstract Materials derived from natural sources are used extensively in tissue engineering.
Consisting of proteins, polysaccharides, or ceramics, these materials may be harvested from
a wide range of sources and possess an equally wide range of physical and biological
properties. This chapter focuses upon seven of these materials, namely collagen, fibrin,
elastin, hyaluronic acid, alginate, chitosan, and silk. These materials are first discussed with
respect to their intrinsic features that are relevant to tissue engineering, such as structure,
source, degradation, mechanics, immunogenicity, and recognition by cells. This is followed
by a review of techniques for derivatizing natural materials, forming scaffolds, and tailoring
these scaffolds, accompanied by select examples of how these natural materials have been
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used in tissue engineering applications. While natural materials possess many character-
istics that render them attractive for use in tissue engineering, they are also accompanied by
some unique challenges; both of these features are highlighted in this chapter.

Keywords Chemical modification l Extracellular matrix l Polysaccharides l Scaffold
fabrication

8.1
Introduction

The majority of the initial documented instances of modern tissue engineering involved the
use of biomaterials derived from natural sources [1]. In 1979, Drs. John Burke and Ioannis
Yannas described the use of modified collagen-glycosaminoglycan scaffolds to form an
artificial skin substitute [2]. Meanwhile, also in 1979, Dr. Eugene Bell documented the
contraction of collagen gels by fibroblasts [3] and later expanded this work to smooth
muscle cells to develop an early version of a tissue-engineered vascular graft [4].

Although other natural materials are relative newcomers to the field of tissue engineering,
they have often seen use as biomaterials or in various medical applications for decades. For
instance, fibrin patches were used during World War I to stop bleeding, and then soon
employed as a biological adhesive by the 1940s [5]. The use of silk as a suture material dates
back centuries [6], while coral was first investigated as a bone graft material in the 1970s [7].

The sources and characteristics of these natural materials cover a wide spectrum, as
illustrated in Fig. 8.1. They may be derived from our own bodies, or may come from insects,
marine life, or plants. They may be isolated from their source in the form of a chain of
simple polysaccharides, or they may already be fully-formed porous scaffolds. Their
physical forms may range from elastic hydrogels to brittle ceramics, and their degradation
can span anywhere from hours to years.

It should be no surprise that such a diversity of materials would find use in the equally
diverse field of tissue engineering, where applications span tissues with wide-ranging needs
and characteristics. In the following sections, we will discuss some of these biomaterials,
first reviewing their origins and properties, and then briefly delving into their current and
future use in tissue engineering.

8.2
Concepts in Material Development

Numerous considerations contribute to the selection or design of a biomaterial for use in any
given tissue engineering application. Whether natural or synthetic, the material must
conform to the specifications of the application, possessing the mechanical properties,
pore structure, degradation time, and other characteristics that yield the desirable tissue
repair outcomes. However, the use of natural materials is often accompanied by unique
obstacles that are not commonly a concern with synthetic materials.
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While natural materials possess attractive biological properties, they are often more
difficult to chemically or physically modify than synthetic materials. A reduced ability to
tailor the structures of these materials can introduce challenges in achieving prospective
design of biomaterials for tissue engineering applications. Many advances have been made
in designing modification techniques for natural materials, although the range of applica-
tions of some natural materials remains restricted by their inherent structural limitations.

Another unique challenge in the use of natural materials is the availability of the material
source. Derived from the natural world, these materials are sometimes limited in supply or
synthesized by mechanisms that are difficult to maintain in a production environment or
scale-up for commercial use. Ease of production can be further complicated by the greater
likelihood of batch-to-batch variability experienced with biologically-derived polymers.
Moreover, even in instances where source availability and production capacity obstacles
have been overcome, such as material derivation from other mammals, disease transmission
and immunogenicity often remain a concern.

However, the intrinsic bioactivity of many natural materials frequently offsets the
aforementioned challenges. Unlike synthetic materials, which, in general, are biologically

Alginate

Chitosan

Coral*

Silk Fibrin

Collagen

Elastin

Hyaluronic Acid

Figure legend:

Fibrous matrices

Sponges/Porous matrices

Hydrogels

Microparticles

Sheets/films

Fig. 8.1 Natural materials can be derived from a range of sources, including marine organisms,
insects, birds, and mammals. As indicated by the illustrated legend next to each material, these
materials can be fabricated into numerous types of scaffolds for use in tissue engineering applica-
tions. The indicated scaffold types represent those most commonly explored for tissue engineering
applications and do not encompass the full range of processing options available for each material.
*Coral is a ceramic natural material that is discussed in a separate chapter which focuses exclusively
on ceramics. (Original artwork by E.L. Monzack)
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passive, many natural materials possess sequences that are specifically recognized by cells
and tissues in the body. The complexity of these interactions and the manner in which they
regulate tissue repair and function is not completely understood, and can therefore not yet
be fully mimicked through the use of synthetic materials. Moreover, most natural materials
are readily degradable via native physiological mechanisms, a characteristic which faci-
litates tissue growth, repair, and integration. The enzymatic degradation of many natural
materials can enable tissue growth and scaffold degradation to occur on similar time scales,
leading to improved tissue regeneration.

In the following paragraphs, we discuss seven types of natural materials used in tissue
engineering applications, focusing upon their native functions in nature and their characteristics
as biomaterials. For each material, we discuss several attributes that are of particular interest in
material selection for tissue engineering, namely source, structure, degradation, immunogenicity,
mechanics, and recognition by cells. Section 8.3 will focus upon the creation of scaffolds from
these materials and their implementation in various tissue engineering applications.

8.2.1
Collagen and Gelatin

Collagen is the most abundant protein in humans, accounting for nearly one third of all
proteins in the body [8]. Its primary function is to maintain the structural integrity of the
extracellular matrix (ECM) in body tissues [9–11]. In addition to playing a structural role in
the ECM, collagen also interacts directly with the extracellular environment by influencing
cellular adhesion, growth, and differentiation, responding to soluble factors during tissue
remodelling and repair, and participating in wound healing processes and platelet aggrega-
tion [12, 13]. Because collagen plays such a dominant role in maintaining ECM integrity, it
is a popular choice for tissue engineering applications that aim to restore structure and
remodelling potential to tissue defects [13].

The primary structure of collagen is a polypeptide consisting of repeating Gly-X–Y
residues, where X and Yare typically proline or hydroxyproline [11, 12, 14]. The rigid ring
structures of proline and hydroxyproline amino acids contribute to the local secondary
configuration of collagen, and the repeated triplet sequence adds stability to the overall
polypeptide chain. This amino acid pattern allows for the formation of the molecular
subunit tropocollagen, which consists of a unique tertiary conformation of three collagen
chains held together in a triple helix by hydrogen bonds [8, 12]. The three polypeptide
sequences in tropocollagen are termed a-chains and may exist as homotrimers or hetero-
trimers depending on the specific a-chain combinations [12]. Different combinations of
chains result in different types of collagen specified for different functions in the body [15,
16]. There are 28 distinct types of collagen molecules identified to date [15], with types I, II,
III, and IV being the most researched [11]. Type I is predominantly found in skin, tendon
and bone and is the most widely used type of collagen in tissue engineering [17]. Type II is
predominantly found in cartilage and intervertebral disks, type III forms reticular fibers and
strengthens blood vessel walls, intestine, and uterus, and the nonfibrillar Type IV is found in
basement membranes between epithelial and mesodermal tissues [16, 18]. The quaternary
structure of collagen involves multiple triple helices packed into a microfibril lattice which
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swells and shrinks substantially in response to changes in hydration. Changes in the pH of a
collagen suspension can selectively and reversibly abolish this quaternary structure, while
still preserving the triple helical structure [19].

Native collagen is normally degraded in vivo by mammalian collagenases into an
N-terminal fragment and a C-terminal fragment [20]. These fragments are then spontane-
ously denatured to polypeptides that assume a random coil configuration referred to as
gelatin [21]. Under physiological conditions, gelatin is further cleaved to oligopeptides.
Synthetically, gelatin is generated by the denaturation of animal-derived collagen in the
presence of a dilute acid [11]. Gelatin shares hemostatic properties with its precursor
collagen, lacks significant antigenicity, and is easily crosslinked to form hydrogels that are
capable of substantial swelling in aqueous environments [11, 21]. Uniquely, the processing
of gelatin can be altered to produce products with varying isoelectric points which is useful
for forming polyelectrolyte complexes with other polymers [11, 21]. These material char-
acteristics make gelatin a prime candidate for tissue engineering and drug delivery applica-
tions where mechanical strength is not a priority and biodegradability is desired [11].

Collagen is a highly cell-adhesive protein, containingmultiple discrete peptide sequences
that are recognized by integrin receptors on the cell surface. Adhesion to collagen I in its
native conformation is RGD-independent, with cells binding via a1b1, a10b1, a11b1, and
a2b1 integrins, where the latter recognizes the collagen-specific DGEA sequence [22].
However, partial denaturation of collagen I reveals cryptic RGD motifs that can be recog-
nized by a5b1 and av-containing integrin receptors (i.e., avb1, avb3) [23, 24], thereby leading
to significant differences in cell behavior depending upon the use of either native or
denatured collagen substrates [25].

Commercial sources of collagen type I are most often derived from rat tail, bovine
dermis, human placenta, or recombinant techniques. While animal-derived collagen can
elicit immunogenic responses in recipients, the overall immunogenicity of this protein is
considered relatively low due to its high sequence conservation across species as well as
the low production of antibodies against collagen [26]. In general, most of the collagen
sequential determinants are effectively protected by the collagen triple helix, with some
determinants lying exposed on the non-helical ends of the collagen molecule. Therefore,
when collagen is reduced to gelatin by collagenases, its sequential determinants are exposed
for the brief period before gelatin itself is cleaved [26]. Thus, maintaining the tertiary triple
helix during collagen processing can help minimize the exposure of these sequential
determinants and reduce the amount of immunogenic response to the material.

8.2.2
Fibrin

The fibrillar protein fibrin plays a critical role in numerous physiological events, including
blood clotting, inflammation, and wound healing. The glycoprotein fibrinogen and the
enzyme thrombin are essential for the formation of fibrin, with calcium ions serving as
key cofactors in the conversion of fibrinogen into fibrin. Fibrinogen is a hexameric
glycoprotein composed of two sets of three different chains (Aa, Bb, and g), linked to
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each other by disulfide bonds [27]. Thrombin (factor IIa) is a serine protease that is activated
from its inactive form by factor Xa, in the presence of factor V [28]. In order to convert
fibrinogen into fibrin, the activated thrombin cleaves two small peptides (fibrinopeptides A
and B) from the amino-terminal ends of the a- and b-chains of fibrinogen, thus forming
fibrin monomers that join together to form long fibrin strands via end-to-end polymerization
that self-associate and precipitate [27]. Further crosslinking of the fibrin matrix may be
achieved via factor XIIIa. Factor XIIIa is a transglutaminase activated by thrombin that
covalently crosslinks the a- and g-chains of the fibrin monomers by catalyzing reactions
between lysine and glutamine residues. This additional crosslinking forms polymers
between the fibrin chains, which can further stabilize the resulting fibrin material and impart
greater mechanical strength and resistance to proteolysis [29].

In vivo, fibrin acts primarily as a provisional matrix often produced as a result of injury,
and is ultimately replaced by other ECM components. Degradation of fibrin can be rapid
and is accomplished via the proteolytic enzyme plasmin. Fibrin is one of the few biomater-
ials that can be derived from an autologous source. Fibrinogen and thrombin can be isolated
from the blood plasma of the patient, avoiding complications such as disease transmission
or immunogenicity [30]. With respect to tissue engineering, another attractive feature of
fibrin is its ability to support cell adhesion, proliferation, and angiogenesis. The most
established method of cell adhesion to fibrin occurs via interaction of the AGDV peptide
on the g-chains of fibrin with the aIIbb3 integrin receptors on platelets [31]. RGD peptide
sequences located on the a-chains of fibrin bind to several different integrin receptors on
cell membranes [32, 33]. In addition to RGD, other adhesive peptides are believed to exist
in fibrin(ogen), although their sequences have yet to be determined [32]. Commercial
preparations of fibrinogen frequently contain other plasma proteins such as fibronectin,
which also provide numerous cell adhesion moieties.

The interaction of fibrin with the avb3 receptor on endothelial cells is considered
particularly crucial in the ability of fibrin to support or promote angiogenesis [34]. More-
over, fibrin possesses sites that recognize and bind certain growth factors, further contribut-
ing to the promotion of angiogenesis. Specifically, both basic fibroblast growth factor
(bFGF) [35, 36] and vascular endothelial growth factor (VEGF) [37] bind to fibrinogen
and fibrin with high affinity. These growth factors are pro-angiogenic and work in concert
with endothelial cell binding to the avb3 integrin to promote vascularization, which is of
critical importance for many tissue engineering strategies.

8.2.3
Elastin

Elastin is a highly hydrophobic ECM protein rich in glycine, proline, valine, and alanine
that is found in almost all vertebrate animals and plays a critical role in the function of
numerous tissues [38]. Elastin is the major component of elastic fibers (>90%), with
microfibrils consisting of various acidic glycoproteins comprising the remaining compo-
nent of the fibers [39]. Tropoelastin, the soluble elastin monomer, is synthesized in the
rough endoplasmic reticulum and then secreted into the extracellular space where it first
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goes through coacervation, followed by crosslinking at lysine residues by the copper-
requiring enzyme lysyl oxidase to form the insoluble polymer elastin [38–41]. Deposition
of elastin into the extracellular matrix is guided by the aforementioned glycoprotein
microfibrils, which serve as a scaffold for polymer alignment [40].

Elastin imparts elastic recoil and resilience to many body tissues such as large arterial
blood vessels, elastic ligaments, lungs, and skin [41]. Depending upon the source, it may
have a half-life of several decades and can withstand millions of cycles of extension and
recoil without failure [42, 43]. Natural degradation of insoluble elastin can occur enzymati-
cally via elastases and certain elastolytic matrix metalloproteinases, although the turnover
rate of elastin remains very slow [38]. In addition to its role in providing macroscale
structural integrity and elastic recoil, elastin also participates in the regulation of cell
function, as elastin and elastin-derived peptides play a role in the proliferation, migration,
differentiation and chemotaxis of various cell types [41, 44]. Elastin can control various cell
functions via interaction with the avb3 integrin receptor as well as the non-integrin elastin-
laminin receptor [45, 46].

Commercial sources of elastin commonly use bovine neck ligament as the elastin
source, although elastin is also isolated from the lung, skin, or aorta of numerous
mammals including humans, rats, rabbits, cows, mice, and pigs. As discussed further in
Section 8.3, incorporation of elastin into biomaterials is usually accomplished using a-
elastin, a soluble derivative of elastin, or recombinant elastin-derived polypeptides.
Soluble a-elastin is achieved via hydrolysis of insoluble elastin in hot oxalic acid,
followed by separation of coacervated a-elastin from the soluble b-elastin [47]. The
resulting a-elastin is comprised of partially-crosslinked peptides with a wide range of
molecular weights, but this soluble elastin product retains the basic amino acid structure
of insoluble elastin and remains easier to isolate than tropoelastin [38]. Elastin-like
polypeptides (ELPs) are synthetic structures that retain physical and mechanical proper-
ties similar to that of native elastin, in addition to supporting cell growth [48–50]. ELPs
have also demonstrated excellent biocompatibility, with the human body unable to
differentiate ELPs from endogenous elastin [51].

8.2.4
Hyaluronic Acid

Hyaluronic acid (HA), also known as hyaluronan, is a negatively charged, linear polysac-
charide composed of N-acetylglucosamine and glucuronic acid that is found in all body
tissues. Although HA is part of the glycosaminoglycan (GAG) family, it is non-sulfated
and synthesized by HA synthases at the inner wall of the plasma membrane, rather than in
the Golgi apparatus [52, 53]. After synthesis, HA is transported to the ECM without any
further modifications. Furthermore, in contrast to other GAGs, HA has a high molecular
mass, with disaccharide chains reaching up to several million Daltons [54], and it is not
bound to a core protein. HA is readily soluble in water, and solutions of HA are highly
viscoelastic [55].

Proteins and proteoglycans that exhibit binding interactions with HA are termed
hyaladherins, and are further subdivided into matrix and cell-surface hyaladherins. Matrix
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hyaladherins include the proteoglycans aggrecan and versican [56], while the most widely
studied cell-surface hyaladherins are the hyaluronan receptor CD44 and the receptor for
hyaluronic acid mediated motility (RHAMM or CD168) via which HA can regulate many
cellular processes, such as proliferation and migration, in a molecular weight-dependent
fashion [57, 58]. The ability of HA alone to support cell adhesion and spreading is cell
type-dependent [55, 59].

In mammals, three types of enzymes may participate in the enzymatic degradation of
HA: hyaluronidase, b-D-glucuronidase, and b-N-acetyl-hexosaminidase. The in vivo half-
life of unmodified HA can be short, ranging from a few minutes in the blood to hours or
days in skin and joints [60, 61]. The degradation behavior of HA is particularly important
with respect to its biological functions, as the cellular response to HA varies with HA
molecular weight. For instance, HA degradation products that are 4–20 disaccharides in
length exhibit angiogenic properties [62], stimulating capillary growth, endothelial cell
proliferation and migration, and tube formation [55]. Conversely, high molecular weight
HA can actually inhibit angiogenic processes.

Although HA is widely known to provide tissue structure in cartilage and cushioning
properties in joints, it also plays an important role in numerous other tissues, including the
lung, kidney, brain, and heart valves [57]. HA possesses many properties that render it
attractive for tissue engineering applications. Commercially, HA is readily available from
several sources, including rooster comb extracts, human umbilical cords, and bacterial
cultures [63], and is considered to be non-immunogenic [55]. As noted above, HA also
regulates several biological processes that are of particular importance in tissue engineering,
such as angiogenesis. HA inhibits the adhesion and aggregation of platelets, and these non-
thrombogenic properties are highly desirable for blood-contacting biomaterial applications.
Moreover, HA-rich matrices are involved in the morphogenesis of many tissues, so HAmay
be used as a scaffold in tissue engineering applications in an effort to mimic the native
environment during organ/tissue development. In wound healing, the presence of a HA-rich
matrix has been linked to a decrease in scarring [64]. Due to its polyionic structure, HA is
also able to scavenge free radicals, and this action can mediate inflammation by imparting
an antioxidant effect [64]. Lastly, as discussed in Sect. 8.3, HA can endure numerous types
of chemical modifications to its structure in order to enable the development of diverse
material structures.

8.2.5
Silk

Silks are protein polymers whose composition, structure, and properties are highly depen-
dent upon their source. Although the Bombyx mori silkworm is the most common source of
silk for biomaterial applications due to the silkworm’s facile domestication and production
abilities [65], it does not comprise the only natural source of silk. Aside from the silkworm,
several other insects and animals produce silk, including honeybees, wasps, and ants [66],
as well as mussels [67] and spiders (specifically, Nephila clavipes). With respect to tissue
engineering applications, the prevalence of spider-derived silk closely follows that of
silkworm silk, although the lower silk production capacity of spiders and challenges in
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maintaining spider colonies offer significant obstacles to using this source [65, 68]. The
following paragraphs will focus on the properties of silkworm and spider silk with respect to
their biomaterial applications.

Silkworm silk is composed of a heavy (325 kDa) and light (25 kDa) chain of core
proteins called fibroins, which are coated by sericin, a collection of sticky, glue-like
proteins. Sericin maintains the physical structure of the fibroins in silkworm silk only and
is generally absent in spider silk [69]. The presence of sericin is a critical issue in the use of
silk as a biomaterial, as sericin has been associated with hypersensitivity reactions and poor
biocompatibility; once the sericin has been removed, the immune response becomes similar
to that found with other common biomaterials [69]. Silk is degradable over time periods of
several months in vivo, primarily via proteolytic activity mediated by a foreign body
response. However, the exact time course for degradation depends upon numerous factors,
including the site of implantation, the mechanical properties of that site, the processing
conditions of the silk, and the physical characteristics of the silk scaffold (i.e., porosity,
roughness, type of scaffold structure) [69, 70]. Enzymes such as chymotrypsin, actinase,
and carboxylase are also able to degrade silk proteins [70].

Fibroins from both B. mori (silkworm) and N. clavipes (spider) are natural block copoly-
mers, with both hydrophobic and hydrophilic blocks. The hydrophobic blocks are composed
of mostly repetitive amino acid sequences, while the sequences of the hydrophilic blocks tend
to be more complex. Together, the combination of the hydrophobic and hydrophilic regions is
what gives rise to the unique mechanical properties of silk, which include extreme strength
(elastic modulus of 5–17 GPa), toughness, elasticity, and compression resistance [69, 71]. The
ultimate tensile strength of silk ranges from approximately 500–900 MPa and is highly
dependent on the hydrophobic regions, which tend to form b-sheets or crystals [65, 71].
However, the heavy and light chain structure of silkworm silk tends to form a weaker and less
extensible fiber when compared to the dragline silk of spiders [68]. Also, B. mori produces
only one type of silk, while a single spider is capable of producing eight different types of silk.
In general, dragline silk, originating from the spider’s Major Ampullate silk gland, has
garnered the most attention with respect to mechanics, as it can absorb more energy preceding
rupture than almost any common material [72].

8.2.6
Alginate

Alginic acid, also known as algin or alginate, is found in the cell walls of brown algae such
as Macrocystis pyrifera (California), Ascophyllum nodosum (North Atlantic), and various
types of Laminaria (North Atlantic). As shown in Fig. 8.2, alginate is a linear, unbranched
block copolymer composed of variable ratios of 1–4 linked b-D-mannuronic acid (M) and
a-L-guluronic acid (G) [73]. The copolymer blocks are either similar (i.e., MMMM or
GGGG) or strictly alternating (i.e., GMGM), where the relative amount of the blocks and
the M/G ratio are dependent upon the origin of the alginate [74]. In algae, alginate is present
as the sodium, calcium, or magnesium salts of alginic acid. Because only the sodium salt is
soluble in aqueous solution, alginate extraction processes generally focus on conversion of
alginate salts to sodium alginate, removal of seaweed residues, and subsequent recovery of
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the sodium alginate from the aqueous solution via a variety of methods [75]. The molecular
weight of sodium alginate is normally in the range of 50–100,000 Da.

Alginate is commonly used in paper manufacturing processes, pharmaceutical prepara-
tion, the food industry, and culinary arts. Its biocompatibility, abundance, low cost, and mild
crosslinking mechanism have also led to the use of alginate in biomaterial and tissue
engineering applications [76]. One highly attractive quality of alginate is its ability to
rapidly form hydrogels upon exposure to divalent cations such as Ca2+. These cations
interact with the carboxylic acid groups on two G blocks on adjacent polymer chains,
leading to the formation of a gel network. Because this network crosslinking is achieved
simply with the addition of calcium, gelation can easily occur in the presence of cells or
sensitive biomolecules. The block structure of the alginate strongly affects the physical
properties of the resultant gels. For instance, because of the diaxial links found in guluronic
acid residues, G blocks tend to be stiffer than M or alternating GM blocks [77]. These trends
translate to species-dependent alginate properties, as Ascophyllum species tend to have a
high M content, leading to the formation of softer gels, while sources such as Laminaria
hyperborea tend to have a higher G content, yielding more rigid gels [74, 78].

Fig. 8.2 Top: Chemical structure of alginate, a linear, unbranched block copolymer composed of
variable ratios of 1-4 linked b-D-mannuronic acid (M) and a-L-guluronic acid (G). Alginate gelation
occurs upon interaction of divalent cations (i.e., Ca2+) with the carboxylic acid groups of two G
blocks on adjacent polymer chains. Bottom: Chemical structure of chitosan, a linear polysaccharide
composed of N-glucosamine and N-acetyl-glucosamine units linked by b(1-4) glycosidic bonds.
The percentage of (x) units is known as the degree of deacetylation, where chitosan is composed
predominantly of (x) units, while chitin is composed predominantly of (y) units
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Unlike many of the natural materials discussed in this chapter, however, alginate does not
possess bioactive sequences that are recognized by cells or tissues. Thus, alginate is considered
relatively inert, as cells do not readily adhere to unmodified alginate materials [76]. With
respect to degradation, mammals cannot enzymatically degrade alginate chains; this task is
accomplished by alginate lyases, which are found in algae, marine invertebrates, and marine
and terrestrial microorganisms [79]. However, crosslinked alginate materials can be degraded
by displacement of the crosslinking ions by chelating agents (such as citrate or EDTA) or by
partial oxidation of alginate chains, resulting in increased susceptibility to hydrolysis [80].

8.2.7
Chitosan

Chitin, derived from the exoskeletons of crustaceans such as crab and shrimp, is the
second most abundant natural polymer in the world after cellulose. N-deacetylation of
the chitin molecule yields chitosan, a linear polysaccharide composed of N-glucosamine
and N-acetyl-glucosamine units linked by b(1–4) glycosidic bonds (Fig. 8.2). The glucos-
amine and N-acetyl-glucosamine units can be randomly or block distributed in the copolymer
chain, with the glucosamine content referred to as the degree of deacetylation (DD) [81]. The
properties of chitosan chains depend upon the source and the preparation procedure, with the
molecular weight ranging from 50 to 1,000 kDa, and the DD ranging from 30 to 95% [81, 82].
Chitosan is normally insoluble in neutral or basic solutions, but soluble in dilute acids
(pH < 6.0), as protonation of its amine groups facilitates the molecule’s dissolution [81].
Moreover, the abundant hydroxyl and amino groups in chitosan provide reactive sites that
allow for modification of the chitosan structure and characteristics.

The polycationic nature of chitosan has several biological consequences that are useful
for tissue engineering applications. Unmodified chitosan does not contain elements that are
specifically recognized by cellular receptors and does not support cell adhesion. However,
chitosan’s cationic chains can complex with several types of negatively-charged biomole-
cules or with DNA, yielding opportunities to enhance the biological activity of the chitosan
scaffold or to protect molecules such as DNA from heat inactivation and nuclease degrada-
tion [83]. Anionic glycosaminoglycans such as heparin form ionic complexes with chit-
osan, thereby imparting upon the chitosan material the ability to bind heparin-binding
proteins such as basic fibroblast growth factor [84], which plays an active role in the growth
of many tissues. Chemical modification of chitosan can also provide alternative mecha-
nisms for binding biomolecules to the chitosan structure [85], and will be discussed in
Sect. 8.3. Interestingly, the cationic structure of chitosan may also be responsible for the
unique antimicrobial properties of chitosan [81, 86], as the interaction of the cationic amino
groups with the anionic microbial wall can suppress bacterial biosynthesis or disrupt mass
transport across the cell wall. Chitosan confers antimicrobial activity across fungi as well as
a broad spectrum of bacteria [81, 86].

In general, chitosan elicits a minimal foreign body reaction, with little or no fibrous
encapsulation [82]. In fact, the interaction of chitosan oligosaccharides with immune cells
may stimulate helpful wound healing processes such as cell proliferation and enhanced
angiogenesis [81, 87]. In vivo, chitosan degrades by enzymatic hydrolysis. Lysozyme is the
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primary enzyme responsible for degradation, as it hydrolyzes the acetylated residues,
yielding chitosan oligosaccharides of varying lengths. The degradation time for chitosan
ranges from weeks to months, with a strong dependence upon the DD of the chitosan.
Highly deacetylated forms (>85% DD) exhibit the slowest degradation, whereas chains
with a lower DD degrade more rapidly [81].

8.3
Review of Previous Work

Each tissue engineering application requires unique scaffold specifications in order to
facilitate tissue repair or regeneration. Properties outlined in the previous section, such as
material source, structure, degradation mechanism, and interaction with cells, can inform
the selection of appropriate materials for a certain application. Moreover, these properties
also affect the processing techniques that can be used with each material to yield scaffolds
that possess different physical forms. As shown in Fig. 8.1, scaffolds may exist in many
physical forms, ranging from hydrogels to microparticles to fibrous matrices. The select
scaffold forms depicted in Fig. 8.1 represent those most commonly used specifically for
tissue engineering applications of each material.

Tailoring of biomaterial properties is a critical step to achieve environments that are
optimized for tissue growth and repair. The pore size, swelling, degradation rate, mechan-
ics, fabrication mechanism, and bioactivity of scaffolds must be tailored to conform to the
specifications of the desired tissue engineering application. Rarely do the intrinsic proper-
ties of an individual native biomaterial exactly match the properties needed for a certain
tissue engineering application. Alteration of these features can require chemical or
biological modification of the base material, adjustments to processing techniques, or
copolymerization with other materials. The routes that may be taken to achieve such
modifications vary with the type of material, with each material presenting unique advan-
tages and challenges.

Thus, in this section, we focus on reviewing previous work in biomaterial modification
and scaffold creation for the seven natural materials introduced earlier in this chapter. The
following paragraphs concentrate on the types of scaffolds that may be created using each
material and methods for tailoring the physical or biological properties of these scaffolds,
with a few brief examples of how these materials have been used in tissue engineering
applications (summarized in Fig. 8.3). The second section of this book describes the use of
biomaterials in specific tissue engineering applications in greater detail.

8.3.1
Collagen and Gelatin

Collagen is a popular choice for medical applications, primarily due to its overall favorable
properties of enzymatic degradability, general biocompatibility, versatile processing, and
ability to be crosslinked [11]. It is because of these attributes that collagen has been used in
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numerous forms for many different tissue engineering applications within the body
(Fig. 8.3). Clinically, both animal- and human-derived collagens are FDA-approved for
use as filler material in cosmetic procedures (i.e., Zyplast, Cosmoderm) and in dermal wound
or burn dressings (i.e., Integra, Apligraf). Yet, some continuing concerns with the use of
collagen as a biomaterial include its high cost of purification, potential for immunogenicity,
transmission of animal-borne diseases, and product homogeneity for mass production and
quality control of manufactured products [88, 89]. However, the use of recombinant
collagens and gelatins in lieu of animal-derived collagen can eliminate many of the concerns
of antigenicity and disease transmission associated with animal-derived collagen [18, 88, 89]
and offer a scalable solution for the limited availability of the protein [12].

Processing of collagen biomaterials can be loosely classified into physical or chemical
methods. The physical methods include drying, aging, emulsification, heating, or irradiating
with UVor gamma rays [14, 90]. Each processing method produces unique mechanical and
chemical properties in the collagen material. For example, one commonly used method of
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inducing pore formation in collagen sponge constructs is by sublimation of a frozen suspension
under a low-temperature vacuum [91]. This method allows for wide variation in pore structure
based on the specific conditions of ice nucleation and growth. Freezing temperature is directly
proportional to the average pore diameter, while the magnitude of the heat flux vector affects
the orientation of pore channels [16, 91]. A porous collagen construct offers several biomate-
rial advantages including increased overall surface area and increased entry of cells and soluble
factors into the material.

Collagen can also be formed into sponges, membranes, films, gels, and fibers using
combinations of physical and chemical methods [14]. Fibrous collagen scaffolds are
typically made by extracting insoluble fibers from native collagen matrices and reassem-
bling them into a new biomaterial construct, while collagen hydrogels are simply made by
adjusting purified fibrillar collagen solutions to a physiologic temperature and pH [12]. The
resulting non-axial aligned fibers form a gel that can absorb large amounts of fluid which is
advantageous for cell infiltration and microenvironment control [12].

Chemical modification of collagen has historically been performed via reaction with
chromic acid or aldehyde fixation, both of which result in firm covalent crosslinks [14]. In
tissue engineering, aldehyde fixation has been mainly used to increase the in vivo longevity
and prolong the degradation time of collagen-based tissue implants. In addition, aldehyde
fixation has also been shown to minimize the immune response to collagen implants and
thus is an attractive method for use with materials made with animal-derived collagen [26].
Another effective technique for reducing collagen degradation in vivo is through dehydra-
tive crosslinking which causes both collagen and gelatin to become insoluble through the
introduction of interchain peptide bonds [92]. This is best accomplished by heating the
collagen or gelatin suspension to temperatures in excess of 37�C, after decreasing the initial
moisture content to prevent reversible melting of the helical structure by the high heat.

Because collagen can be converted to gelatin by heating above the helix-coil transition
temperature (approximately 37�C for bovine collagen) it is important to consider this possi-
bility within the context of the final desired product when processing a collagen-based
biomaterial [16]. Unintentional conversion of collagen to gelatin can affect the degradation
rate of the overall biomaterial in vivo, as gelatin degrades muchmore rapidly than collagen. To
ensure quality control, infrared spectroscopic assays have been developed that assess gelatin
content of collagen based on helical marker bands in the mid- and far infrared range [93].

The use of collagen as a scaffold biomaterial is accomplished through two main
approaches, often termed top-down and bottom-up approaches [12]. In the top-down
approach, the collagen matrix of an explanted tissue sample that exhibits a desired archi-
tecture is treated to remove all non-collagenous components and to strengthen the remain-
ing collagen scaffold for further modification into a collagen heterograft [12, 14]. Examples
of collagen-based explants first processed and then used as biomaterials include sutures
(catgut is still used today [11]), blood vessels, porcine heart valves, and tendon cadaver-
derived collagen scaffolds have been successfully implemented as dermal dressings for
burn wounds due to their metabolically stable structure and ability to dynamically improve
cellular adhesion and proliferation [11]. Further material modifications can also be used to
better tailor a collagen matrix to a specific clinical requirement. Many collagen-based
materials approved by the FDA, such as Integra, Apligraf, and Orcel, successfully combine
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a collagen matrix with growth factors, small peptides (such as RGD) [94], cell seeding, and
glycosaminoglycans to accelerate wound healing as skin substitutes [11].

The bottom-up approach starts with purified and solubilized collagen and crosslinks or
re-forms the solution into a functional shape or scaffold which can then be further modified
with cells or other molecules to form a reconstituted collagen construct [12]. The cell
adhesive properties of collagen also make it useful for surface immobilization on scaffolds
intended for cellular contact that may require bulk properties not provided by a collagen-
based foundation [9]. Benefits of the bottom-up approach include a defined structure, ability
to standardize side groups, ease of mass production, and many options for final product
form such as fibers, membranes, gels, or sponges. Since collagen mainly provides structural
support in its native environment, its ability to withstand tensile loads is often useful for
applications which require structural integrity, such as tissue engineered bone, skin, and
tendons [10, 11]. The FDA has approved many of these materials, such as a collagen and
hydroxyapatite/tricalcium phosphate combination blend for use as a bone graft substitute
[11]. Moreover, the use of collagen in tissue engineering is not confined to the aforemen-
tioned tissues, as collagen scaffolds can also support the repair or regeneration of nerve,
cardiac, cornea, and vascular structures [15].

8.3.2
Fibrin

Clinically, fibrin has been widely used as a hemostatic agent or sealant in various surgical
procedures. Numerous fibrin-based sealants, such as Tisseel, Evicel, and Crosseal, are
FDA-approved for clinical use. In tissue engineering, fibrin is most often used in the
form of hydrogels or fibrin glue. The ability to isolate fibrin scaffold components from an
autologous source as well as the ability of fibrin to promote cell adhesion and angiogenesis
supports its use as a scaffold material in tissue engineering, although the weak mechanical
properties and rapid degradation of fibrin materials can introduce challenges in tissue
engineering applications.

While the natural biodegradability of fibrin often serves as an advantage of these
materials in tissue engineering, the rapid speed of this degradation has been considered a
drawback. Several techniques have emerged to prolong the lifetime of fibrin matrices. As
noted earlier, crosslinking via factor XIIIa can improve the resistance of fibrin to proteoly-
sis; chemical crosslinkers such as genipin can also reinforce this effect [95]. Photochemical
crosslinking of fibrinogen via the formation of dityrosine bonds has also been performed
using ruthenium II trisbipyridyl chloride [96], resulting in materials with improved mechan-
ics. The inhibition of proteolytic enzymes may also be used to address the issue of fibrin’s
rapid degradation. Proteolysis inhibitors such as aprotinin, or fibrinolysis inhibitors such as
tranexamic acid or e-aminocaproic acid, can also slow the degradation of fibrin scaffolds
[97, 98], and may be delivered in tissue engineering applications in order to retain the fibrin
structure for the length of time needed for effective tissue repair. The fabrication of fibrin
microbeads via the delivery of concentrated fibrinogen and thrombin into a heated oil
emulsion (75–80�C) and subsequent crosslinking with factor XIIIa has also been shown to
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slow the fibrin degradation rate. These microbeads have exhibited particular promise for the
culture and growth of mesenchymal stem cells [32].

The physical properties of fibrin scaffolds may also be controlled by varying the ionic
strength and concentration of the fibrinogen and thrombin components. Although an
increase in fibrinogen concentration leads to an increase in the number of fiber bundles, it
is accompanied by a decrease in the average fiber bundle thickness, a decrease in scaffold
compaction in the presence of cells, and an overall decrease in mechanical strength [99,
100]. Increased concentrations of thrombin and calcium had similar effects, with each factor
decreasing both compaction and mechanical strength [100, 101]. Other methods of addres-
sing the mechanical and degradation challenges associated with fibrin include the creation
of composite materials, wherein fibrin is combined with other natural or synthetic polymers.
For example, both the degradation and mechanical properties of fibrin-based scaffolds have
been tailored through combination with collagen [102], polyurethane, polycaprolactone,
and polyethylene glycol [103].

Both fibrin hydrogels and fibrin glue are formed via the cleavage of fibrinogen by
thrombin in the presence of calcium and aqueous solution, with glue being distinguished
from hydrogels by the presence of numerous other plasma proteins and enzymes, a faster
gelation time, and generally higher protein concentration, with accompanying lower water
content [30]. Fibrin glue is frequently delivered via a double-barrel syringe or a two-unit
spray system, and its application can be performed concomitantly with delivery of cells.
Both fibrin glue and fibrin hydrogels have been used as scaffolds for numerous tissue
engineering applications, including bone, adipose, cardiac, cartilage, liver, muscle, nerve,
tendon, eye, blood vessel, and skin tissues [32, 103]. Vascular tissue engineering has been a
particular focus for fibrin materials due to the vascular-appropriate mechanics of fibrin
scaffolds as well as their ability to support the growth of both smooth muscle and endothe-
lial cells [104, 105]. Due to the natural role of fibrin as a provisional matrix during dermal
wound healing, fibrin scaffolds have also been used extensively in skin tissue engineering,
supporting the growth of keratinocytes and dermal fibroblasts, enhancing cellular motility,
and acting as a carrier for the delivery of exogenous growth factors [106].

8.3.3
Silk

The ability of silk to support cell adhesion and growth, in addition to its good oxygen and
water permeability, slow degradation, low immunogenicity, and high tensile strength,
render it an attractive biomaterial for tissue engineering applications. Silk is also a versatile
biomaterial matrix with respect to processing, as it can be formed into many structures,
including films, fibers, microcapsules, hydrogels, and sponges. These scaffolds can be
processed from concentrated silk fibroin solutions that consist of silk dissolved in appropri-
ate solvents such as formic acid, calcium nitrate, hexafluoroisopropanol, ionic liquids or
lithium salts [65].

Films made from silkworm silk have been found to support cell functions in both human
and animal cell lines, with silk from wild silkworms outperforming that obtained from
domestic silkworms due to the presence of the RGD peptide in the wild silkworm silk [71].
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Films have also been made from genetically engineered spider silk, and these recombinant
silk films have been successful in rivaling the properties of native spider silk. Films
fabricated from silkworm silk support cell attachment, growth, and cell morphology similar
to that seen on collagen films, but the slow degradation of silk compared to collagen has
been an advantage for use in applications such as cartilage tissue engineering [107].

The surfaces of silk films can also be modified with RGD or growth factors to enhance
material bioactivity. For instance, RGD coating of silk films promoted the production of
mineralized matrix by osteoblasts [108]. Meanwhile, culture of mesenchymal stem cells
on RGD-coupled recombinant spider silk matrices supported their differentiation into
osteogenic cells [109]. The addition of biomolecules such as parathyroid hormone [108]
or bone morphogenetic proteins (BMPs) [110] to silk matrices can further moderate cell
functions or induce osteogenesis. Silk films have also shown promise as wound dressings,
stimulating improved epidermal and collagen regeneration in comparison to traditional
dressings [111].

Fibrous matrices can be formed from silk proteins via electrospinning, extrusion, or
microfluidic approaches [65]. Fibrous silk matrices may hold particular promise for tissue
engineering of ligaments. Consisting of a dense, cable-like structure, the anterior cruciate
ligament (ACL) is the most commonly injured ligament [71]; repair of severe ACL tears
requires surgical intervention, and synthetic ACL replacements are accompanied by
several limitations [71]. When cabled into multi-corded, wire-rope matrices, the silk
cable matrix has shown similar mechanical properties to the native human ACL and
retains good mechanical properties following in vivo implantation [112]. Silk matrices
have also supported the differentiation of adult mesenchymal stem cells into ligament-
specific cells [69, 113], which can be enhanced through the use a mechanical bioreactor
[71, 114].

Silkworm silk and recombinant spider silk have been successfully transformed into
hydrogel networks, with both silkworm and spider silk exhibiting promise for cartilage
tissue engineering through their support of chondrocyte growth [65, 71, 107, 115]. Hydro-
gels from silkworm silk have also been explored for their potential in repairing cancellous
(spongy) bone defects in rabbit models [116].

Lastly, silk-based porous matrices can be formed through additional techniques such as
salt leaching, gas-foaming, and freeze-drying [51]. These methods yield scaffolds with
porosity and mechanical properties that can be controlled by the silk fibroin concentration,
freezing temperature, or particle size of the salt used in leaching processes [51]. Spongy
porous matrices have also been made without freeze-drying or the aid of other materials by
freezing and thawing an aqueous solution of silk fibroin in the presence of a small amount of
water-miscible organic solvents [117].

8.3.4
Elastin

Tissue elasticity is of extreme importance for proper function of the cardiovascular and
pulmonary systems. Failures in elastin synthesis or elastin insufficiencies can result in the
development of clinical syndromes and in some cases can be lethal [118, 119]. Thus, the

8 Natural Materials in Tissue Engineering Applications 225



importance of elastin in tissue function, combined with difficulties in achieving endogenous
elastin production by engineered tissues [120], as well as its durability and low turnover
rate, has stimulated the development of elastin-based scaffolds. The primary drawbacks to
the use of elastin as a biomaterial are its complex purification, insolubility, and tendency to
calcify upon implantation [121]. However, both recombinant techniques and fragmentation
of elastin can yield products that retain the attractive physical properties of elastin while
overcoming some of its challenges. Several elastin-based scaffold structures have been
developed in recent years, although their implementation in tissue engineering applications
has thus far been limited.

Recombinant tropoelastin has been used to create synthetic elastin with properties very
similar to the native protein. This synthetic elastin supported cellular growth in both in vitro
and in vivo studies [48]. Tropoelastin has also been used for the creation of elastin-like
polymers. These polymers exhibit elastin-like mechanical performance, are biocompatible,
and can be enhanced by coupling biological molecules that add functionality. The most
common of these polymers are elastin-like polypeptides (ELPs). These peptides are com-
posed of a repeat of the amino acid sequence of the tropoelastin molecule (Val-Pro-Gly-X-
Gly) that can be manipulated by adding any amino acid (except proline) at the “X” site,
leading to a temperature, pH, or electrochemical potential-dependent molecule [122]. These
peptides can be controlled to self assemble in vitro [123], and have been used for various
applications, including the creation of hydrogels and nanoparticles [122, 124]. Hydrogels
constructed from ELPs have successfully supported the function of mature chondrocytes
[125] as well as the chondrogenic differentiation of adipose-derived stem cells [126] in the
absence of chondrogenic differentiation medium.

Soluble a-elastin, an elastin derivative that is isolated following acid hydrolysis of
insoluble elastin, has been used as a scaffold surface coating and in the development
of elastin scaffolds [120, 127]. Elastin-based scaffolds have been created by the reaction
of a-elastin with a diepoxy crosslinker, where the physical scaffold properties, such as
swelling, mechanics, and enzymatic degradation rate, can be controlled via adjustments to
the pH of the reaction with the crosslinker [120]. These scaffolds supported the culture of
vascular smooth muscle cells, and show promise for use in tissue engineering applications.
A glutaraldehyde crosslinker, combined with exposure to pressurized carbon dioxide, has
also been used to create highly porous a-elastin hydrogels [128] that support the attachment
and growth of dermal fibroblasts. The creation and optimization of a-elastin-based scaffolds
remains an emerging area, and the immunogenicity of these materials has yet to be
determined [120].

Elastin has also been combined with other natural or synthetic molecules for the
development of elastin-based copolymers. For instance, although electrospun scaffolds
can be fabricated from tropoelastin or a-elastin alone [129], blending elastin with other
polymers during electrospinning may be a preferred approach, as it improves the struc-
tural integrity of the scaffold [130]. Thus, to facilitate the formation of elastin-based
electospun scaffolds, elastin has been combined with various crosslinker molecules, other
natural materials, and synthetic polymers such as polydioxanone [130]. Of particular
relevance to vascular tissue engineering is the formation of elastin-collagen scaffolds,
which have exhibited favorable mechanical properties and support the growth of vascular
cells [131, 132].
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8.3.5
Hyaluronic Acid

Hyaluronic acid is not only an important molecule in the body’s extracellular matrix, but
also a powerful molecule with respect to the development of tissue engineering scaffolds.
HA is capable of regulating many cell functions, and it can be chemically modified for
controlled degradation and stability [133]. Due to its highly negative charge, HA forms a
coil-like structure in aqueous solutions, entrapping water within its structure and expanding
in volume up to 1,000 times [60]; this unique property is desirable for the development of
hydrogels [60]. Many variations of HA are FDA-approved for a range of clinical uses, such
as Restylane and Juvederm as cosmetic fillers, Healon for ophthalmic procedures, Synvisc-
One and Orthovisc for osteoarthritis, and Hyalofill wound dressings for dermal wound
healing. With the exception of Hyalofill, which consists of a scaffold composed of esterified
HA, all of these products are delivered in the form of a viscous HA-based injection [134–
136]. As a result of the attractive biological and physical features of HA-based materials,
HA scaffolds have been used extensively in tissue engineering for applications that include
bone, cartilage, liver, cardiac, vocal fold, vascular, dermal, ophthalmic, and nerve repair and
regeneration [63].

To effectively achieve material modification with HA or its incorporation into a polymer
scaffold, the HA molecule is often modified via chemical derivatization and/or crosslinking
with different molecules (Fig. 8.4) [133]. By performing these modifications, it is possible
to tailor the mechanics and degradation rate of HAwhile maintaining its biological proper-
ties. In addition, the HA molecule can be modified to add more biological functionality via
coupling of different biological moieties, cytokines, or therapeutic drugs [137]. The princi-
pal targets for the chemical modification of HA are the carboxylic acid, hydroxyl groups, or
the acetamido group (Fig. 8.4). Examples of derivatization methods include: (1) esterifica-
tion of the carboxyl or hydroxyl groups with an alcohol [138], (2) the use of carbodiimide
compounds to modify the carboxylic groups [139], (3) sulfation of the hydroxyl groups
with a sulfur trioxide-pyridine complex [140], and (4) oxidation of the hydroxyl groups
with sodium periodate [141]. HA molecules derivatized in these manners may be directly
used as scaffolds, as in the case of Hyaff scaffolds, which consist of esterified HA, or may
be subsequently crosslinked via mechanisms discussed below.

Modified HA molecules are frequently crosslinked to form hydrogels. The degradation,
mechanics, and other physical properties of crosslinked HA hydrogels may be controlled by
the extent of crosslinker modification, the HA concentration, and the HA molecular weight.
Thus, the mechanical properties of these hydrogels can vary from viscous-pourable gels to
rigid and brittle gels, depending on the type and density of crosslinking. Different cross-
linking methods that react with the hydroxyl groups have been explored such as the use of
divinyl sulfone in an alkaline environment (creating Hylan-B gels) [55] or the use of
glutaraldehyde [142]. Crosslinking methods that involve reaction with the carboxyl moiety
of HA include the use of chelating metals to obtain a metal cation-mediated crosslink [143],
and the use of carbodiimide in aqueous solution [144]. Formation of hydrogel scaffolds via
photocrosslinking mechanisms has the advantages of allowing spatial and temporal control
over the hydrogel structure and can be achieved via the addition of methacrylate groups
to the HA molecule [145, 146]. Moreover, crosslinking via photo-initiated mechanisms
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Fig. 8.4 Chemical modifications of hyaluronic acid (HA) enable the creation of a wide range of HA
derivatives with varying functionalities. These modified HA molecules may be used to form
crosslinked scaffolds or to alter the physical or biological characteristics of HA-based materials
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enables the encapsulation of cells during gelation. Derivatized crosslinker molecules may
also be reacted with HA in order to further enhance the range of properties that can be
achieved with HA scaffolds. For instance, use of a crosslinker that possesses both a
methacrylate moiety and lactic acid groups can impart hydrolytic degradability upon the
HA scaffold [147]. The combination of hydrolytic with enzymatic degradation allows
further tailoring of scaffold properties and can facilitate more uniform extracellular matrix
deposition by encapsulated cells [147].

HA is also commonly copolymerized with other materials in order to combine the
attractive biological properties of HA with the mechanics and prolonged degradation of
other biological or synthetic materials. For instance, methacrylated HA may be combined
with methacrylated or acrylated polyethylene glycol (PEG) to yield photocrosslinked
scaffold networks that possess improved mechanical performance compared to HA alone,
but are enzymatically degradable, unlike PEG alone [59]. Crosslinking of adipic dihydra-
zide-modified HAwith PEG-dialdehyde yields degradable hydrogel matrices that accelerate
the healing of full thickness dermal wounds [148].

Fibrous HA scaffolds are available in the form of Hyaff, which has been used as the
primary structure for an FDA-approved dermal wound dressing (Hyalofill), and may also be
used in tissue engineering to support the growth of various cell types. Hyaff scaffolds have
proven to be permissive environments for the growth of chondrocytes and support the
culture of mesenchymal stem cells [149] and their differentiation into chondrocytes and
osteoblasts [150]. Electrospinning techniques may also be used to create nanofibrous HA
scaffolds, although the high viscosity of HA in aqueous solutions and its water-retention
ability can complicate the electrospinning process [151]. However, electrospinning chal-
lenges can also be overcome by combining HAwith other materials, such as gelatin [152],
or by incorporating photocrosslinking techniques in addition to other components [153].

8.3.6
Alginate

The abundance, relatively low cost, good biocompatibility, and simple gelation mechanism
of alginate are attributes that render this material attractive for tissue engineering, with its
primary drawback being its poorly regulated degradation. Sufficient purification of alginate
and removal of contaminants from the raw source also remains a problem in some instances
[154]. Alginate is most often used as a hydrogel in tissue engineering, although it can also
be formed into fibrous meshes via electrospinning [151] or porous scaffolds via freeze-
drying techniques [155].

As noted earlier, alginate hydrogels are formed from aqueous solutions of alginate in the
presence of divalent cations such as Ca2+, Mg2+, Ba2+, and Sr2+ [156]. This mild gelation
mechanism facilitates the entrapment of cells during the gelation process, a feature which is
often beneficial in tissue engineering. Delivery of droplets of alginate solution into a
calcium-containing solution can be used as a facile and rapid method of forming alginate
microcapsules, which may be used for drug delivery or cell encapsulation.

Different cation sources can be used to control the gelation time of alginate, as well as
the physical properties of the alginate hydrogel. For instance, the rapid gelation obtained
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through use of CaCl2 or CaSO4 can lead to heterogeneity in the alginate properties and
structure, while use of CaCO3, which is less soluble in water, can allow for more homoge-
neous distribution of calcium ions throughout the alginate solution prior to gelation [157].
The use of CaCO3 is accompanied by the addition of D-glucono-d-lactone, whose hydroly-
sis facilitates the liberation of Ca2+ ions from CaCO3. By combining these different calcium
sources, the gelation time, uniformity, and mechanics of alginate gels can be tailored to meet
desired specifications for various tissue engineering applications [157].

Covalent crosslinking of alginate has also been achieved via a variety of mechanisms.
The addition of methacrylate groups to alginate yields a material whose crosslinking is
light-initiated and whose mechanics and degradation can be tailored through variations in
the extent of methacrylation [158]. Various diamines and dihydrazides can also be coupled
to alginate via carbodiimide chemistry and act as covalent crosslinkers to tailor gel proper-
ties [76, 159].

The mechanical properties of alginate hydrogels may also be controlled by altering the
alginate concentration, calcium concentration, and alginate molecular weight, with higher
values for any of these variables leading to stiffer gels. Although an increase in alginate
concentration can lead to an undesirable increase in solution viscosity prior to gelation, this
obstacle can be overcome through manipulations of the alginate MW and MW distribution
[76]. Temperature also affects gelation rate, with lower temperatures leading to slower
gelation and subsequently improved mechanical properties [160].

Alginate gels, microcapsules, and porous scaffolds have been used in the engineering of
numerous tissues, including bone, cartilage, liver, skin, nerve, heart, pancreas, and ovarian
follicle development [51, 76, 161]. Although native alginate does not support significant
cell attachment, alginate is amenable to modification with cell adhesion peptide sequences,
most commonly RGD [162]. Compared to unmodified alginate gels, RGD-modified algi-
nate gels significantly enhance in vivo bone formation by transplanted osteoblasts, and co-
transplantation of chondrocytes with osteoblasts in these gels leads to self-organization of
the cells into structures resembling growth plates [163]. Alginate scaffolds and microcap-
sules have been used extensively in metabolic applications, such as liver and pancreas tissue
engineering. These applications often make use of alginate’s ability to form strong com-
plexes with cationic compounds, where the coating of alginate microcapsules with poly-L-
lysine can help to stabilize the microcapsule, as well as tailor the molecular weight cut-off of
the structure in order to immunogenically isolate the encapsulated cells [154]. Alginate
scaffolds have supported the differentiation of hepatic progenitor cells [164], as well as the
maintenance of critical liver functions of mature hepatocytes [165].

8.3.7
Chitosan

The abundance, biocompatibility, degradability, chemical versatility, and hemostatic and
anti-bacterial properties of chitosan have generated extensive interest in this material and its
derivatives for biomaterial and tissue engineering applications [83, 166]. Chitosan
is considered to be structurally similar to native glycosaminoglycans, and this property is
thought to impart enhanced bioactivity upon chitosan-based materials [51]. The primary
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drawback associated with the use of chitosan in tissue engineering scaffolds has been its
limited solubility, although numerous techniques have been developed to address this
challenge.

Containing several reactive as well as ionic moieties, chitosan is highly amenable to
modification, yielding many possibilities for tailoring the mechanical and biological proper-
ties of the chitosan molecule and chitosan-based scaffolds. The majority of chemical
modifications to the chitosan molecule focus upon improving its solubility or bioactivity.
One of the most common water-soluble chitosan derivatives is N-carboxymethylchitosan,
formed through reaction with chloroacetic acid in an alcohol solvent [85]. Reaction with
succinic anhydride also produces a water-soluble derivative, N-succinylchitosan [85].
Modification of chitosan with cell-recognized sugars addresses both the solubility and
bioactivity issues facing chitosan [85]. Various reaction mechanisms can be used to form
sugar-bound chitosans such as galactosylated chitosan, which support hepatocyte culture
[167], or mannosylated chitosan, which is specifically recognized by antigen-presenting
cells [168]. Lastly, sulfonation of either the amino or hydroxyl groups of chitosan yields a
polymer that bears a close structural resemblance to heparin [85].

As noted earlier, the cationic nature of chitosan also enables pH-dependent electrostatic
interactions with anionic glycosaminoglycans such as heparin, which, in turn, binds
numerous heparin-binding proteins. Thus, an assortment of biologically active molecules
can be indirectly bound to chitosan scaffolds through heparin intermediates [83]. Although
chitosan can indirectly bind molecules such as cytokines and growth factors, the base
chitosan material still lacks the ability to directly support cell adhesion. To address this
challenge, grafting of peptides such as RGD, YIGSR, and IKVAVonto chitosan materials
has been achieved via photochemical methods or carbodiimide chemistry to yield structures
that support the attachment and growth of cells [81, 169, 170].

Chitosan can be processed to form fibers, sponges, membranes, beads, and hydrogels
[81, 82, 85]. Chitosan sponges with interconnected pore structures can be fabricated via
freeze-drying techniques or a technique known as “internal bubbling process”, which
involves the addition of CaCO3 to chitosan solutions [81]. As with other types of porous
structures, the mechanical properties of these scaffolds are dependent upon the pore size and
orientation, and the pore structure can be tailored via changes in the processing condition,
such as the rate of temperature decrease in freeze-drying techniques. Chitosan sponges have
found wide use in tissue engineering applications, most predominantly in dermal wound
healing, which takes advantage of the intrinsic properties of chitosan that promote healing
[81, 166]. Chitosan hydrogels are also commonly formed for tissue engineering applica-
tions, with gelation of chitosan or its derivatives being possible through numerous physical
or chemical methods, including covalent bonding using crosslinkers, ionic interactions,
hydrogen bonding, and hydrophobic interactions [171]. The ability of chitosan to bind
native GAGs has made chitosan-based hydrogels particularly attractive for cartilage tissue
engineering [81, 172]. Other tissue engineering applications of chitosan, chitosan deriva-
tives, and blends of chitosan with other materials include bone, nerve, liver, and vascular
tissue engineering [81].

The insolubility of chitosan in neutral and alkaline solutions can occasionally be used as
an advantage in its processing, as viscous solutions of chitosan can be extruded and gelled
in high pH solutions to form gel fibers that are subsequently drawn and dried [173]. Fibrous
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chitosan scaffolds have also been produced via electrospinning processes, although the
polycationic nature and solubility restrictions of this molecule introduce significant chal-
lenges in achieving electrospun fibrous chitosan structures [151]. However, blending of
chitosan with other polymers or the use of derivatized chitosans, such as hexanoyl chitosan,
quaternized chitosan, and N-carboxyethylchitosan, yields more favorable electrospinning
results [151] that are currently being explored for various tissue engineering applications.

8.4
Future Directions

The successful development of appropriate tissue engineering scaffold environments will
ultimately require the combination of multiple features and functionalities in order to mimic
the highly complex native structures that best support tissue repair and regeneration. Thus,
although this chapter has focused upon individual natural materials, there exist innumerable
possibilities for combining these materials with other natural or synthetic polymers and
biomolecules to yield multi-functional materials that are tailored to meet the needs of
specific tissue engineering applications. The use of genetically-engineered natural materials
also holds promise for the creation of more complex, tailored scaffolds. Many natural
materials can be created via recombinant techniques, and genetic manipulation may allow
researchers to create structures that possess features such as decreased immunogenicity,
increased bioactivity, or improved mechanical strength.

The body’s ECM is composed of numerous components, and one example of achieving
a higher degree of tissue engineering scaffold complexity using natural materials is the use
of whole ECM structures derived from native tissues. Although decellularized tissues have
been used for decades as allografts and xenografts, recent prominent successes in
recovering tissue function following recellularization of these structures has focused greater
attention on their use as tissue engineering scaffold materials. Notably, one group has
demonstrated the decellularization of entire rat hearts, followed by their recellularization
with neonatal cardiomyocytes and subsequent resumption of contraction and macroscopic
beating [174]. Recellularization of decellularized tissues has also yielded impressive results
in urologic and reproductive tissue engineering, where physiologically functional penile
reconstruction was achieved in vivo in a rabbit model [175]. A variation on this approach is
the decellularization and subsequent homogenization of native myocardial ECM, followed
by its resolubilization to yield an injectable material that forms nanofibrous gels with a
complex ECM structure [176]. Although these methods harvest the ECM from in vivo
sources, there is also the possibility to harvest complex ECM compositions and structures
from in vitro sources. ECM produced by planar cultures of cells may be combined with
separate scaffold structures [177], or the 3-D matrix produced by engineered tissues in vitro
may be decellularized to leave an ECM scaffold structure that may be recellularized at a
later time using the patient’s own cells in order to create an autologous graft.

Approaches that use complex ECM structures can be used not only as a stand-alone
method for creating engineered tissues, but may also be combined with the derivatization or
modification techniques discussed throughout this chapter, or these scaffolds may act as
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a template for the de novo construction of scaffolds from many of the individual compo-
nents discussed herein. Ongoing and future research is addressing the many challenges that
face this area, such as scaffold/tissue availability and reproducibility, cell sourcing, tissue
processing conditions, scaffold delivery mechanisms, and scaffold characterization.
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Abstract Engineered polypeptides have emerged as attractive materials to construct artifi-
cial extracellular matrices (ECMs) in tissue engineering. These materials offer advantages
over conventional synthetic materials in recapitulating essential characteristics of complex
and dynamic native ECMs, which is one of the key requirements for successful tissue
engineering, because proteins are major players in providing structural support, cell adhe-
sion, and signal regulation in native ECMs. The structures and functions of these proteins
and their domains, as well as those of de novo designed polypeptide domains having self-
assembly and molecular recognition abilities, can be combined in engineered polypeptides
in a modular manner to yield multifunctional, bioactive materials to mimic native ECMs
and optimize tissue engineering outcomes. Engineered polypeptides can be synthesized
both chemically and biosynthetically. In recent years, the biosynthetic methodology has
received increasing attention because the advances in molecular biology and protein
engineering have expanded its capacity. Biosynthetic preparation allows polypeptide mate-
rials to be genetically engineered in a modular manner and the resulting polymers have
absolutely uniform sequence, composition, molecular weight, and consequently higher order
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structures and functions. These properties not only allow us to engineer novel multifunctional
materials to elicit desired cell responses toward functional tissue regeneration, but also offer the
opportunity to create well-controlled and tunable systems for systematic studies to enhance our
understanding of the relationships among extracellular microenvironments, cell behavior and
fate selection, and tissue assembly. Such understanding will provide valuable guidelines for
design of future generations of artificial ECMs. In this chapter, engineered polypeptides that
have been used or have the potential to be used in tissue engineering will be discussed with an
emphasis placed on their molecular design as well as examples of their use in tissue engineer-
ing studies.

Keywords Biomimetic materials l Genetic engineering l Non-natural amino acids l

Polypeptide-based polymers l Protein engineering l Self-assembly

9.1
Introduction

Materials constructed from engineered polypeptides have emerged as attractive artificial
extracellular matrices (ECMs) for regeneration of functional tissues and organs. Since
proteins are important components in native ECMs, artificial ECMs created from properly
engineered polypeptide-based materials can potentially provide cells with microenviron-
ments similar to their native counterparts. Native ECM proteins not only provide structural
support and cell adhesion function, but also define many essential biochemical and physical
cues to regulate cell proliferation, differentiation, migration, and fate selection during
developmental and physiological processes. The success of tissue engineering to a large
extent relies on whether artificial ECMs can mimic the structural, adhesive, and regulatory
properties of their native counterparts. Conventional materials have limited ability to mimic
native ECMs for optimization of tissue engineering outcomes. In contrast, essential bio-
chemical and physical properties of ECMs can be readily and precisely engineered in
polypeptide-based materials because of their similar molecular nature to that of native
ECM proteins and the high-fidelity, modular biosynthetic approaches available for their
preparation. The great potential of engineered polypeptides to recapitulate essential char-
acteristics of in vivo extracellular microenvironments through rationally designed molecu-
lar structures, properties, and functions, combined with the possibility to prepare these
materials in large scale owing to the advances in molecular biology and chemical synthesis,
makes them increasingly attractive in tissue engineering. The modular and precise nature of
these materials also provide unique opportunities to create well-controlled tunable systems
that allow systematic study of the relationships among microenvironments, cell behavior,
and tissue assembly, the understanding of which could provide guidelines for design of
future generations of artificial ECMs.

This chapter will provide an overview of engineered polypeptide materials that have
been used or have the potential to be used as artificial ECMs in tissue engineering. The
emphasis will be placed on their molecular design along with examples of their applications

9

244 W. Shen



in tissue engineering studies. Polypeptide-based materials inspired by natural structural
proteins such as collagens, elastins, and silks as well as other naturally occurring or de novo
designed self-assembling domains such as coiled-coils will be summarized. Engineering of
bioactive and dynamic materials desirable for tissue engineering applications by harnessing
bioactivities and molecular recognition of polypeptides will be discussed. Recently devel-
oped technologies for biosynthetic incorporation of non-natural amino acid analogs, which
are expected to provide new avenues to expand the scope of bioactive, multifunctional
polypeptide materials, will also be included. Materials self-assembled from small peptide
molecules such as peptide amphiphiles are also attractive and promising candidates for
artificial ECMs in tissue engineering [1, 2], but they are not part of the scope of this chapter
(please refer Chaps. 2 and 3 for more information on this topic).

9.2
Concepts in Material Development

Numerous naturally occurring or de novo designed proteins, polypeptide domains, or
peptide motifs provide immense inspiration for molecular design of a wide variety of
structural, bioactive, multifunctional, and intelligent materials that exhibit desired proper-
ties for tissue engineering (Fig. 9.1). These properties are often difficult to achieve or
control with conventional synthetic polymers. One function that artificial ECMs need to
perform is to provide structural and mechanical support. Polypeptide-based structural
materials have been designed by using consensus peptide sequences derived from naturally
occurring structural proteins such as collagens, elastins, and silks as building blocks. Most
of these building blocks can form higher order structures, such as triple-helices and
b-sheets, and self-assemble to result in physically cross-linked networks or fibers that further
form three-dimensional (3D) supramolecular structures. Other self-assembling domains,
such as coiled-coils, have also been introduced into polypeptide-based polymers to yield
fibers and networks that can provide structural support in tissue engineering. In addition to
self-assembly, other molecular mechanisms that nature uses to build structural materials,
such as covalent cross-linking, have been mimicked in polypeptide-based materials as well.
For example, lysine residues have been genetically introduced in elastin-like-polypeptides
(ELPs) with absolute precision regarding their density and positions along the polypeptide
backbone, mimicking the lysine-rich segments in tropoelastins (elastin precursors) that
allow covalent cross-linking to result in mature elastins.

Artificial ECMs are expected to mediate cell adhesion and present a wide range of
bioactivities to regulate cell behavior and fate selection in addition to providing structural
support. Spatial and temporal control of these bioactivities is desirable to closely mimic the
complex and dynamic in vivo extracellular microenvironments. Artificial ECMs should
also be biodegradable, because the purpose of their use is to provide temporal mechanical
support and define extracellular microenvironments for regeneration and remodeling rather
than to retain these materials permanently. Polypeptide-based materials are particularly
suitable for molecular engineering to satisfy these multiple requirements for artificial ECMs
because native ECMs perform these functions through (poly)peptide domains and motifs,
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which can be rationally selected and readily combined on the molecular level in engineered
polypeptides to yield multifunctional, bioactive materials. For example, cell adhesion
peptide ligands and proteolytic peptide substrates derived from natural ECM proteins
such as fibronectin and collagen have been incorporated into polypeptide materials on the
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genetic level to confer cell adhesion properties and biodegradability. Growth factors and
their mimetics can be either directly introduced into polypeptide backbones or attached to
residues carefully engineered to permit orthogonal modification. In addition, many poly-
peptide domains have intelligent features: they have molecular recognition ability and
undergo conformational changes in response to microenvironmental changes in pH, tem-
perature, and biochemical components. The consequent alteration in their self-assembly
capacity and/or size results in stimuli-responsive, reversible, and dynamic materials that
may offer unique opportunities to better mimic in vivo extracellular microenvironments.

Molecularly designed polypeptide materials can be synthesized both chemically and
biosynthetically. The biosynthetic methodology, in which the genes encoding the designed
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polypeptides are created through recombinant DNA technology and the polypeptide poly-
mers are expressed in biological hosts, is particularly attractive because it offers several
advantages. The high fidelity of biosynthesis apparatus assures that biosynthesized poly-
peptide molecules are absolutely uniform in molecular weight, composition, sequence, and
consequently higher-order structures and functionalities. Such a high level of precision in
control of molecular structure and material properties has not been surpassed by chemical
synthesis approaches. In addition, the modular nature of genetic engineering allows build-
ing blocks conferring distinct properties to be combined readily in a systematic manner to
generate tailored, multifunctional materials. These modularly engineered and precisely
controlled materials allow systematic investigation of the relationships among microenvi-
ronments, cell behavior, and tissue products, providing valuable guidelines for design of
future generations of artificial ECMs.

The recent advances in biosynthetic incorporation of non-natural amino acid analogs
into protein polymers have further expanded the scope of protein engineering and offered
new opportunities to create novel polypeptide-based materials for biomedical applications,
including tissue engineering. Some incorporated analogs can optimize the physical proper-
ties and self-assembly capacity of polypeptide domains. Some can introduce chemical
functionalities not present in natural amino acids to enable orthogonal chemical modifica-
tions, which is particularly useful for creating hybrid materials composed of both polypep-
tides and conventional synthetic polymers, and for modifying polypeptide materials with
small moieties or other polypeptides to introduce additional properties.

9.3
Review of Previous Work

9.3.1
Collagen-Inspired Polypeptide Materials

Collagens are a major ECM component in connective tissues, where they not only provide
mechanical support, but also regulate a variety of cellular events, including cell adhesion,
migration, proliferation, differentiation, and survival. Use of collagen-based materials as
artificial ECMs can be traced back to the first generation of tissue-engineered skin sub-
stitutes, in which animal-derived type I collagen served as a scaffold. Since then, animal-
derived type I collagen has been used in a wide variety of tissue engineering applications.
However, animal-derived materials have drawbacks such as batch-to-batch variations, the
risk of transmission of infectious diseases, and difficulties in modifying and precisely
controlling material properties. In addition, even though more than 20 types of native
collagens have been identified and proven to play distinct critical roles during natural tissue
development and regeneration processes, collagens other than type I have not been widely
used in tissue engineering because their presence in natural sources is not as abundant as
that of type I collagen and isolation in large quantities is difficult. All of these limitations of
naturally-derived collagens can be circumvented by engineered polypeptides that recapitu-
late the essential structures and properties of native collagens.
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Native collagens are characterized by the consensus tripeptide sequence GXY, in which
the X and Y positions are commonly occupied by proline and post-translationally modified
hydroxyproline. This feature of the primary sequence allows interchain hydrogen bonding
between hydroxyproline and glycine, providing the primary driving force for the assembly
of closely packed triple-helices, a structural hallmark of collagens [3]. Collagen-inspired
polypeptides composed of either collagen-derived domains or tandem repeats of the
collagen-derived consensus tripeptide GXY have been designed and synthesized. Both
chemical and biosynthetic methods have been successfully used to produce these engi-
neered polypeptides. In recent years, the significant progress made in molecular biology has
expanded the capacity of biosynthetic approaches, making them increasingly attractive.
Collagen-inspired polypeptides containing hydroxyproline have been biosynthesized in a
variety of expression systems, including bacteria [4], insect cells [5], yeast [6, 7], mammalian
cells [8], and transgenic plants [9, 10], silkworms [11], or mice [12].

Polypeptides composed of various domains derived from human collagen II have been
recombinantly engineered and used in cartilage tissue engineering [13, 14]. One polypep-
tide comprises a central segment consisting of three tandem repeats of the D4 domain
(residues 703–936), which has the biological activity to support chondrocyte spreading and
migration, and one D1 and one D0.4 terminal domain, which facilitate protein folding. The
recombinant polypeptide was expressed in HT-1080 cells. The resulting product folded into
collagen-like triple-helices. When coated on 3D fibrous scaffolds made of polyglycolic
acid, this recombinant polypeptide performed better than the wild-type collagen II in
enhancing seeding efficiency and subsequent invasion of chondrocytes. The resulting
tissue engineered constructs had higher cell density and more efficient biosynthesis of
cartilage ECMs.

In addition to collagen-derived domains, the collagen-derived consensus tripeptide
sequences have also been used as building elements to construct polypeptides that recapitu-
late the essential structures and properties of collagens. The collagen-like polypeptides
consisting of tandem repeats of the consensus tripeptide sequences form triple-helical
structure and even long collagen-like fibrils and 3D supramolecular structures. Long fibrils
and 3D structures form either from collagen-like polypeptides having high molecular
weight or from short triple-helices through further longitudinal and lateral assembly. The
molecular structures of these polypeptides are rationally designed to provide the driving
forces, including hydrogen bonding, electrostatic interactions, hydrophobic interactions,
metal ion chelation, and covalent bonding, for triple-helix formation and further longitudinal
and lateral association.

Large collagen-like polypeptides have been synthesized chemically through the EDC
coupling chemistry and native chemical ligation. Polymerization of the tripeptide monomer
PHypG (Hyp: hydroxyproline) in the presence of 1-ethyl-3-(3-dimethyl-aminopropyl)-
carbodiimide hydrochloride (EDC) yielded poly(PHypG) with a molecular weight greater
than 104 Da [15]. This synthetic polypeptide formed stable triple-helical structures and was
processed into 3D sponges through freeze-drying. When implanted subcutaneously in the
dorsal area of rats, these sponges did not invoke adverse tissue reactions. Materials
fabricated from this polypeptide were softer and less adhesive than those from bovine
type I atelocollagen, but they degraded at a comparable rate. These properties led to their
superior performance in promoting in vivo dermal epithelialization of a full-thickness
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wound. An alternative chemical approach to synthesizing large collagen-like polypeptides
is native chemical ligation [16]. Peptides containing 10 tripeptide motifs (most of them are
PHypG), one N-terminal cysteine, and one C-terminal thioester were prepared using solid-
phase peptide synthesis. These peptides underwent selective head-to-tail native chemical
ligation under mild aqueous conditions and yielded large collagen-like polypeptides exhi-
biting triple-helical structures.

Long collagen-like fibrils have also been obtained from shorter polypeptides that are
carefully designed to form triple-helices that can further assemble longitudinally. One
strategy is to create staggered triple-helices by introducing interchain disulfide bridges
[17, 18]. Cysteine residues were introduced to the chosen X and Y positions of a colla-
gen-like polypeptide consisting of tandem repeats of GPHyp to result in one biscysteinyl
chain and two different monocysteinyl chains. Staggered triple-helices formed when the
monocysteinyl chains were allowed to react with the biscysteinyl chain in a regioselective
manner sequentially by selectively activating and protecting the cysteine residues in the
biscysteinyl chain. This molecular design prevented intramolecular association and pro-
moted intermolecular triple-helix formation. The resulting staggered triple-helices had self-
complementary cohesive ends and were able to assemble longitudinally into long fibrils and
further into 3D hydrogels.

Longitudinal assembly of short triple-helices can also be driven by electrostatic interactions
[19]. A polypeptide having the (PRG)4(PHypG)4(EHypG)4 sequence formed triple-helices
characterized by a hydrophobic central region flanked by a positively charged N-terminal
region and a negatively charged C-terminal region. The complementary electrostatic intera-
ctions between adjacent triple-helices led to staggered arrangement of the charged regions
and drove longitudinal assembly of the helices into long fibrils and a 3D supramolecular
architecture.

Interchain aromatic-stacking and hydrophobic interactions have also been used as
driving forces to stabilize triple-helices and promote their supramolecular assembly [20].
Hydrophobic aromatic groups L-phenylalanine and L-pentafluorophenylalanine were placed
at the two termini of collagen-like polypeptides consisting of tandem repeats of GPHyp.
Interchain aromatic-stacking and hydrophobic interactions provided by these groups stabi-
lized the triple-helical structure and further drove head-to-tail assembly of these helices into
long fibrils. These materials were able to induce platelet aggregation, which is a character-
istic activity of type I collagen.

Molecular engineering of collagen-like polypeptides also led to materials assembled in
response to external stimuli. A collagen-like polypeptide containing three metal-binding
units, including an N-terminal nitrilotriacetic acid unit, a C-terminal 2-histidine sequence,
and a bipyridyl moiety at the central position, was engineered to yield collagen-like
hydrogels that formed in response to the trigger of metal ion chelation [21]. In the presence
of metal ions such as NiII, CoII, and ZnII, the polypeptide self-assembled into stable triple-
helices and further underwent head-to-tail ligation to form long fibrils and 3D hydrogels.
HeLa cells encapsulated in these hydrogels were surrounded by a fibrous network and
remained viable, suggesting that these 3D networks could potentially be used as artificial
ECMs in tissue engineering.

Careful design of the sequences of collagen-like polypeptides can result in stable
triple-helices even in the absence of hydroxyproline residues. Polypeptides having
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the (GER)15GPCCG, (GPP)3GPRGEKGERGPR(GPP)3GPCCG, and [GERGDLGPQ-
GIAGQRGVV(GER)3GAS]8GPPGPCCGGG sequences, respectively, were prepared through
either biosynthesis or solid-phase synthesis [22, 23]. The peptide motif GPCCG, which
is derived from the C-terminus of type III collagen, was placed at the C-termini of these
polypeptides to form disulfide knots. The GER motif was introduced to provide interchain
electrostatic interactions; and the GPPmotif was included to provide hydrophobic interactions.
These interchain hydrophobic interactions, electrostatic interactions, and covalent disulfide
bonds provided driving forces for the hydroxyproline-lacking polypeptides to assemble into
stable triple-helices and even into microfibrillar structures, though the mechanism underlying
the assembly was not completely clear. Since the GER tripeptide is a cell adhesion motif
existing in many native collagens, these engineered polypeptide materials exhibited cell
adhesion activity.

Copolypeptides consisting of collagenous blocks were engineered to form hydrogels
[24]. Triblock copolypeptides comprising two self-assembling proline-rich endblocks and a
hydrophilic random coil midblock were designed. The endblocks had the (PGP)9 sequence,
which was able to form trimers at physiological temperature and provide junction points for
hydrogel networks; the midblock had the amino acid composition of a collagenous mole-
cule, but the sequence was purposely scrambled so that it did not form triple-helices and
only performed the function of retaining water in the networks. The hydrogels self-
assembled from these polypeptides in aqueous solutions exhibited many hallmark proper-
ties of traditional collagenous materials.

9.3.2
Elastin-Inspired Polypeptide Materials

Elastins are another type of important structural proteins in native ECMs. Elastins are rich in
elastic tissues and organs, such as blood vessels, skin, and lung [25]. Native elastins are
converted from their precursors, tropoelastins, which are composed of alternating hydro-
phobic domains and lysine-rich crosslinking domains [26]. The lysine residues in tropoe-
lastins are cross-linked through the mediation of lysyl oxidase, yielding mature elastins.
Mature elastins are highly elastic because of their hydrophobic and cross-linked nature
[25, 27]. In addition to high elasticity, the coacervation behavior, an entropy-driven phenome-
non in which the polymer chains adopt more ordered structure with increasing temperature, is
another characteristic property of elastins [28]. Elastins not only provide mechanical support
for tissues, but also have biochemical activities to regulate important biological events
ranging from ECM synthesis to cell proliferation, differentiation, and migration through
their interactions with elastin–laminin receptors on cell surfaces [29, 30].

As important native ECM proteins, elastins are attractive biomaterials for constructing
artificial ECMs in tissue engineering. But use of animal-derived elastins in tissue engineer-
ing is impractical, because they are limited in quantity and purity. In addition, batch-to-
batch variations, the risk of diseases transmission, and difficulties in modifying and
controlling material properties have all directed the interest toward engineered elastin or
elastin-like polypeptides, which are expected to address the limitations associated with
animal-derived elastins.
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Recombinant tropoelastin and polypeptides composed of tropoelastin fragments have
been biosynthesized in bacterial and mammalian expression systems. The lysine residues in
these engineered proteins allowed them to be cross-linked by bifunctional, amine-reactive
chemical reagents or through the lysyl-oxidase-mediated reaction [31]. The Young’s mod-
ulus of the resulting materials ranged from 220 to 400 kPa. The recombinant tropoelastin
coated on polymeric scaffolds enhanced attachment of both endothelial and smooth muscle
cells, suggesting their potential use in small-diameter vascular graft engineering. The
polypeptides consisting of tropoelastin fragments were coated on polyurethane catheters
and significantly reduced thrombosis and increased catheter patency [32]. These studies
show that recombinantly engineered tropoelastin-based proteins are potentially valuable
materials for vascular tissue engineering.

Artificial elastin-like polypeptides (ELPs) that are designed according to short consensus
pentapeptide sequences in elastins have also been prepared, extensively examined, and used
in a variety of tissue engineering studies, including cardiovascular, musculoskeletal, and
ocular surface tissue engineering as well as cell sheet engineering. ELPs comprise repeats of
the elastin-derived pentapeptide sequence VPGXG, in which the guest residue X can be any
amino acid residue except proline [33]. These engineered polypeptides display many
important properties of native elastins, such as high elasticity and the coacervation behavior.
ELPs have inverse temperature phase transition (or lower critical solution temperature
LCST) phenomenon: they are soluble when the temperature is below the phase transition
temperature Tt and aggregate when the temperature is increased to above Tt. Tt can be
rationally engineered on the molecular level through the choice of the amino acid residue on
the X position: Tt decreases with increasing hydrophobicity of this residue [34]. ELPs have
been synthesized both chemically and biosynthetically in high yields [35, 36]. The biosyn-
thetic approach has attracted increasing attention in recent years owing to the reasons
discussed in Sect. 9.2 of this chapter. ELPs are not cytotoxic and exhibit good biocompati-
bility as revealed from animal studies [37, 38].

Chemically cross-linkable ELPs have been genetically engineered by including lysine
residues, mimicking the composition of tropoelastins [39–47]. In most cases chemical
cross-linking reactions occur between the primary amine of the lysine residue and an
amine-reactive group in a selected bifunctional or trifunctional reagent, such as glutaralde-
hyde, disuccinimidyl glutarate, isocyanate, bis(sulfosuccinimidyl) suberate, disuccinimidyl
suberate, and tris-succinimidyl aminotriacetate. The mechanical properties of chemically
cross-linked ELP materials can be systematically tuned in a wide range by varying their
molecular characteristics at the genetic level. In particular, the number of lysine residues
and their positions along the polypeptide backbone can be tailored to modulate the cross-
linking density and consequently the mechanical properties. The reported Young’s modulus
of chemically cross-linked ELP materials spans the whole range of values for native elastin
(0.3–0.6 MPa) [41]. In addition to mechanical properties, biological properties of these ELP
materials can also be precisely controlled at the genetic level. Fibronectin-derived cell
adhesion motifs, RGD and REDV, have been incorporated to promote adhesion of endo-
thelial cells [39, 41, 47]. These bioactive ELP materials have great potential in small-
diameter vascular graft engineering because they not only possess mechanical properties
comparable to those of native vessels but also allow endothelial cells to adhere and form a
monolayer, which can prevent thrombosis.
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To avoid the use of chemical cross-linking reagents during material processing, physi-
cally cross-linkable block ELPs have been developed [48–50]. Most chemical cross-linking
reagents are toxic and cannot be removed completely after material processing, and the
residual reagents may cause detrimental effects in tissue engineering applications. Physi-
cally cross-linkable triblock ELP copolypeptides consisting of two hydrophobic terminal
ELP blocks and a hydrophilic midblock were engineered. The hydrophobicity/hydrophilic-
ity of each block was tailored by careful choice of the residue on the guest position of each
pentapeptide. Above the phase transition temperature of the endblocks, these polypeptides
self-assembled into hydrogels in aqueous solutions [50]. They could also be dissolved in an
organic solvent and cast into films [48, 49]. Mechanical properties of the resulting materials
were controlled by engineering the molecular structure of the block copolypeptides (such as
the sequence and size of each block) and selection of processing conditions (such as solvent
and temperature). A young’s modulus as high as 87 MPa has been reported for films
prepared through solvent-casting.

In situ forming materials that change from liquid to semi-solid state under physiologi-
cally compatible conditions are particularly attractive for tissue engineering applications.
These materials allow cells and sensitive biological factors to be uniformly encapsulated;
they are injectable for minimally invasive delivery; and they can match the shape of defects
perfectly. Physically cross-linkable triblock ELPs that exhibit liquid behavior at lower
temperatures and self-assemble into hydrogels at 37�C represent one type of in situ forming
ELP materials. Un-cross-linked coacervates, which form above phase transition tempera-
ture Tt, can be viewed as in situ forming ELP materials as well, and have been used for cell
encapsulation in cartilage tissue engineering [51, 52]. An ELP having a Tt of 35�C was
engineered by introducing V, G, and A residues at a 5:3:2 ratio to the guest positions in the
[VPGXG]90 polypeptide. This Tt, which lies between room temperature and body tempera-
ture, allowed cells to be suspended in a liquid precursor at room temperature and
encapsulated in a coacervate upon a temperature raise to 37�C. The complex shear modulus
of the coacervate was ca. 80 Pa, greater than that of the liquid precursor by 3 orders of
magnitude. Chondrocytes encapsulated in this coacervate maintained a rounded morpho-
logy and chondrocytic phenotype, with characteristic cartilage matrix molecules (sulfated
glycosaminoglycans and collagen) deposited at high levels. Human adipose-derived stem
cells encapsulated in this coacervate underwent chondrocytic differentiation, even in the
absence of chondrogenic supplements such as dexamethasone and TGF-b [52]. These
studies suggest that ELP-based materials promote chondrogenesis of encapsulated chon-
drocytes or stem cells and have great potential for cartilage tissue repair.

ELP coacervates have proven to provide favorable chondrogenic environments, but their
modulus and mechanical integrity are insufficient to support functional cartilage repair.
Covalently cross-linked in situ forming ELP materials are expected to have enhanced
mechanical properties compared to coacervates. One strategy to prepare such materials is
to use tissue transglutaminase (tTG), which catalyzes covalent bond formation between
glutamine residues and primary amines under physiologically compatible conditions [53].
Enzyme-mediated reactions regulate many aspects of matrix processing in vivo, and are
attractive choices for modification of artificial ECMs in the presence of cells. Two ELPs,
one having lysine K residues and the other having glutamine Q residues, were genetically
engineered. When they were mixed at an equimolar ratio, gelation occurred in the presence
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of tTG under physiological conditions. A complex shear modulus of 280 Pa was obtained,
which was significantly greater than that of un-cross-linked coacervates. Chondrocytes
encapsulated in these in situ forming ELP hydrogels remained viable and rounded. Their
chondrocytic phenotype was maintained as indicated by the significant accumulation of
sulfated glycosaminoglycans and type II collagen.

ELP hydrogels chemically cross-linked through the mediation of tTG have much higher
modulus than un-cross-linked coacervates, but their modulus is still inadequate compared to
that of native cartilage. To further improve mechanical properties of in situ forming ELP
materials, a biologically benign, amine-reactive cross-linker b-[tris(hydroxymethyl) phos-
phino] propionic acid (betaine) (THPP) was used [54–56]. Addition of THPP in the solution
of an ELP consisting of 144 repeats of (VPGXG)9, in which the 9 guest positions were
occupied by K, F, and V residues (1:1:7), at an equimolar ratio of THPP and lysine resulted
in gelation within 5 min. Systematic modulation of the lysine density along the ELP
backbone resulted in hydrogels exhibiting complex shear modulus in the range between
5.8 and 45.8 kPa, which was greater than that of un-cross-linked coacervates by 3 orders of
magnitude. An in vitro study showed that fibroblasts survived the encapsulation process.
When ELP hydrogels cross-linked by THPP were implanted in goats for cartilage repair,
they supported the infiltration of cells and deposition of cartilage matrix. One drawback of
these materials revealed from the in vivo study is their rapid degradation, which needs to be
addressed through further research.

(Meth)acrylate-containing polymers are photo-cross-linkable under biologically benign
conditions and therefore have been widely used for in situ cell encapsulation. A methacrylate-
functionalized ELP has been prepared through modification of lysine residues with
methacrylic anhydride. The modified ELP was processed into fibers through electrospinning
and light irradiation, with the resulting products having diameters ranging from 300 nm to
1.5 mm [57]. These fibers can serve as preformed scaffolds for tissue engineering. Although
the purpose of ELP modification in this study was to fabricate fibers, the methacrylate-
functionalized ELP could potentially be used as photo-responsive in situ forming materials
for cell encapsulation.

ELPs have been coated on surfaces and evaluated for their use in tissue engineering.
A recombinant ELP containing the cell adhesion CS5 domain was coated on glass surfaces
and examined for its potential for ocular surface tissue engineering [58]. Significant
enhancement in adhesion and proliferation of conjunctival epithelial cells, but not fibro-
blasts, was observed on ELP-coated substrates compared to control substrates. Conjunctival
epithelial cells maintained their differentiated phenotype. This preliminary study suggests
that ELPs have the potential to serve as artificial ocular surface ECMs to promote tissue
regeneration for vision restoration.

The LCST behavior of ELPs has been exploited to engineer cell sheets, which could be
transplanted to repair tissues. In one study, an ELP having the sequence of (GVGVP)288
was coated on the surface of tissue culture plates to further allow immobilization of
an RGD-containing ELP at 37�C [59]. In another study, an RGD-containing ELP,
[(GVGVP)10GVGVPGRGDSP(GVGVP)10]18, was directly coated on tissue culture plas-
tics [60]. These ELP-modified surfaces were hydrophobic and presented the cell adhesion
RGD motif at 37�C, allowing cells, including human amniotic epithelial and mesenchymal
cells, to grow into monolayers. The cell sheets were harvested by reducing the temperature
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to lower values, at which the ELPs became hydrophilic and non-associative. Cell detach-
ment resulted from a combination of the hydrophilic nature of ELPs, the detachment or
shielding of RGD, and changes in cellular metabolic activity at low temperature. These
engineered cell sheets could allow transplantation with well-controlled size and location.

9.3.3
Silk-Inspired Polypeptide Materials

Silk-inspired polypeptides are another type of materials that have attracted considerable
attention in tissue engineering. Naturally occurring silk proteins are derived from silkworms
and spiders. They are not native to the human or animal body, but these fibrous structural
proteins have exceptional mechanical properties and exhibit high biocompatibility, making
them attractive as potential artificial ECMs [61–68]. Naturally-derived silk proteins have
been reconstituted and processed into a variety of forms to support regeneration of bone,
ligaments, cartilage, skin, and nerve fibers. However, these materials have several limita-
tions. For example, they often contain residual impurities that cause adverse immune
responses, even though the silk fibers themselves are immunologically inert [61]. Addition-
ally, obtaining large quantities of spider silks, which have better mechanical properties than
silkworm silks, is difficult. These problems can be addressed by developing engineered
polypeptides that possess the essential structures and properties of silks. The engineering
approach also allows versatile combination of intrinsic properties of silks, such as extraor-
dinary mechanical properties, and additional functionalities tailored for tissue engineering
requirements, such as cell adhesion and biodegradation. The advances in molecular biology
have allowed recombinant silk proteins and silk-like polypeptides to be genetically engi-
neered and biosynthetically produced in high yields in a variety of host systems, including
bacteria [69], yeast [70], insect cells [71], mammalian cells [72], and transgenic plants [73].
Such synthesis ability makes it possible to use recombinantly produced silk-inspired
polypeptides as artificial ECMs in tissue engineering.

The exceptional mechanical properties of silks, such as high tensile strength and
toughness, are conferred by their primary sequences and secondary structures. Silk proteins
comprise repetitive and alternating hydrophobic and hydrophilic domains. The alanine or
alanine-glycine rich hydrophobic domains assemble into b-sheets and form crystalline
regions through hydrophobic interactions and hydrogen bonding to provide high tensile
strength; the less ordered hydrophilic domains provide elasticity and increase toughness
[74, 75]. Recombinant polypeptides composed of consensus units derived from silkworm
and spider silks have been genetically engineered, biosynthesized, and processed into
fibers, films, foams, and hydrogels that can be potentially used as scaffolds in tissue
engineering. Since spider silks have extraordinary mechanical properties, the consensus
units derived from the Major Spidroin dragline types I and II of N. clavipes spiders (MaSp1
andMaSp2) and from the major ampullate silks of Araneus diadematus spiders (ADF-3 and
ADF-4) have attracted considerable interest [76].

Molecular engineering approaches allow incorporation of cell adhesion motifs, which do
not exist in natural silks, into silk-based polypeptides. Introduction of the cell adhesion
property in artificial ECMs is essential in tissue engineering, because most tissues include
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anchorage-dependent cells whose adhesion to ECMs modulates their spreading, migration,
proliferation, differentiation, and survival, and consequently tissue engineering outcomes.
The cell adhesion motifs RGD and GER, which are derived from natural ECM proteins
fibronectin and collagen, have been genetically incorporated into recombinant silk-like
polypeptides [77, 78]. The materials constructed from these polypeptides significantly
enhanced cell adhesion. Adhesive peptides derived from other sources have also been
used. A genetically engineered polypeptide combining the silk-like peptide (GAGAGS)3
and the adhesive sequence, AKPSYPPTYK, derived from mussel-adhesive proteins sup-
ported the adhesion of neonatal normal human dermal fibroblasts [79].

A novel chimeric protein combining a recombinant silk-like polypeptide and the
C-terminal portion of rat dentin matrix protein 1 (CDMP1), which plays an important
role in regulating nucleation and growth of hydroxyapatite in bone in vivo, has been
genetically engineered for bone regeneration [80]. The silk-like polypeptide in the chimeric
protein contained repeats of a consensus sequence derived from spider silk protein MaSp1
and retained its ability to self-assemble and form crystalline regions. The CDMP1 domain
retained its mineralization-inducing ability. Films fabricated from this chimeric protein
induced the formation of osteoconductive calcium hydroxyapatite in the presence of
simulated body fluids (Fig. 9.2). This novel polypeptide material has great potential as an
artificial ECM for bone regeneration.

In addition to incorporation of cell adhesion and other bioactive domains/motifs, another
consideration in the molecular design of silk-based materials is to improve their mechanical
properties, which currently cannot match those of native silks. A MaSp1-based silk-like
polypeptide was further engineered to selectively replace a dipeptide AAwith CC [81]. The
introduced intermolecular disulfide bridges resulted in an approximately 50% increase in
the tensile modulus. In another study, recombinant silk-like polypeptides composed of an
elastic motif, either the (GPGGA)4 or the [(GPGGY)(GPGGS)]2 peptide derived from the
flagelliform protein, and an alanine-rich strength motif, the GGPSGPGS(A)8 peptide
derived from the dragline silk MaSp2 protein, were genetically engineered [82]. It was
found that the choice of the fifth and tenth amino acid residues in the elastic motif had a
profound impact on the b-sheet structure of the alanine-rich motif and consequently the
mechanical properties of the polypeptide materials. Polypeptides having tyrosine and serine
residues on these positions had a more stable b-sheet structure of the alanine-rich segments
and higher tensile strength and toughness than those having alanine residues on these
positions, probably because tyrosine and serine provided hydrogen bonding interactions
to facilitate b-sheet formation. These results encourage further rational design on the
molecular level to improve mechanical properties of engineered silk-like polypeptide
materials.

Silk-based polypeptides have also been engineered on the molecular level to improve
their compatibility with aqueous-phase processing, which is desirable for tissue engineering
applications because potential detrimental effects of residual organic solvents can be
avoided. Most silk-based polypeptides have poor aqueous solubility and have to be dis-
solved in organic solvents for material processing. In contrast, highly concentrated aqueous
solutions of silk proteins can be maintained in vivo, where b-sheet assembly is tightly
regulated through various chemical and mechanical mechanisms [74]. To mimic such
exquisite control of b-sheet assembly and improve aqueous solubility, a redox-responsive
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Fig. 9.2 Surface morphologies and the composition of the mineral deposition on the surfaces
of recombinant spider silk films soaked in simulated body fluids for various periods of time. (A1)–
(A5) Silk-like polypeptide fused with CDMP1. (B1)–(B5) Silk-like polypeptide with no CDMP1. At
21 days, the Ca/P ratio of the CDMP1-containing films was very close to the stoichiometric Ca/P
ratio of hydroxyapatite (1.67). Reprinted with permission from ref. [80]. Copyright 2007 Elsevier
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silk-like polypeptide was produced by introducing methionine residues to flank the hydro-
phobic AAAAA motif [83, 84]. Under oxidizing conditions, this polypeptide had high
aqueous solubility because the sulfoxides oxidized from the methionine residues interfered
with hydrophobic interactions and prevented b-sheet assembly. Subsequent reduction of the
oxidized methionine residues induced b-sheet assembly. In an alternative strategy, a peptide
substrate for the cyclic AMP-dependent protein kinase, RGYSLG, was introduced into a
silk-like polypeptide [85]. The phosphorylated serine residues inhibited hydrophobic inter-
actions and b-sheet assembly, leading to high aqueous solubility. Assembly of b-sheets could
be triggered by enzyme-mediated dephosphorylation.

Block copolypeptides composed of silk-like and elastin-like polypeptides have been
recombinantly engineered and successfully expressed in various hosts. These silk-elastin-
like protein polymers (SELPs) have high aqueous solubility and can be processed in the
aqueous phase. SELPs have combined properties of silk-inspired and elastin-inspired
polypeptides. The silk-like blocks provide high tensile strength and the elastin-like blocks
confer high elasticity. In addition, elastin-like blocks exhibiting temperature-responsive
phase transitions near physiological conditions can yield stimuli-responsive and in situ
forming SELP materials, which are potentially useful for cell encapsulation in 3D tissue
engineering. A recombinant SELP undergoing a temperature-responsive sol-to-gel transi-
tion near 37�C was engineered [86]. Human mesenchymal stem cells were encapsulated in
this material and cultured in chondrogenic medium for 4 weeks. Chondrocytic differentia-
tion was clearly observed, as indicated by accumulation of cartilage matrix sulfated
glycosaminoglycans and collagen II.

9.3.4
Polypeptide Materials Self-Assembled Through a-Helical Domains

The a-helical structure is one of the most common secondary structures in proteins.
Numerous natural or de novo designed a-helices have been used as building blocks to
construct novel biomaterials. These self-assembling domains not only provide mechanical
strength for materials, but also confer intelligent features through their stimuli-responsive
molecular recognition. Coiled-coils, the a-helices that self-assemble and wrap around each
other to form superhelical bundles, have attracted considerable attention in biomaterials
engineering. The primary sequences of coiled-coils are characterized by periodic repeats of
the heptad abcdefg, in which the a and d positions are occupied by hydrophobic residues
and the e and g positions are occupied by charged residues [87, 88]. Under native condi-
tions, coiled-coils adopt an a-helical secondary structure in which the hydrophobic residues
are aligned on a hydrophobic interface. Interstrand hydrophobic interactions provide the
primary driving force for self-assembly; and electrostatic interactions between charged
residues regulate the specificity and stability of molecular association. The hydrophilic
residues on the b, c, f sites are positioned at the exterior surface of assembled bundles and
are exposed to the aqueous environment. An extensively studied family of coiled-coils is
the leucine zipper family. The a and d positions in leucine zipper domains are mainly
occupied by leucine residues [87, 88].
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The self-assembly capacity of coiled-coils has been harnessed to construct hydrogels.
A triblock copolypeptide consisting of two identical terminal leucine zipper domains
flanking a hydrophilic polyelectrolyte segment was genetically engineered [89]. The leu-
cine zipper was de novo designed, comprising six heptads in which the residues on the a
and d positions were selected according to the Jun oncogene product. In aqueous solution
and near neutral pH, the leucine zipper domains associated into tetramers to provide
junction points; and the polyelectrolyte domain allowed water retention. The resulting 3D
hydrogel networks were reversible in response to changes in pH and temperature, depend-
ing on whether the leucine zipper domains were folded or denatured. The network structure
and material properties were further engineered by harnessing selective molecular recogni-
tion among distinct coiled-coils. When one terminal leucine zipper in the polypeptide
described above was replaced with another coiled-coil that did not associate with the
leucine zipper at the other terminus, intramolecular association was suppressed and the
cross-linking density in the network increased. The resulting hydrogels exhibited increased
stiffness and significantly reduced surface erosion rate [90].

Coiled-coils have also been used as associative domains to construct hybrid hydrogels
consisting of both polypeptides and traditional synthetic polymers. When a linear hydro-
philic copolymer of N-(2-hydroxypropyl)-methacrylamide (HPMA) was decorated with
pendant metal-chelating iminodiacetate-Ni2+ ligands and mixed with histidine-tagged tet-
rameric or dimeric coiled-coils, highly swollen hydrogels formed through the interactions
between the histidine tag and the iminodiacetate-Ni2+ ligand [91]. Coiled-coil bundles
served as multifunctional cross-linkers in these hydrogels. In another molecular design, a
pair of coiled-coils that possessed opposite charges and could heterodimerize in the
antiparallel orientation were used to functionalize a linear hydrophilic copolymer of
HPMA, respectively [92]. When the two modified polymers were mixed in PBS at neutral
pH, heterodimerization of the coiled-coils directed in situ formation of hydrogels at a
polymer concentration as low as 0.1 wt%. The coiled-coils heterodimerizing in the antipar-
allel orientation were chosen purposely to reduce the steric hindrance during the self-
assembling process. These in situ forming hydrogels can be potentially used as artificial
ECMs in tissue engineering.

Most hydrogels assembled through coiled-coils have not been tested for their immuno-
logical compatibility. To prepare materials that do not elicit adverse immune responses in
tissue engineering applications, a coiled-coil derived from human fibrin, the provisional
scaffold during natural wound healing processes, was used as a starting domain for rational
modification [93]. The solvent-exposed residues on the b, c, f positions were left intact so
that the assembled coiled-coil bundles would have the similar surface and biocompability as
their natural counterparts. But the residues buried in the hydrophobic core were replaced
with more hydrophobic residues to provide a stronger driving force for the assembly of
coiled-coil bundles. The improved stability of the coiled-coil bundles was expected to
enhance the mechanical properties of hydrogels when these bundles served as junction
points in networks. This engineered coiled-coil was conjugated to the two ends of a poly
(ethylene glycol) (PEG) chain and the resulting triblock hybrid polymer formed hydrogels
under physiological conditions. Further studies are needed to determine whether these
hydrogels exhibit a low level of or no immunogenicity as designed originally.
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Rationally designed coiled-coil polypeptides can self-assemble into fibrous materials as
well. Two complementary coiled-coils were designed to form staggered heterodimers
having sticky ends for longitudinal assembly [94]. To guide the formation of staggered
heterodimers, two molecular characteristics were introduced: lysine residues were included
in the N-terminal half and glutamic acid residues were included in the C-terminal half of
each polypeptide to promote the formation of staggered heterodimers through electrostatic
interactions; a single asparagine residue was placed at a different a site in each polypeptide
to foster parallel heterodimeric association directed by hydrogen bonding between aspara-
gine residues, and the parallel orientation facilitates the formation of staggered heterodi-
mers. The resulting staggered heterodimers possessed sticky overhangs that had
complementary charges and the propensity to form a coiled-coil structure, and therefore
they assembled longitudinally into fibrils several hundred micrometers long. These fibrils
further associated laterally to form thicker fibers owing to the periodic and alternating
charged patches on the surface. To make these fibrous materials more suitable for tissue
engineering applications, further molecular engineering was performed [95]. In one
improved molecular design, two acidic aspartic acid residues were placed in consecutive
b sites in one polypeptide and two basic arginine residues were placed in consecutive c sites
in the other polypeptide. The additional charges introduced through these residues
enhanced fibril–fibril interactions and lateral assembly, leading to thicker fibers having
higher mechanical strength. Another improvement was made by introducing an extra
heptad into each polypeptide to increase hydrophobic overlap between the two heterodi-
merizing polypeptides. The resulting fibrous structure exhibited enhanced stability under
physiological conditions. To demonstrate that bioactive functionalities can be incorporated
into these fibrous materials, a lysine residue at the solvent-exposed f position was modified
to introduce two small-molecule baits, biotin and the FLAG tag (DYKDDDDK), respec-
tively [96]. The modification did not affect the structure and assembly of the polypeptides.
The incorporated biotin and FLAG tag were presented on the surface of fibers and exposed
to the solution phase, as indicated by their ability to capture streptavidin and anti-FLAG
antibody, respectively, from the solution.

Self-assembling a-helical domains other than coiled-coils have also been used as
building blocks to engineer novel biomaterials for tissue engineering applications. Hydro-
gel-forming diblock copolypeptides consisting of a hydrophobic a-helical domain and a
hydrophilic polyelectrolyte domain were designed and chemically synthesized [97–99].
The a-helical domain was poly(L-leucine) and the polyelectrolyte domain was poly
(L-lysine) or poly(L-glutamic acid). Both domains were indispensible for hydrogel forma-
tion, and their molecular characteristics determined the properties of resulting hydrogels.
The helical conformation of the hydrophobic segment was essential for the gel-forming
ability: when this segment had 10 leucine residues and was too short to form a complete a-
helical structure, hydrogels did not form; when it comprised more than 20 leucine residues
and adopted a complete a-helical structure, hydrogels formed. The minimum gelation
concentration decreased and the hydrogel stiffness increased with the increasing length of
the poly-leucine segment. The polyelectrolyte domain was also critical for hydrogel
formation. It served two important roles: its hydrophilic nature facilitated water retention;
and it provided electrostatic repulsion so that the a-helical domain did not assemble into
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2-dimensional sheets. The presence of the polyelectrolyte domain forced the sheets assem-
bled from the a-helical domain to twist into fibrillar tapes tominimize energy, resulting in 3D
hydrogels [100]. The gel-forming ability and the hydrogel stiffness increased significantly
with the increasing length of the polyelectrolyte segment. The hydrogels assembled from
these diblock copolypeptides had good biocompatibility, as revealed from both in vitro and
in vivo studies. They exhibited no cytotoxicity toward 3T3 fibroblasts in vitro [98].When the
hydrogels having similar stiffness as brain tissue were injected into mouse forebrain, they
stimulated the same degree of gliosis, inflammation, and toxicity as a physiological saline
control [101]. In-growth of blood vessels, glial cells, and nerve fibers were observed for
several formulations. Cell infiltration appeared to be dependent on the amino acid composi-
tions of the polypeptides: hydrogels formed from 2% E180L20 showed significantly higher
potency in enhancing cell infiltration than those formed from 3% K180L20. The results
suggest that these hydrogels are promising artificial ECM materials for tissue repair in the
central nervous system.

9.3.5
Bioactive and Dynamic Materials

Polypeptide-based materials are attractive in tissue engineering because polypeptide
domains and motifs not only can serve as structural building blocks to provide mechanical
strength, but also offer numerous possibilities to create novel bioactive and dynamic
materials. The success of tissue engineering relies on our ability to mimic in vivo extracel-
lular microenvironments, which are complex and dynamic, with all the physical and
biochemical signals tightly regulated at the right level, place, and time. Using engineered
biomaterials to define artificial extracellular microenvironments is an important strategy in
tissue engineering. However, currently available biomaterials provide a limited ability to
recapitulate the essential characteristics of natural extracellular microenvironments. For
example, it remains a challenge to engineer temporally regulated extracellular microenvi-
ronments. Polypeptide-based materials have advantages over conventional synthetic poly-
mers in engineering bioactive and dynamic materials, because naturally occurring proteins
perform a wide variety of functions ranging from providing adhesive and bioactive moieties
to presenting, sensing, and responding to signals. Their ability to perform complex and
smart functions is conferred by precisely-controlled and stimuli-responsive structures
and biomolecular recognition. Engineered polypeptide materials inspired by the proteins
that construct the molecular apparatus in natural biological systems can recapitulate these
remarkable structural and functional features, allowing us to create artificial extracellular
microenvironments that closely mimic their natural counterparts.

A variety of polypeptide-based bioactive materials have been constructed and used for
tissue engineering applications. Engineered polypeptides containing cell adhesion motifs
have been developed, as discussed in previous sections of this chapter. These materials
are bioactive because the adhesion motifs, such as RGD and GER, not only allow cells
to attach, but also play important roles in regulating intracellular signaling [102]. Cell
adhesion through these motifs has profound influences on cell spreading, migration,
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proliferation, differentiation, and survival, regulated through various biochemical, physi-
cal, and mechanical mechanisms. Polypeptide materials exhibiting other bioactivities
have also been engineered. The chimera composed of a silk-like polypeptide and a
CDMP1 domain (discussed in Sect. 9.3.3) is one example [80]. Polypeptides are impor-
tant building elements in engineering bioactive materials presenting immobilized signal-
ing molecules. A recombinantly engineered chimeric protein composed of EGF and an
acidic coiled-coil was efficiently grafted on a surface functionalized with a basic coiled-
coil that heterodimerized with the acidic coiled-coil [103, 104]. Such surface-immobilized
EGF stimulated phosphorylation of the EGF receptor in cells plated on the surface more
efficiently than randomly immobilized EGF, probably because the EGF immobilized
through coiled-coil heterodimerization was oriented more properly. When the basic
coiled-coil used to functionalize the surface was also fused to EGF, heterodimerization
of coiled-coils led to the formation of dimeric EGF. This material enhanced the expansion
efficiency of neural stem cells [105].

Controlled release of bioactive agents, such as soluble growth factors and the genes
encoding bioactive proteins, is an important strategy to improve tissue engineering out-
comes. The release of bioactive agents encapsulated in artificial ECMs can be controlled
through tuning the ECM structures and properties. One advantage of polypeptide-based
artificial ECMs is that their structures and properties can be precisely and systematically
engineered. Therefore, polypeptide materials have a great potential to serve a dual role of
artificial ECM and controlled release system in tissue engineering. The release rate of agents
encapsulated in silk-elastinlike polypeptide hydrogels was examined to evaluate the poten-
tial of these materials for such use [106]. It was found that the release rate can be tuned
through the control of the molecular structures of the polypeptides and consequently the
microstructure and swelling behavior of the hydrogels. Polypeptide materials have also
been rationally engineered for gene delivery [107, 108]. These recombinant polypeptides
include lysine residues to condense DNA and histidine residues to promote endosomal
escape of internalized DNA. In some cases nuclear localization sequence peptides are also
incorporated to enhance transfection efficiency. The transfection efficiency mediated by
these polypeptide materials is comparable or superior to that mediated by polyethylenimine
(PEI). In contrast to PEI, which has high cytotoxicity, these polypeptide-based gene
delivery agents exhibit minimal toxic effects.

Polypeptide-based hydrogels having enzymatic activities have been engineered. Two
genetically engineered polypeptides formed bioelectrocatalytic hydrogels [109]. One was a
triblock polypeptide consisting of two terminal leucine zipper domains and a random coil
hydrophilic midblock. This polypeptide also contained a histidine tag on which a redox
moiety, an osmium bis-bipyrdine complex, was attached to confer electron-conducting
functionality. The other polypeptide was a chimera consisting of a polyphenol oxidase, a
hydrophilic random coil, and a leucine zipper. When these two polypeptides were mixed,
self-assembly of the leucine zipper domains resulted in hydrogel networks in which
polyphenol oxidase was attached to the physical junction points. The polyphenol oxidase
in these hydrogels retained its enzymatic activity and was able to catalyze the reduction
of dioxygen to water. In the presence of oxygen, a catalytic current was generated in
polarized hydrogels. These hydrogels were not designed specifically for tissue engineering
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applications, but the method could be readily adapted to engineer artificial ECM materials
that need certain enzymatic activities.

Peptide substrates for proteolytic cleavage can be readily incorporated into polypeptide-
based materials to make them biodegradable. Degradable materials are desirable in tissue
engineering, because the aim of using artificial ECMs is to provide temporal mechanical
support and define extracellular microenvironments to guide tissue regeneration and remo-
deling rather than to retain these materials permanently. A polypeptide containing a plasmin
degradation site derived from human fibrinogen, a matrix metalloproteinase (MMP) cleav-
age site derived from human collagen, a cell adhesion RGD motif, and three
cysteine residues was genetically engineered [110, 111]. This polypeptide reacted with a
PEG having two terminal vinyl sulfone groups through a Michael-type addition reaction
to yield in situ forming hybrid hydrogels. These hydrogels were degradable through the
mediation of cell-secreted plasmin and MMP. When a hybrid hydrogel encapsulating bone
morphogenetic protein-2 was implanted into a critical-sized defect in a rat calvarial defect
model, cell infiltration and bone regeneration was observed. In contrast, a nondegradable
control hydrogel having no proteolytic sites remained intact and did not support 3D bone
regeneration.

Dynamic hydrogels that sense biochemical components in solutions and convert these
signals into reversible changes in material properties have been engineered by incorpor-
ating calmodulin (CaM) into 3D networks. CaM adopts an extended, dumbbell-shaped
conformation upon binding Ca2+, and such conformation permits further binding with
other ligands (such as trifluoperazine, phenothiazine, and some peptides) and the second
binding event results in a collapsed conformation. The conformational changes associated
with these molecular binding events are large and reversible. CaM and its ligand pheno-
thiazine were both incorporated into a polymeric hydrogel as pendant moieties [112]. In
the presence of Ca2+, CaM sequentially bound to Ca2+ and phenothiazine and underwent
conformational changes. The resulting hydrogels exhibited increased cross-linking den-
sity, reduced volume, and reduced permeability to vitamin B12. Removal of Ca2+ by a
chelating reagent allowed the material properties to recover. In another molecular design
strategy, CaM was genetically modified so that the tyrosine residues at positions 34 and
110, which were 50 Å apart in the extended conformation and 15 Å apart in the collapsed
conformation, were replaced with cysteine residues. The modified CaM was allowed to
react with an acrylate-terminated, four-arm PEG through a Michael-type addition reaction
between thiol and acrylate, yielding hydrogels [113, 114]. Alternatively, the modified
CaM was conjugated with PEG-diacrylate (PEGDA) in large excess of PEGDA, resulting
in an acrylate-terminated PEG-CaM-PEG conjugate that could be photo-cross-linked into
hydrogels upon exposure to long wavelength ultraviolet light [115]. The CaM
incorporated in the hydrogel networks functioned normally: in the presence of both Ca2+

and a second binding ligand, the hydrogel volume decreased significantly; removal of Ca2+

by a chelating reagent allowed the volume to recover. The ability of the photo-cross-
linked dynamic hydrogels to control the release of vascular endothelial growth factors
(VEGF) in response to a biochemical ligand trifluoperazine (TFP) was demonstrated
[116]. The conformational change of CaM induced by TFP caused a collapse in hydrogel
volume, increasing the release of encapsulated VEGF (Fig. 9.3). Genetically engineered
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triblock copolypeptides composed of CaM and associative polypeptide domains were also
used to construct CaM-containing hydrogels [117]. These entirely polypeptide-based
materials offer additional advantages of having precisely-controlled structure and proper-
ties. These dynamic hydrogels, either hybrid or purely polypeptide-based, have not been
used in tissue engineering except the study on regulation of VEGF release. But the success
of engineering such ligand-responsive dynamic hydrogels demonstrated the great potential
of exploiting the intelligent molecular properties of natural proteins and their domains to
create novel dynamic materials.

Fig. 9.3 Modulation of growth factor release from calmodulin-containing dynamic hydrogels.
(a) Schematic illustration of the hydrogel-forming polymer. (b) Schematic illustration of ligand-
responsive release of encapsulated drugs. (c) A hydrogel in its swollen, collapsed, and recovered
state. (d and e) Regulation of VEGF release by addition of ligand trifluoperazine. Reprinted with
permission from [116]. Copyright 2009 The Royal Society of Chemistry
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9.3.6
Biosynthetic Incorporation of Non-natural Amino Acid Analogs
for Engineering Polypeptide Materials

The recent advances in biosynthetic incorporation of non-natural amino acid analogs have
expanded our ability to engineer polypeptide-based materials. A variety of amino acid
analogs having characteristics and functionalities that do not exist in the 20 canonical amino
acids have been introduced into polypeptide chains either globally or at specific single or
multiple sites during biosynthesis. The resulting polypeptides exhibit novel physical and
chemical properties that cannot be conferred by natural amino acids. Various strategies have
been used to incorporate these analogs. Some methods simply involve replacement of a
natural amino acid with an analog in the culture medium and using an auxotrophic
expression strain that does not synthesize that natural amino acid [118, 119]. Some methods
require manipulation of the aminoacyl tRNA synthetase in the expression host, including
over-expression of the wild-type synthetase or introduction of an engineered mutant
synthetase that has an altered binding pocket and allows more efficient incorporation of
the analog [120].

Fluorinated amino acid analogs of hydrophobic residues, such as 5,5,5-trifluoroleucine,
hexafluoroleucine, 5,5,5-trifluoroisoleucine, 4,4,4-trifluorovaline, and fluoroproline, were
incorporated into recombinant coiled-coils and elastin-like polypeptides in bacterial expres-
sion hosts [121–125]. The physical properties of these biosynthesized polypeptides were
modified as compared to their counterparts composed of only natural amino acids. Intro-
duction of hyperhydrophobic analogs to the a and/or d positions of coiled-coils resulted in
an increased driving force for self-assembly, and the self-assembled structures exhibited
enhanced stability against thermal and chemical denaturation [121–123]. Incorporation of
fluoroproline into ELPs resulted in a shift in the inverse phase transition temperature [124,
125]. Coiled-coils and ELPs are both important building blocks to engineer hydrogels and
fibrous materials that can potentially be used as artificial ECMs. The ability to incorporate
hyperhydrophobic analogs and modify the physical properties and assembly behavior of
these polypeptides may offer opportunities to engineer novel materials having improved
properties for tissue engineering applications.

Physical properties other than structural and mechanical properties can also be engi-
neered through incorporation of non-natural amino acid analogs. A polypeptide-based
polythiophene was synthesized by incorporating a thiophene-containing phenylalanine
analog, 3-thienylalanine, to substitute the phenylalanine residues in a silk-mimetic poly-
peptide [(AG)3GF]13 [126]. Polythiophenes are extensively studied conducting polymers
that have a wide range of applications. The polypeptide-based polythiophene prepared
through biosynthesis has potential applications in repairing and regenerating damaged
neural and cardiac tissues.

Incorporation of non-natural amino acid analogs not only allows the physical properties
of polypeptide materials to be engineered, but also provides the opportunity to introduce a
variety of chemical functionalities to enable orthogonal chemical reaction and modification.
Preparation of bioactive materials to elicit specific cell responses in tissue engineering often
involves protein modification. Site-specific modification of proteins consisting of only
natural amino acids is difficult, and non-specific side reactions sometimes compromise
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protein structures and functions. Versatile chemical functionalities introduced through non-
natural amino acid analogs enable orthogonal chemical modifications that allow protein
structures and functions to remain intact, opening a new avenue to engineer novel bioactive
and functional materials.

Analogs containing an alkyne or azide group are particularly attractive, because these
functional groups allow azide-alkyne cycloaddition click chemistry and Staudinger ligation,
which are orthogonal to natural amino acids and can be performed under physiologically
compatible conditions and even in living systems. The alkyne-bearing p-ethynylphenyla-
lanine was successfully incorporated to the sites encoded for phenylalanine when proteins
were expressed in a phenylalanine auxotrophic E. coli strain that over-expressed the A294G
mutant of phenylalanyl-tRNA synthetase, which had an enlarged binding pocket [120,
127]. Incorporation of p-ethynylphenylalanine was detected by azidocoumarin dye through
Cu(I)-catalyzed azide-alkyne cycloaddition. The azide-bearing azidohomoalanine (AHA, a
methionine surrogate) was also successfully incorporated to substitute methionine residues
with high efficiency [119, 128, 129]. Protein expression was performed in methionine
auxotrophic E. coli hosts that produced endogenous or over-expressed methionine-tRNA
synthetase. When the model protein DHFR was expressed in medium supplemented with
AHA and depleted with methionine, 95% of methionine residues were substituted with
AHA even with the endogenous level of methionine-tRNA synthetase [119]. The resulting
azide-containing DHFR was modified by a triarylphosphine-FLAG conjugate through
Staudinger ligation, as revealed by the detection with anti-FLAG antibody. AHAwas also
incorporated into an outer membrane protein of E. coli, which displayed azide moieties at
the cell surface and were selectively labeled by alkyne-containing reagents through azide-
alkyne cycloaddition chemistry [130].

The photoreactive analog p-azidophenylalanine (pN3Phe) was incorporated into
recombinant polypeptides to substitute phenylalanine and produce materials that allowed
modification or processing through photoreactions [120, 131–133]. Protein expression
was performed in a phenylalanine auxotrophic E. coli strain that over-expressed the
A294G mutant of phenylalanyl-tRNA synthetase. Incorporation of pN3Phe in an ELP
containing repeats of (VPGVG)2VPGFG(VPGVG)2 and the fibronectin-derived CS5 cell
adhesion motif resulted in a photo-cross-linkable ELP, which could potentially be pro-
cessed into vascular graft materials [131, 132] (Fig. 9.4). The elastic modulus of the films
photo-cross-linked from this polypeptide could be controlled in the range of 0.14–
1.39 MPa through tuning the analog substitution level during biosynthesis and/or the
light irradiation time during the photo-cross-linking process. The possibility to prepare a
film having step gradients of stiffness from this polypeptide was demonstrated by
irradiating different portions of a polypeptide solution for different periods of time
[132]. This pN3Phe-containing ELP was also micropatterned on surfaces using a photo-
lithographic method and the resulting substrates allowed cell adhesion at selective loca-
tions to create cell arrays [131]. Incorporation of pN3Phe was also performed for a
diblock copolypeptide consisting of an ELP sequence [(VPGVG)2VPGFG (VPGVG)2]5
and an acidic coiled-coil domain [133]. The resulting polypeptide was spin-coated
on a hydrophobic surface above the phase transition temperature of the ELP to allow
its adhesion to the surface through hydrophobic interaction. This physical interaction
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brought the photoreactive pN3Phe close to the surface, and subsequent UV irradiation
resulted in covalent immobilization of the polypeptide. The acidic coiled-coil domain in
the immobilized polypeptide was able to selectively capture molecules tagged with a
complementary basic coiled-coil from solution through coiled-coil heterodimerization.

9.4
Future Directions

Engineered polypeptide materials have unique properties that allow creation of well-
controlled and biomimetic artificial ECMs, providing many opportunities to advance the
field of tissue engineering in both fundamental studies and technological developments.
Numerous naturally occurring and de novo designed protein and peptide domains/motifs
provide a tool box from which building blocks can be selected and combined to engineer
multifunctional biomaterials that enhance specific biological responses and tissue regener-
ation. The high degree of modularity of design and synthesis of these materials and the high
fidelity of biosynthetic apparatus allow systematic and precise control of their biochemical
and physical properties. Despite the great potential, the area of using engineered polypep-
tides as artificial ECMs in tissue engineering is still at a young stage. The full potential of

0.6
0.5
0.4
0.3
0.2
0.1

0
0

st
re

ss
 (

M
P

a)

20 40

53%

41%

30%

% Phe replacement

strain (%)

a

b c

Fig. 9.4 Preparation of photoreactive elastin-like polypeptide materials through incorporation of
non-natural amino acid analog p-azidophenylalanine. (a) Primary sequences of ELPs. (b) Uniaxial
tensile tests revealing the correlation between the elastic modulus of irradiated mold-cast films and
the level of analog substitution. (c) Confocal microscopy of fibroblasts attached to photolithograph-
ically micropatterned RGD-containing ELP. Reprinted with permission from [131]. Copyright 2007
American Chemical Society
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these materials has yet to be realized; many challenges need to be addressed. It is expected
that the tunable, modular, and precisely-controllable nature of these materials will allow
them to continue to make contributions in enabling systematic studies to enhance our
understanding of cell behavior and fate selection in response to their microenvironments.
Such understanding will provide valuable guidelines for the design of future generations of
artificial ECMs to improve tissue engineering outcomes. It is also expected that more novel
materials will be developed by harnessing diverse, bioactive, and smart proteins and protein
domains that perform important and intelligent functions in biological systems and by
utilizing new technologies in protein engineering such as biosynthetic incorporation of non-
natural amino acid analogs. These novel materials will provide opportunities to more
closely mimic the complex and dynamic in vivo extracellular microenvironments than
currently available technologies. It is envisioned that the use of engineered polypeptide
materials in tissue engineered products for in vitro applications, such as drug screening, will
not encounter insurmountable barriers. However, many challenges need to be addressed
before these materials can be used in implantable tissue engineered products. To date,
engineered polypeptides have been used in in vitro studies and preclinical animal studies.
No engineered polypeptides have been used in implantable commercial products. One
important issue that remains largely unexplored or inconclusive for most engineered
polypeptides is whether these materials elicit adverse immunogenic responses and what
are the potential strategies to address this if it is indeed a problem. In addition, further
improvement in synthesis yields, reduction in cost, and enhancement in the stability and
shelf-life of polypeptide materials are other issues that need to be solved for successful use
of these materials in commercial products.

Amino acids

A Alanine
C Cysteine
D Aspartic acid
E Glutamic acid
F Phenyl alanine
G Glycine
I Isoleucine
K Lysine
L Leucine
P Proline
Q Glutamine
R Arginine
S Serine
V Valine
Y Tyrosine
T Threonine
Hyp Hydroxyproline
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Abstract Articular cartilage provides the surface of articulating joints with frictionless
movement while absorbing loading forces. The tissue’s extracellular matrix (ECM) is
comprised mainly of type II collagen and proteoglycans which are maintained by chon-
drocytes, the resident cell population. Cartilage is a structurally complex tissue, with zones
that exhibit different cell morphologies and extracellular matrix structure depending on
distance from the articulating surface. The tissue is both alymphatic and avascular. All
nutrient, oxygen, and waste exchange occurs through diffusion. This, along with low cell
density and proliferation, contributes to the tissue’s limited ability to repair ECM damage.
The high number of people suffering from arthritis has led to a plethora of cartilage
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engineering research. Recent efforts have focused on aiding the body in cartilage restoration
through both cell-based and acellular biomaterials. A variety of synthetic and natural
polymers have been created for this purpose, each with their benefits and drawbacks. To
date, an ideal biomaterial has yet to be created that can optimally repair or regenerate
damaged cartilage. Here we highlight current biomaterial trends in cartilage engineering
and examine future directions within the field.

Keywords Biomaterials l Cartilage engineering l Cartilage physiology l Cartilage repair

10.1
Cartilage Tissue: Structure, Function, and Disease

10.1.1
Cellular and Extracellular Matrix Components

Articular cartilage, typically 2–5 mm thick, is found on the surface of articulating joints
throughout the body. Articular cartilage, along with the synovial fluid found inside the joint,
provides frictionless movement between bones and absorbs loads during motion. The tissue
is maintained by chondrocytes, which is the resident cell population. Chondrocytes are
responsible for providing a balance between matrix synthesis and matrix breakdown, a
process which is disrupted during disease or injury. The tissue is sparsely populated with
cells; comprising less than 5% of the tissue volume [1]. Cartilage also lacks a lymphatic
system, nerve fibers, or blood supply. As a result, all nutrient and waste exchange must
occur through diffusion from the synovial fluid. Low cell density and the limited exchange
of both waste and nutrients both play key roles in the limited ability of cartilage tissue to
repair itself once injured.

10.1.1.1
Composition

Approximately 95% cartilage tissue is comprised of its extracellular matrix (ECM) – which
the cells sustain. The ECM is a dense collagen and proteoglycan interconnected structure.
Chondrocytes are linked to the ECM through cell-surface binding proteins. These connec-
tions allow cells to respond to the mechanical forced felt within the ECM [2, 3].

Approximately 10–20% of the wet weight of the tissue is collagen. The collagen
network is comprised mainly of type II collagen fibers; up to 90% of the total collagen
content is type II collagen which is crosslinked by covalent bonds throughout the tissue.
The type II collagen fiber is a triple helix of identical polypeptide a1(II) chains,
approximately 300 nm in length. Minor collagen types make up the rest of the tissue’s
collagen content and include collagen type IX, XI, and X. Each type of collagen has a
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different function within the ECM. Type IX collagen is a short fibrillar collagen that
helps connect the type II collagen network to proteoglycans. Type XI collagen is also a
fiber formed with three distinct a-chains. Type XI forms co-polymers with type II
collagen and acts to regulate fibril diameter, form bridges between fibrils, and even
crosslinks to itself to increase the mechanical stability of the ECM. Type X collagen is a
short helix molecule produced only by hypertrophic cells in the calcified tissue which
divides articular cartilage from the underlying subchondral bone [1, 3–5].

In addition to collagen, the cartilage ECM is comprised of minor and major proteogly-
cans. Minor proteoglycans within the ECM include decorin, biglycan, and fibromodulin.
These small proteoglycans bind to other molecules and help the stabilized the overall matrix
structure. Aggrecan is the major proteoglycan in the ECM. Aggrecan contains many
branched glycosaminoglycans (GAGs) – primarily keratin sulfate (KS) and chondroitin
sulfate (CS). The densely packed GAGs branch off of a central aggrecan backbone and give
the molecule a molecular weight of 250,000 Da. Each molecule contains about 100 CS
chains and 60 KS chains, and repeating sulfate groups in both give each aggrecan molecule
a large negative charge [1, 2, 4].

The aggrecan molecule is bound to a long unbranched hyaluronic acid (HA) chain via a
link protein. Hyaluronic acid is polysaccharide chain with an average molecule weight of
several million Daltons, with the addition of many aggrecan molecules linked to this
backbone the aggregate molecular weight can reach up to several hundred million Daltons.
The networks of HA chains linked to aggrecan molecules are entrapped within the collagen
network to give cartilage an intricately organized ECM structure [1, 2, 5].

The complex ECM is maintained by the chondrocyte cell population. Chondrocytes
have limited cell-to-cell communication, and as a result each cell acts as somewhat of
an individual – maintaining only the tissue immediately surrounding it. Cells receive
information through both mechanical forces and interactions with growth factors and
cytokines. The ECM directly surrounding a cell is called the pericellular or lacunar
matrix. This area contains an abundance of proteoglycans and few collagen fibers.
Directly outside this region is the territorial or capsular matrix – which encapsulates
the cell or a group of cells. The chondrocyte exists in a low oxygen environment, and
as a result its metabolism is driven by anaerobic pathways, mainly glycolysis.
Although chondrocytes produce ECM components, they usually do not divide past
adolescence. Low cell density and division both contribute to the tissue’s limited repair
capability [6–8].

10.1.1.2
Structure

In addition to cellular components and a complex extracellular matrix articular cartilage
also contains three distinct zones. Each zone has a distinct cellular phenotype and ECM
organization. The superficial, or tangential zone, contains the articulating surface of the
joint and extents to about 10% of the total tissue depth. The middle, or transitional zone,
comprises approximately the middle 70% of the tissue depth and is followed by the deep, or
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basal, zone which is the bottom 20% of articular cartilage. Below the deep zone lies the
tidemark – below which the tissue becomes calcified and eventually turns into subchondral
bone. The calcified zone contains few blood vessels and effectively blocks the diffusion of
nutrients and waste between the subchondral bone and the deep zone of the articular
cartilage [4, 9, 10].

The superficial zone is marked by cells and collagen fibers that are oriented parallel to
the articulating surface. These cells are smaller than those of the other zones, thin, and disc
shaped. The cell density is the highest in this zone, however the proteoglycan content is the
lowest. The water content of the superficial zone is the lowest, with approximately 65% of
the total water weight of cartilage found in the lower two zones [2, 11, 12]. The densely
packed collagen fibers are small in diameter and packed in bundles parallel to the articulat-
ing surface. The tight organization of the superficial layer is thought to act as a boundary to
block any large, unwanted molecules from the synovial fluid [13]. The superficial zone cells
are the only cells to secret superficial zone protein; a lubricating protein secreted into the
synovial fluid [14].

The middle zone contains larger and more rounded chondrocytes. The cells, along with
the collagen fibers are randomly oriented and can often be found in clusters. Middle zone
chondrocytes produce higher levels of proteoglycans than superficial cells, and the cellular
density here is lower than in the superficial zone [11, 15].

Deep zone cells are oval in shape, and the cells along with collagen fibers are oriented in
vertical columns perpendicular to the articulating surface. The deep zone cells produces
elevated levels of collagen and proteoglycans compared to the superficial cells. This zone
also has a lower cell density, approximately one third of that of the superficial zone.
Figure 10.1 shows histological staining for primary bovine chondrocytes isolated from
the three tissue zones [2, 11].

10.1.2
Proper Tissue Function and Response to Stress

Cartilage can withstand large numbers of repetitive strains over many years. For the tissue
to function properly many critical biological relationships must remain in balance. Some
key processes include the metabolic activity of the chondrocytes (the balance between
matrix synthesis and breakdown), proper cell secretion and concentration of hormones,
production of growth factors and cytokines, and proper distribution of mechanical loading
by the ECM.

The integrity of the proteoglycan and collagen networks are critical for proper function
of cartilage tissue. The collagen network provides tensile strength, and the proteoglycans
are critical for resisting compressive loading. The net negative charges on each proteogly-
can, from the presence of the GAG groups, give the tissue a high osmolality. Negative
charges attract cations, which further raises the osmolality, which in turn increase water
uptake. The result is a high osmotic tissue pressure (350–450 mOsm), however the strong
type II collagen matrix prevents the tissue from swelling. High osmostic pressure results in
cartilage tissue being approximately 70% water [2, 16, 17].
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During joint loading this high tissue pressure resists load and deformation, however a
small amount of water is pushed outside the tissue into the joint. Here, this liquid helps to
further resist friction and assists in the smooth motion of the joint. In addition, this liquid
absorbs nutrients in the synovial cavity, and when the load is released the liquid flows back
into the tissue and delivers these nutrients. As a result, dynamic loading stimulates matrix
production and is dependent on the amplitude and frequency of the load. Conversely, static
loading decreases the synthesis of certain matrix proteins. Therefore, just as proper tissue
structure is necessary for loading mechanics, healthy loading is also necessary for proper
tissue homeostasis [2, 16, 17].

Fig. 10.1 Hematoxylin and
eosin (H&E) staining of cells
isolation from (a) superfical,
(b) middle, and (c) deep zones
of bovine articular cartilage.
Cell nuclei are stained dark
violet, cell cytoplasm are
stained light pink, and
extracellular matrix is stained
slightly darker pink. Scale
bars all 100 mm
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10.1.3
Aged and Damaged Tissue

The natural aging process leaves cartilage less robust and with lower tensile strength as
early as the third decade of life. With age the metabolic activity of the chondrocytes is
altered; their ability to respond to growth factors and cytokines decreases. Compromised
mechanical properties and decreased activity of the chondrocytes leaves aged tissue more
susceptible to damage [13, 18].

Cartilage tissue can become damaged due to diseases such as arthritis or trauma which
results tissue injury. The limited cell population and reliance on diffusion for nutrients and
waste exchange make it difficult for chondrocytes to restore a damaged ECM. In unhealthy
tissue the balance between matrix production and breakdown is disrupted and a cycle of
tissue degradation ensues. Even minor tissue injuries usually do not fully repair, and leave
the cartilage more susceptible to the onset of disease [2, 19].

10.1.3.1
Disease

Arthritis is marked by degradation of cartilage and subchondral bone tissue which results in
joint pain and loss of motion. Arthritis can be divided into two major classes: inflammatory
rheumatoid arthritis (RA) and non-inflammatory osteoarthritis (OA). In both cases the
complex structure and biochemistry of the tissue becomes disrupted. OA is much more
common, and affects a large percentage of the elderly population. In fact, about two out of
three people over the age of 65 show radiographic signs of OA [20]. In both diseases
enzymes such as matrix metalloproteinases (MMPs) cleave the bonds that hold the matrix
together. Inflammatory rheumatoid arthritis is an autoimmune disease, while osteoarthritis
is a marked by degeneration of cartilage tissue. Due to its prevalence in society OA disease
and repair strategies will be discussed [6].

There is no uniform appearance or single pathogenic mechanism that marks OA. It can
present itself in a variety of appearances and is caused by a number of different factors.
Causes can include genetic defects, extended joint overloading or overuse, or joint mis-
alignment. OA can also onset as a result of trauma which results in direct injury to the joint
or surrounding ligaments. OA can potentially affect any articulating joint, and is classified
by pain, motion or gait problems, loss of ECM molecules into synovial fluid, loss of joint
cartilage, and tissue remodeling in the subchondral bone. Factors such as alcohol abuse,
obesity, and diabetes increase the risk for onset of OA [1, 3, 18].

Loss of integrity of the type II collagen network is an early ECM change during OA. An
increase in osmotic pressure results in swelling which causes proteoglycans to escape. A
reduction in the proteoglycan concentration lowers the tissue’s osmotic pressure, which
compromises its ability to resist loading. Once the process of matrix degradation has begun
it accelerates due to the tissues inherent limited ability to self-repair [2, 21].

Disruption in production of ECM components, signaling molecules, and cytokines is
also observed during disease [21]. In an attempt to combat matrix breakdown elevated
levels of minor proteoglycans are usually observed in the early stages of osteoarthritis. Type
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X collagen, usually only found in the calcified zone, can be found throughout the various
zones of articular cartilage with the progression of disease. Elevated levels of enzymes such
as MMPs cleave critical bonds in the collagen and proteoglycan matrices. Chondrocytes
begin producing a meta-stable form of type II collagen (type IIa collagen), which is
degraded before it can be functionally incorporated into the matrix [2, 13, 18].

Eventually the tissue becomes fragmented, with damaged areas alongside remaining
healthy tissue. Failed repair events are noticeable throughout the tissue in the form of local
accumulation of ECM precursor molecules (such as procollagen peptides), clumps of
chondrocytes entrapped by bundles of minor collagens, and chondrocyte dedifferentiation.
Damaged cartilage is heterogeneous, and can manifest itself in a variety of structural
disruptions. Loss of tissue height from the superficial and middle zones is a common
manifestation of OA [1, 3, 13, 18].

In the late states of the disease functional cartilage is gone, and areas of exposed bone-plate
can be observed. Cracks in the subchondral plate and formation of subchondral bone cysts also
occur. Gradually, bonemarrowwillmake its way to the region and a layer ofmechanically sub-
optimal fibrocartilage will replace the once health cartilage tissue [1, 3, 13].

10.1.3.2
Trauma

Trauma can occur due to a single excessive load, or repetitive joint overloading. Tissue
damage can occur in the form of a microfracture, where the damage to the articular surface
is not visible, or it can occur in the form of a visible tissue disruption of variable length. If
the damage penetrates through the tidemark and into the subchondral bone it is called an
osteochondral fracture [2]. Unfortunately, defects rarely repair themselves and only con-
tinue to grow worse with age. Most significant injuries to articular cartilage will result in the
eventual onset of OA. The healing potential and severity of disease are dependent on the
size and location of injury, as well as patient health and age [19].

10.1.4
Need for Repair and Regeneration Strategies

Many obstacles make treating arthritis and cartilage injuries challenging. For one, it is
difficult to repair a tissue lacking intrinsic repair mechanisms. Turnover in matrix proteins
is relatively low even in healthy tissue, in fact the half life of collagen and proteoglycans are
approximately 100 and 3–24 years respectively [22]. Additionally, there is no single reason
or way tissue degradation occurs – making treatment options hard to identify. Pain medica-
tion given to arthritic patients may relieve pain, but it does nothing to stop the tissue erosion
cycle. Some pain medications – such as non-steroidal anti-inflammatory drugs (NSAIDS) –
are even thought to hurt matrix production. Furthermore, therapies that target cell popula-
tions will be ineffective if the cells have already become phenotypically unstable and entered
hypertrophy or fibroblastic lineages [3]. Currently, engineered cartilage therapies are not
standard practice in treating cartilage defects. Standard of care still involves non-surgical

10 Cartilage Engineering: Current Status and Future Trends 285



interventions, or traditional surgical techniques. While these treatment methods have had
some successes, they have several key disadvantages in restoring healthy tissue.

10.2
Current Standards of Care and Limitations

10.2.1
Current Treatments in Cartilage Repair

To date there are many approaches for treatment of cartilage defects and OA, however an
ideal method is yet to be developed. The field has received much research attention, and
many new products are in various stages of clinical trials. Despite this, there is a fairly
limited range of treatments that are available on large scale. The estimated cost of OA and
cartilage defects in the United States is between 10 [20] and 65 [23] billion dollars annually
between loss of working days and medical treatments. Furthermore, more than one in eight
Americans over the age of 25 are thought to be affected with some form of the disease [24].

The main symptoms of OA are joint pain and loss of function. However, the disconnect
often observed between radiographic evidence of cartilage damage and experienced pain
presents a major challenge in patient care. In fact, more than half of patients with severe
radiographic evidence of OA report no pain [20]. The heterogeneity of the disease both in
its physical manifestations and in symptoms reported by patients make it hard to classify,
treat, and prevent.

The American College of Rheumatology (ACR), European League Against Rheuma-
tism (EULAR), and the Osteoarthritis Research Society International (OARSI) all recom-
mend the following progression of treatments: non-pharmacological, pharmacological, and
finally surgery. Patients should only move to the next treatment if the methods they are
using are ineffective and pain persists [20, 25].

10.2.1.1
Non-surgical

Non-pharmacological treatments include: weight reduction if necessary, education and self
management, physical therapy, aerobics, muscle strengthening, and acupuncture. Generally,
light exercise helps to reduce pain. If none of these methods are successful pharmacological
treatments should be used.

Drug administration can be divided into two groups: pain-reducing agents, and thera-
peutic agents. Pain reducing agents are used simply to manage patient pain in order to
improve functionality. Therapeutic agents also help to relieve pain and additionally aim to
stop matrix degradation and slow down disease progression.

The first line of pain-reducing agents are acetaminophen, NSAIDS, and cyclooxygenase-
2 (Cox-2) inhibitors. Acetaminophen is safe for long-term use in small doses however, it is
relatively weak and can have adverse effects on the liver.While NSAIDS and Cox-2 inhibitors
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are anti-inflammatory drugs, they are used in OAmanagement for their pain-relieving proper-
ties. If inflammation due to arthritis is present their use will be more effective. Neither should
be used long-term or in high doses, as they can have adverse cardiovascular effects. Patients at
risk for gastrointestinal complications should avoid NSAIDS and use a Cox-2 inhibitor, but
both should be used in as low doses as possible [20, 25].

More severe pain or flare-ups can be treated with corticosteroid injections or even
opioids. Injections should be limited to every 3–4 months as they can have adverse
metabolic effects and provide only short-term relief [26]. Opioids, which are effective
pain relievers should be used in low doses and only for severe cases [20, 25].

Therapeutic drugs which aim to retard matrix erosion include glucosamines, chondroitin
sulfate, S-adenosylmethionine (SAM), and hyaluronic acid. Glucosamines are thought to
have structural remodeling potential, but clinically have varying results. They are available
in either chloride or sulfate formulations, and after absorption are converted to salts. It is
recommended that patients try glucosamines for a few months and discontinue if no benefits
are observed. They have almost no side effects. Chondroitin sulfate, SAM, and hyaluronic
acid also have varying clinical reports success. SAM may increase GAG production in
chondrocytes, and has been reported to decrease pain – but this may be due to the drug’s
anti-depressant effects. Hyaluronic acid injections are reported to decrease pain and
improve functionality but are not effective in severe cases of matrix degradation or limb
misalignment. Rarely are adverse effects observed, but pain and infection at the injection
site has been reported [20, 25, 27].

Several new compounds are in various stages of research investigation including inhibitors
of MMPs, a new class of drugs called disease-modifying osteoarthritis drugs (DMOAD), and
the use of growth factors [25].However, there is currently no ideal drug, or cocktail of drugs for
relieving pain, improving functionality, and stopping or reversing matrix destruction. The
diverse nature of OA makes a single optimal treatment path difficult to identify.

10.2.1.2
Surgical

When non-pharmacological and pharmacological treatment methods prove ineffective the
next step is surgical intervention. Surgical procedures can be broadly grouped into two
classes: non-regenerative treatments and tissue replacement/regenerative treatments. Non-
regenerative treatments aim to physically alter or remove the problem joint while regenera-
tive treatments attempt to replace or regenerate the damaged tissue.

Non-regenerative

Non-regenerative procedures include osteotomy, arthrodesis, and anthroplasty. Osteotomy
is usually performed for joint misalignment and involves the removal of bone to redistribute
loads to areas of healthy cartilage. Risk factors include hemorrhage, inflammation, and
nerve damage. Anthroplasty refers to total joint replacement and is reserved for the most
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severe cases when all other treatments have failed. Although this is a fairly common surgery
in the United States there is still a relatively large complication rate of 5.5%, most of which
is associated with post-operative infection. Arthrodesis is the induction of bone formation
between two bones to immobilize a joint. This is usually performed on the small joints
present in the hands and feet [25, 28].

Tissue Replacement/Regenerative

Traditionally surgery has been used as a last resort option. However, one of the biggest risk
factors for developing OA is the presence of cartilage defects. If these defects can been
treated early and successfully with regenerative therapies, onset of disease may be slowed.
Regenerative and replacement techniques can be subdivided into three groups: bone
marrow stimulation techniques, osteochondral transfer or grafts, and cell-based therapies
[25, 29].

Bone Marrow Stimulation
The most common marrow stimulation procedure is microfracture. During this opera-
tion micro-penetration of the subchondral bone plate fills the cartilage defect with
blood cells that contain a population of mesenchymal stem cells (MSCs). MSCs can
differentiate into chondrocytes, among other cell types. The result of MSCs populat-
ing the cartilage defect is the formation of fibro-cartilage tissue containing varying
amounts of type II collagen. The procedure has several advantages and drawbacks.
Advantages include limited invasiveness, low tissue morbidity, short recovery time,
and cost-effectiveness. The greatest level of success is observed in young, athletic
patients with early intervention. Drawbacks include formation of tissue lacking
structure and function of healthy cartilage. The fibro-cartilage layer provides limited
load-bearing capacity, is often much thinner than native tissue, does not fully inte-
grate with surrounding tissue, and often includes overgrowth of the subchondral bone.
A technique called enhanced microfracture attempts to address these drawbacks by
including growth factors which induce chondrogenesis of the MSC populations [19,
25, 29, 30].

Osteochondral Transfer/Grafts
Osteochondral transfer includes both autografts and allografts. Autografts involve
harvesting cartilage tissue from areas of low loading and transplanting to defects in
weight bearing sites. There are several drawbacks of this procedures including difficulty
in restoring proper joint architecture, pressure build up due to incongruity of restored
surfaces, donor site morbidity, lack of integration of grafted tissue, and altered joint
mechanics and load bearing capability. Allografts have the advantage of no donor site
morbidity, however all the same disadvantages exists, plus potential immune response
and transmission of disease [31].
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The most modern form of the osteochondral graft is a procedure called mosaicplasty.
This uses several small grafts to fill a single defect. Moscaicplasty treatment is most
successful in patients under 50 with no joint misalignment [19, 25].

Cell-Based Therapies
The first cell based therapy introduced was autologous chondrocyte implantation (ACI) in
1994. It has been used ever since with considerable success reported. The procedure has two
steps. First, chondrocytes are harvested from the patient, isolated, and expanded in in vitro
culture. Next, the expanded cell population is injected into a chondral defect. Despite
positive surgical outcomes the procedure has many disadvantages. Donor site morbidity,
the need for a second surgery, dislocation of cells implanted to defect, extended recovery,
loss of chondrocyte phenotype in monolayer, and the formation and fibrous repair tissue are
all limitations of the procedure [19, 22, 25, 29, 30].

A more advanced form of ACI, characterized chondrocyte implantation, uses the same
procedure but during in vitro culture identifies cells with genetic markers that indicate high
levels of matrix production. This technique has limited approval in Europe and has not yet
been approved in the United States [29].

10.2.2
Limitations of Current Standard Practices and Need
for Engineering Approaches

Despite the disadvantages of each, microfracture and mosaicplasty are currently the most
popular choice of surgical interventions for repair of cartilage defects [29]. The ACI
procedure is also popular, despite its challenges and potential complications [32]. The
current standard of care treatments for cartilage defects and osteoarthritis leave much to
be desired. There is no current treatment capable of thoroughly repairing cartilage defects
and regenerating tissue that demonstrates chemical and physical properties similar to native
cartilage. Tissue that is regenerated using current surgical methods is, at best, fibro-cartilage
repair tissue that provides limited load-bearing capabilities and as a result will degrade over
time [22, 25, 29, 30].

The primary challenge of tissue engineering solutions is to regenerate cartilage tissue
with composition, structure, and function comparable to that of native tissue. Tissue
engineering can be defined as the interactions between biomaterials, growth factors, and
cells to regenerate functional tissue. A major challenge for engineering articular cartilage
is obtaining a sufficiently large chondrocyte population that is phenotypically stable and
has not begun to de-differentiate down a fibroblastic lineage [32]. Many research efforts
have investigated the ideal biomaterial to maintain a healthy and productive chondrocyte
population. Due to these efforts the field has grown considerably over the last decade.
While current treatments do not usually involve tissue engineering approaches there are
many products both abroad and in the United State in various stages of clinical trials.
These new technologies may soon change the standard of cartilage repair procedures [22,
29, 31].
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10.3
Cartilage Engineering

10.3.1
Requirements of an Engineered Construct

A tissue engineering scaffold can be seeded with a desired cell population and implanted
into a defect site. The scaffold provides both mechanical support and a three-dimensional
environment for cells to attach and proliferate. The cell population will produce extracellu-
lar matrix components which will infiltrate the scaffold material and surrounding tissue.
Slowly the scaffold material will degrade – leaving only cells and native tissue. There are
many materials used for the scaffold component of an engineered construct. Scaffolds can
be made out of naturally or synthetically derived components. The majority of cartilage
scaffolds contain building blocks of either proteins or polysaccharides. Scaffolds can also
come in a variety of physical forms, such as foams, viscous liquids, hydrogels, and porous
matrices.

10.3.1.1
Required and Desired Construct Properties

Fundamental requirements of all cartilage engineering scaffolds are: lack of immune
response and inflammation, adhesion of chondrocytes, maintenance of the chondrocytes
phenotype, and initial mechanical stability within the defect. Beyond these requirements
there are many desirable, but not necessarily imperative, properties of a scaffold. These
include: permeability to allow diffusion of signaling molecules and nutrients, adhesion to
the defect site, controlled release of growth factors, injectable, minimally invasive, and
biodegradable to allow growth of new ECM tissue to eventually fill the defect site [32–34].

Depending on the nature of the defect the desired properties of the scaffold may change.
An osteochondral defect which penetrates the subchrondal bone will be repaired differently
than a chondral defect. Depending on the location and size of the chondral defect it may be
repaired with different approaches as well. For example, a scaffold for an osteochondral
defect may be biphasic – with a region for repair of the bone tissue and region for repair of
the cartilage tissue. If the bone marrow has been penetrated and is entering the defect site
this will also have to be addressed. Perhaps the bone marrow will be contained to the bone
tissue, or factors to induce chondrogenesis of the cell populations in the marrow will be
added to the scaffold. Additionally, the source of cells could even change depending on the
size and location of a chondral defect. If the defect is on the surface of the articulating
surface, a population of superficial cell may be harvested for the cellular component of the
scaffold. Similarly, deep zone chondrocytes maybe be harvested if the defect lies in the deep
zone of chondral tissue. Because the structure and function of cartilage tissue varies
throughout its depth and location, engineering approaches must be able to tackle a broad
array of defects.

290 E.E. Coates and J.P. Fisher

10



10.3.1.2
Current Model for Engineering Cartilage

There are two major approaches to cartilage tissue engineering. The first approach is to
culture cells with or without growth factors in vitro for a brief period of time and then
implant the construct into the defect site. This method allows the cells to mature and become
active inside the body, where they will hopefully start production of a healthy ECM. The
second, and more popular model, involves a much longer in vitro culture period before
implantation. This allows the ECM to build up before the construct enters the defect site,
with the intention of providing mechanical support immediately upon implantation. If the
scaffold is mechanically and biologically mature and functional before introduction to the
defect it will have a greater chance of remaining so while supporting loading regions. In
both cases the model includes gradual resorption of the biomaterial as the ECM is produced,
as well as integration of the new ECM with the surrounding native tissue [17, 25].

An ideal current model for tissue engineering articular cartilage involves a multi-step
procedure. First, an autologous cell population is obtained from the patient, either from
cartilage tissue or tissue containing a population of MSCs (such as adipose tissue or bone
marrow). Next, these cells are multiplied in monolayer culture, and then transferred to three
dimensional culture on the scaffold material to help maintain the chondrocyte phenotype
and re-differentiate cells if necessary. The scaffold is cultured for as long as desired, and
then implanted into the defect site [17, 32, 35].

Tissue engineering efforts focus on treating cartilage defects that can lead to OA, as
designing a scaffold for treatment of advanced stages of cartilage disease is very difficult.
Through early intervention and treatment ideally the onset of OA can be delayed or avoided
all together.

10.3.2
Biomaterials and Cells for Cartilage Engineering

Many materials have been developed for tissue engineering efforts. Among these there is a
large range of chemical components, mechanical strengths, structure, surface topography,
and biochemical properties. No ideal scaffold material has been developed, and each group
of materials has their advantages and disadvantages. The major goal of the scaffold should
be to ensure the retention of chondrocyte phenotype and provide mechanical stability.
Hydrogels have received considerable attention in this area as they have properties similar
to native tissue [17, 32, 35]. Table 10.1 includes a summary of materials that have been used
in clinical or research settings for cartilage tissue engineering.

10.3.2.1
Scaffolds

Poly (L-lactic acid) (PLLA), poly(glycolic acid) (PGA), and the copolymer poly(lactic-
co-glycolic acid) (PLGA) are some of the most popular synthetic materials investigated
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for cartilage engineering. Synthetic polymers usually have an open lattice and high
porosity which is good for exchange of nutrients and molecules. Their degradation rates
can be tailored through composition, and chondrocytes have been shown to adhere and
maintain their signature rounded morphology on these materials. Animal models show
some preliminary success with synthetic materials, but due to their limitations human
trail data is largely unavailable. Some key limitations include: difficulty to mold into
complex shapes, hydrophobic – which generally means poor cell attachment and the
need for very large chondrocytes populations, invasive implantation, and a strong
foreign body reaction [22, 33–35].

Naturally derived materials provide the advantages of usually being biocompatible
and biodegradable. Due to its prevalence in the ECM collagen is one of the most
popular natural biomaterials for cartilage regeneration. Porous collagen sponges have
been made with and without GAGs and growth factors and show good cell attachment
and maintenance of cellular phenotype. However, in some cases they have been shown
to cause a foreign body reaction which interferes with tissue integration. Additionally,
any porous natural material would also have to be delivered through an invasive open
surgery [22, 34, 35].

Table 10.1 Materials that have been used in cartilage engineering efforts in either clinical or research
settings

Materials used in cartilage engineering

Naturally derived Reference Synthetically derived References

Fibrin [43, 47, 48, 92] Poly(lactic acid) [53, 93]
Collagen [44–46] Poly(glycolic acid) [50–53, 94]
Chondroitin sulphate [46, 95] Co-polymers of poly(lactic

acid) and poly(glycolic acid)
[53, 96]

Alginate [38–42, 48, 63, 70] Poly(ethylene oxide) [58, 59]
Agarose [68, 71, 84] Poly(ethylene glycol) [54–57]
Silk [97–99] Ceramics [100, 101]
Chitosan [97, 102, 103] Pluronic copolymer of poly

(ethylene oxide) and poly
(propylene oxide)

[103, 104]

Hyaluronic acid [42, 75, 104] Poly(urethane) [92]

Cellulose [105] Poly(hydroxybutyrate) [106, 107]
Gelatin [108] Poly(ethylene-terephtalate) [109]

Poly(tetrafluoroethylene) [110]
Poly(1,9-octanediol citrate) [111, 112]
Poly(caprolactone) [113, 114]
Poly(ether ester) co-polymer [115]
Carbon fiber [116, 117]
Calcium phosphate [118]
Poly(methacrylates) [119, 120]
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Hydrogels are popular in cartilage engineering due to their similarities to native tissue.
Hydrogels are water-swollen polymer networks that can be chemically modified by cross-
links to form mechanically stable shapes. They are made by mixing a soluble polymer
(natural or synthetic) in water and adding a crosslinking agent. They can be injectable and
molded into desired shapes during gelation. This provides the potential for non-invasive
delivery to a defect site. Their porosity can be adjusted by the network density, and their
high water content and elastic properties make them similar to native tissue. Chondrocytes
show strong attachment and retention of their phenotype in most hydrogels. Some natural
hydrogels include alginate, agarose, chitosan, and fibrin. The main drawbacks of these
materials include their lack of mechanical strength and difficulty controlling properties
such as degradation rate. Synthetic hydrogels allow for somewhat more control over
properties such as degradation rate. Some synthetic hydrogels used in cartilage engineer-
ing include: poly (ethylene oxide) (PEO), poly (propylene oxide) (PPO), poly (vinyl
alcohol) (PVA), and poly(ethylene glycol)(PEG). Synthetic hydrogels often have more
limited cell attachment properties than their naturally-derived counterparts. Limitations of
both natural and synthetic hydrogels include cellular encapsulation and formation of a
uniform gel. Injection provides challenges in controlling gelation rate, and difficultly
controlling the homogeneity of the formed gel. The use of photocrosslinking has been
shown to provide more uniform gelation as the entire hydrogel crosslinks simultaneously
upon ultraviolet light exposure [8, 22, 33, 35, 36].

10.3.2.2
Cell Source

A major obstacle in tissue engineering articular cartilage is obtaining a sufficiently large,
and phenotypically stable autologous cell population. Donor site morbidity makes a large
cartilage harvest impractical and even dangerous. The low number of harvested chondro-
cytes creates the need for expansion culture in monolayer. Although chondrocytes maintain
their phenotype better in three-dimensional culture their proliferation rates are much higher
in monolayer. Monolayer culture causes chondrocytes to flatten, losing their rounded
morphology and become more fibroblastic in nature. Three-dimensional culture following
monolayer helps to re-differentiate the cells, however this process is relatively inefficient
and the native phenotype is never fully restored. Quality and health of the harvested
chondrocytes is also an issue of concern. Currently the mechanisms at play during chon-
drocyte differentiation and re-differentiation are not fully understood. Without this under-
standing the process will be difficult to control [22, 25, 32].

Using MSC populations on their own or mixed with autologous chondrocytes can
reduce the need for the invasive harvest procedure, however the optimal conditions for
chondrogenesis of a MSC are yet to be fully understood. Furthermore, bone marrow harvest
of MSC populations is also an invasive procedure. The easiest place to harvest MSC is
adipose tissue, where low donor site morbidity exists. However, MSCs derived from
adipose tissue may be more difficult to differentiate into chondrocytes than those derived
from bone marrow [17, 22, 25, 32].
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10.3.3
Engineered Constructs in Clinical Trials and Early Applications

Many new products have entered clinical trials or are already commercially available. Most
of these products seek to improve the traditional surgical treatment through tissue engineer-
ing strategies. The majority of these clinical trials and products are not yet available in the
United States and statistics on their long-term success in humans do not yet exist [29].

10.3.3.1
Marrow Stimulation Techniques

A process called scaffold-guided microfracture uses a scaffold to help the bone marrow stay
within the defect site following micofracture. The following products utilize this idea: BST-
CarGel (Biosyntech Inc., Laval, Quebec, Canada), ChonDux (Biomet, Inc, Warsaw, Indiana),
and Gelrin C (Regentis, Haifa, Israel). BST-CarGel is a biodegradable and injectable chitosan-
glycerol phosphate based hydrogel. ChonDux is an injectable poly(ethylene glycol) hydrogel
that contains an adhesive to stick to the defect site. Gelrin-C is a degradable and injectable
copolymer of denatured fibrogen and poly(ethylene glycol) [29, 30].

10.3.3.2
Osteochondral Grafts

Scaffolds used in the place of tissue grafts can provide many benefits. Advantages include:
biodegradability for new tissue to take its place, cost-effective, time-efficient, single
procedure, no donor site morbidity, and the potential to include cell therapies. A drawback
of using a substitute for a graft tissue, is of course, the lack of autologous, living tissue.
Other potential complications include wear debris, inflammation, and friction between
implanted material and tissue. Products developed for this use include: BST CarGel, Gelrin
C, Salucartilage (Salumedica, Smyrna, GA), Chondromimetic (Ortho-mimetics,
Cambridge, UK), TruFit Plug (OsteoBiologics/Smith & Nephew, Andover, MA), and
OrthoGlide (Advanced Bio-Surfaces, Minnetonka, MN). SaluCartilage is another biode-
gradable and injectable hydrogel that solidifies in vivo. Chondromimetic is a dual-layer
porous implant that has regions with properties similar to both subchondral bone and
cartilage tissue. Tru-Fit and OrthoGlide are cylindrical-shaped polymers used for filling
in circular drill holes where a defect site would lie [29].

10.3.3.3
Cell-Based Therapies

The matrix-induced autologous chondrocyte implantation is very similar to the traditional
ACI procedure, with the addition of a degradable matrix to support the transplanted
chondrocytes until they form their own matrix. This helps keep the transplanted cells in
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the defect and provides much needed mechanical support. There is potential for growth
factor incorporation to the scaffolds to aid in ECM production and retention of chondrocyte
phenotype [29]. Developed products include: Carticel (Genzyme Inc, Cambridge, MA),
ChondroGide (Geistlich Biomaterials, Wolhausen, Switzerland), CaRes (Anthro-Kinetics,
Essingen, Germany), Hyalograft-C (Fidia Advanced Biopolymers, Abano Terma, Italy), and
Neocart (Histogenics, Waltham, MA). Carticel and Chondrogide are porcine-derived type I
and type II collagen matrices, CaRes is a type I collagen matrix, Hyalograft-C is a hyaluronic
acid based scaffold, and Neocart is made of a bovine collegen matrix [22, 29, 37].

Fibrin based scaffolds are being developed on which minced harvested cartilage tissue is
placed. The construct is then implanted into the defect site. A process called “neocartilage
implantation” is also being developed during which harvested cells are grown in a scaffold
in a dynamic culture system to produce and ECM. The ECM is then isolated and implanted
into a cartilage defect [29]. Table 10.2 lists product information for commercially developed
cartilage engineering products.

Table 10.2 Cartilage tissue engineering products developed for commercial use

Commercial products in cartilage tissue engineering

Product name Company Website

BST-CarGel Biosyntech Inc., Laval,
Quebec, Canada

http://www.biosyntech.com

ChonDux Biomet Inc., Warsaw, IN,
USA

http://www.biomet.com

Gelrin C Regentis, Haifa, Israel http://www.regentis.co.il

Salucartilage SaluMedica, Smyrna, GA,
USA

http://www.salumedia.com

Chondromimetic Orthomimetics, Cambridge,
UK

http://www.orthomimetics.com

TrueFit Plug OsteoBiologics/Smith &
Newphew, Andover,
MA, USA

http://www.global.smith-nephew.com

OrthoGlide Advanced Biosurfaces,
Minnetonka, MN, USA

http://www.advbiosurf.com

Carticel Genzyme Inc, Cambridge,
MA, USA

http://www.genzyme.com

ChondroGide Geistlich Biomaterials,
Wolhausen, Switzerland

http://www.geistlich.ch

CaRes Anthro Kinetics, Essingen,
Germany

http://www.arthro-kinetics.com

Hyalograft-C Fidia Advanced
Biopolymers, Abano
Terma, Italy

http://www.fidiapharma.com

NeoCart, VeriCart Histogenics, Waltham, MA,
USA

http://www.histogenics.com
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10.3.4
Current Research Efforts

The development of cartilage tissue engineering products has been the result of decades
of research efforts that span many natural and synthetic scaffold materials. Although not
all of these materials have developed into usable constructs this research has, and
continues to, contribute to the current understanding and knowledge base within the
field.

10.3.4.1
Natural Scaffolds

Some of the most popular natural scaffolds used in cartilage engineering research
include alginate, fibrin, agarose, hyaluronic acid, chitosan, and type I and II collagens.
Studies using alginate, collagens, and fibrin are highlighted due to their prevalence in
the literature.

Early studies using alginate to encapsulate chondrocytes were performed in the late
1980s, these studies demonstrated retention of the chondrocyte phenotype and proliferation
of chondrocytes seeded in three-dimensions [38]. Following studies have established that
chondrocytes remain phenotypically active and proliferate within alginate, even up to even
8 months in culture [39–42]. Markers for phenotype retention include gene expression or
biochemical presence of ECM components such as type II collagen, aggrecan, and GAGs.
High gene expression of type I collagen indicates cells have started to differentiate to a more
fibroblastic lineage. Alginate has been investigated for its potential in re-differentiating cells
that have started down a fibroblastic lineage due to expansion in monolayer. Results show
encapsulation in alginate can aid in re-differentiating cells to express higher levels of matrix
proteins and lower levels of type I collagen following two-dimensional culture [40]. Despite
maintaining a healthy chondrocyte population alginate’s drawbacks include limited
mechanical stability and biodegradation [43].

Studies using both type I and type II collagen matrices have also shown support of
chondrocyte proliferation and maintenance of phenotype [44–46]. The incorporation of
glycosaminoglycans, such as chondroitin sulfate, within the collagen scaffold have shown
to further improve expression of matrix proteins [44, 46]. Additionally, mechanical loading
of chondrocytes seeded on collagen scaffolds has been shown to alter cellular gene
expression [45]. Collagen scaffolds are biodegradable, however they can be expensive
and fairly difficult to produce.

Fibrin glue is made by mixing fibrinogen and thrombin to form a biodegradable,
injectable material. It has been studied and classified for mixing with chondrocytes and
injecting into cartilage defect sites. Animal trials with this method show significant wound
healing and integration with native tissue [43]. Fibrin biodegradation can be tailored and it
can be mixed with other polymers to improve its relatively weak mechanical strength.
Various models of fibrin-alginate scaffolds have been show to support proliferation and the
chondrocyte phenotype [47, 48].
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10.3.4.2
Synthetic Scaffolds

Popular synthetically derived materials used in cartilage research include poly(glycolic
acid) (PGA), poly(lactic acid) (PLA), poly (lactic-co-glycolic acid) (PLGA), poly (capro-
lactone) (PCL), and poly (ethylene glycol) (PEG). As a result of their prevalence in the
literature, efforts using PGA and PEG will be covered in more detail.

PGA is an alpha polyester that degrades within months into products the body can
readily absorb, making it biocompatible. As it degrades a loss of mechanical strength is
observed, however in vitro culture and formation of ECM may strengthen its mechanical
properties [49]. PGA scaffolds for cartilage engineering are usually made in the form of
porous meshes that allow for nutrient and molecule transfer. Production of GAGs, aggrecan,
and type II collagen are all observed in chondrocytes cultured in vitro for up to 40 days on
PGA scaffolds [50, 51]. Porous PGA scaffolds seeded with bone marrow stromal cells and
implanted subcutaneously into mice show formation of mature cartilage after 8 weeks [52].
PLA is another alpha polyester with similar mechanical and biological properties shown to
support chondrocyte adherence and proliferation. A copolymer of PGA and PLA (PLGA),
whose properties are similar and proportional to the proportion of each polymer, is also used
in cartilage engineering efforts [49, 53].

PEG can be formed in to an injectable hydrogel with properties similar to native cartilage
tissue. It is biocompatible, but not biodegradable on it own. Therefore, it must to copolymer-
ized to achieve in vivo degradation. PEG-based polymers can be photopolymerized with
addition of a photoinitiator. In this model the polymer and cell solution would be injected to
the defect site as a liquid to fill the exact shape of the defect, the polymer would then be
photocrosslinked forming a solid matrix. Copolymers of PEG and PLA as well as PEG and
poly(vinyl alcohol) are biodegradable and promote chondrocyte adhesion and matrix mole-
cule production [54–56]. Additionally, incorporation of matrix molecules such as chondroi-
tin sulfate has been shown to increase mechanical properties as well as gene expression of
matrix molecules [57]. Poly(ethylene oxide) (PEO), a higher molecular weight form of PEG,
has also been photopolymerized into hydrogels for cartilage applications. PEO-based
research shows that cells remain viable and produce significant levels of GAG and collagen
in vitro during encapsulation in hydrogel scaffolds [58]. Copolymers with PEG have also
shown favorable mechanical and biochemical properties and chondrocyte activity [59].

10.3.4.3
Growth Factors

Growth factors known to promote chondrocyte activity are often incorporated into scaf-
folds, or delivered to culture media to stimulate the cell population. Although many studies
have investigated growth factor use, many of their effects – both alone and in combination-
remain to be fully understood. The most prominent growth factors used in cartilage
engineering studies include; insulin-like growth factor – I (IGF-I), basic fibroblast growth
factor (bFGF), and transforming growth factor-b1 (TGF-b1) [5, 60–63]. All of these have
demonstrated anabolic cellular effects and increased production of matrix molecules.
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Although the effects of these factors are generally understood, the ideal combination of
growth factors and delivery mechanism remains to be established.

10.4
Future Directions

Many advances have been made over the past few decades in understanding cartilage engineer-
ing, however major hurdles still exist within the field. Cell source, maintenance of the chondro-
cyte phenotype in vitro, and recreation of tissue with the structure and properties of native
cartilage are today’s major challenges. Research which address these challenges include zonal
cartilage engineering, the use of stem cells, and utilization of dynamic in vitro culture systems.
Together thesefields are likely to have amajor impact on cartilage regeneration in coming years.

10.4.1
Zonal Cartilage Engineering

Recreation of the zonal complexities present in native cartilage tissue has become a focus of
many cartilage engineering efforts. Initial studies, and most currently available engineering
solutions, attempt to remodel cartilage as a homogenous tissue. As the cellular and
structural differences between cartilage zones are more fully understood, the need to
recreate this complex tissue architecture is becoming more apparent. Articular cartilage is
intricately organized and heterogeneous. It is unlikely that a homogenous tissue, based on a
homogenous scaffold, can functionally replace this structure. Furthermore, it is likely that
through formation of zonal organization there will be better integration with host tissue, and
a more fluid transmission of stress between native and novel cartilage. Depth dependent
variations in scaffold design (pore size, porosity, mechanical properties, and addition of
growth factors, etc.) and the origin of the seeded cells (super zone, middle zone, or deep
zone) can be used as tools in designing zonal scaffolds [33, 64].

While there is no current model for regenerating zonally organized tissue in vitro,
several studies have attempted to establish the difference in phenotype between zonal cell
populations and create culture systems which more closely mimic the native environment.
These studies are paving the way for biomaterials which will help to restore defects in a
zone-specific manner. For example, research has shown the shear modulus to vary by up
two orders of magnitude through the depth of a single articular cartilage sample [65].
Additionally, studies show differences in matrix deposition, morphology, and gene expres-
sion between cultured populations isolated from distinct cartilage zones [66, 67]. Further
studies have developed layered culture systems based on materials such as PEG, PEO,
agarose, and alginate [15, 68–70]. These studies show both depth-dependent mechanical
properties of the scaffolds and changes in metabolic activity of subpopulations cultured in
layers [15, 71]. The continuation of such studies and the development of zonally-engineered
cartilage tissue could potentially be very influential the next generation of cartilage repair
solutions.
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10.4.2
Stem Cells

A major challenge in cartilage engineering is obtaining a sufficiently large chondro-
cyte population to seed onto the scaffold material. Both maintaining the chondrocyte
phenotype during culture and injury at the harvest site are significant challenges in
this approach. An alternative to autologous chondrocytes harvest is the use of MSCs.
MSC use also has significant challenges that are yet to be met. Harvesting the MSC
population is the first challenge. The most classified and understood MSC population
lies in bone marrow. However, bone marrow harvest is both painful and a potentially
risky procedure. Adipose tissue also contains a MSC population and is much easier
to harvest, however it is more challenging to induce chondrogenesis in adipose-
derived MSCs. Other tissues with MSC populations include the synovial membrane,
muscle, periostium, and umbilical cord [22, 72]. Once harvested, the next major
challenge is inducing chondrogenesis in the stem cells. Various growth factors have
been identified and studied for inducing the chondrocyte phenotype, however an ideal
growth factor or combination is yet to be discovered. Furthermore, in vitro culture
often leads to production of fibro-cartilage features and hypertrophy in the stem cell
population [22, 72]. Current animal and human models that have used MSCs for
cartilage repair have shown mixed results, often plagued by fibro-cartilage formation
[17, 72, 73].

A biomaterial and proper incorporation or delivery of growth factors is needed which
successfully differentiates MSCs into healthy articular chondrocytes. Several attempts to
design such scaffold have been met with preliminary success. PEG based hydrogels
with decorin moieties are reported to promote in vitro chondrogenesis of MSCs, marked
by deposition of ECM components such as type II collagen and aggrecan [74].
Additionally, PEO based hydrogels with hyaluronic acid and TGF-b3 are reported to
induce chondrogenesis of MSC in in vivo animal models [75]. The future of MSCs in
cartilage engineering will rely on development of a practical harvest method and
production of a reliable chondrocyte phenotype. Eliminating the need for harmful
autologous chondrocyte harvests will be a significant advance for cell-based cartilage
engineering strategies.

Embryonic stem cells for cartilage engineering have recently received considerable
attention, and may hold promise for the future. These cells have the advantage of large
cell source numbers and the ability to proliferate significantly. Their drawbacks include
potential immune response, and differentiation challenges [73]. Animal models show
varying reports of success depending on where the embryonic stem cells are injected.
Mouse models show chondral defects treated with undifferentiated embryonic stem cells
result in the formations of teratomas. However, embryonic stem cells injected to
osteochondral defects in the same animal model show restoration of healthy tissue [76,
77]. Control of the differentiation process to form functional chondrocytes is essential to
establish for the use of embryonic stem cells. Studies report chondrogenesis of embry-
onic stem cells through the use of growth factors such as bone morphogenic proteins,
transforming growth factor-b1, and insulin-like growth factor-1 [78–80]. Additional
studies have investigated the differentiation of embryonic stem cells to mesenchymal-
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like stem cells and have reported success [81, 82]. The ability of these cells to undergo
chondrogenesis has been studied using a modified PEG-based hydrogel. Results indicate
promise for the use of embryonic stem cells in cartilage tissue engineering [82]. While
these studies indicate great potential for chondrogenesis of embryonic stem cells,
research in this field has yet to establish precise cellular mechanisms at work during
this process.

Induced pluripotent stem cells may also hold promise for cartilage regeneration. Advan-
tages of induced pluripotent stem cell use include production of an autologous cell popula-
tion and elimination of harmful cartilage or bone marrow harvests [83]. However, there is
limited research investigating the chondrogenic potential of these cells. Use of induced
pluripotent stem cells in cartilage engineering will require research efforts to clearly
establish differentiation parameters.

10.4.3
Dynamic Culture Systems

Healthy loading is essential for the maintenance of cartilage in the body. To understand the
important relationship between loading and chondrocyte metabolism many studies have
investigated the effects of both static and cyclic loading on chondrocyte activity. Reports
showmixed inhibitory and simulative effects depending on load magnitude, size, and which
zone the chondrocytes originated from [84–86]. To create a culture system which mimics
the dynamic in vivo environment many groups have designed bioreactor systems. Culturing
engineered cartilage scaffolds in dynamic bioreactor systems is not the current standard, but
this model holds great promise for maintaining healthier, and more phenotypically stable
cell populations in vitro.

Results from bioreactor studies show increases in production of ECM molecules,
cell proliferation, and mechanical properties [87, 88]. For example, PGA scaffolds in a
perfusion system showed increases in both DNA and GAG content compared to
controls [89]. Chondrocytes in PEG-based hydrogels exposed to dynamic laminar
fluid flow showed increased levels of GAG and collagen production and better mechan-
ical properties compared to controls [90, 91]. Studies have also added growth factors to
dynamic culture conditions and observed even more favorable outcomes [60, 62]. The
ideal combination of scaffold material, growth factors, and dynamic culture system are
yet to be established for in vitro culture. Understanding how these factors work together
to affect the chondrocyte phenotype is essential for the success of cartilage engineering
strategies. Successful three-dimensional scaffold culture will create a plethora of stable
chondrocytes producing ECM that can then be transplanted into cartilage defects.
Current research strategies need to establish these culture conditions for practical
implementation of engineering solutions.
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Abstract Ligaments and tendons play an important role in mediating normal movement
and stability of joints in the musculoskeletal system, and their inability to undergo endoge-
nous repair following injury leads to significant joint instability, injury of other tissues, and
the development of degenerative joint disease. To restore their normal structure and
function and address these clinical challenges, biomaterial scaffolds are being developed
that incorporate cellular, morphogenetic, and mechanical cues into defined architectures
that may be implanted as part of regenerative medicine therapies. This chapter explores the
field of biomaterials for regeneration of tendons and ligaments with an emphasis on: (1)
native tissue structure, function, mechanical properties, and interfaces with other orthopae-
dic tissues; (2) mechanisms of injury, healing responses, and limitations of current clinical
approaches for repair; and (3) contemporary biomaterials-based approaches for tissue
engineering of tendons and ligaments, including cell types used, design strategies, and
results of their application in vitro and in vivo. Several challenges remain in achieving a
successful biomaterial for tendon/ligament regeneration, yet significant design and
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engineering improvements have continued to enhance their functional sophistication and
hold much promise for future tissue engineering strategies.

Keywords Biomaterials l Ligament l Tendon l Tissue engineering

11.1
Introduction

Ligaments and tendons are dense bands of parallel fibers of connective tissue that play an
important role in mediating normal movement and stability of joints in the musculoskeletal
system. Injury to these structures is relatively common, requiring medical attention for over
800,000 people per year [1], and can cause significant joint instability that could lead to
injury of other tissues and the development of degenerative joint disease [2]. Due to their
avascularity and low cellularity, injured tendons and ligaments undergo a sub-optimal
healing response that is unable to adequately regenerate normal tissue function and
mechanical properties [1–4]. The development of a plethora of suturing techniques and
the employment of grafted tissue have enjoyed limited success in repairing injured tendons
and ligaments, often resulting in poor healing, significant donor site morbidity, and insuffi-
cient mechanical properties that may lead to graft failure [1, 3–5]. For these reasons,
considerable efforts have been aimed at the design and implementation of novel biomater-
ials for tendon and ligament tissue engineering. Tissue engineering is an interdisciplinary
approach that often combines biomaterial scaffolds with cells, growth factors or other
biological stimuli to regenerate damaged or lost tissue [6, 7].

In working to heal injured tissues and restore joints to their normal function, under-
standing normal tendon and ligament biochemistry and physiological attributes is vital.
Tendon and ligament structure is complex and serves to determine the mechanical function
of the tissue. A complete knowledge of tendon/ligament biochemical composition, micro-
and macro-architecture, and the interplay between structure and mechanical properties will
aid in generating design parameters and evaluation criteria for novel biomaterials used in
tendon/ligament tissue engineering. Successful biomaterials for use as tendon or ligament
replacements should possess similar structural and mechanical properties to native tissue,
allowing the tissue to functional normally under various loading regimes and avoid
mechanical failure.

Additionally, the success of biomaterials used for tendon/ligament tissue engineering
relies on familiarity with normal processes of injury and healing. Multiple factors influence
tendon/ligament injury and repair, including location of the injury within the tissue and in
the joint capsule, size, and blood supply of oxygen and nutrients. Together, these variables
may necessitate a variety of tissue engineering approaches. This requires an integral
understanding of tendon and ligament healing mechanisms in response to different injuries.
Such factors must also be carefully considered in the context of biocompatibility, integra-
tion, and degradation of the biomaterials applied.
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This chapter will begin with an overview of tendon and ligament biochemical
composition and architecture, with emphasis on their relationships with mechanical
properties and integration with adjacent tissues in the joint. It will address mechanisms
of injury, associated healing responses, and current reconstruction techniques with their
associated limitations. This will provide context for addressing successes and limitations
of contemporary biomaterials-based approaches for tissue engineering of tendons and
ligaments. This chapter will review cell types used, current design strategies, and results
of in vitro and in vivo applications for tendon/ligament biomaterials. It will conclude
with remaining challenges and new frontiers in biomaterials for tendon and ligament
tissue engineering.

11.2
Tissue Overview and Requirements

Current and future tissue engineering and regenerative medicine approaches to address
tendon/ligament injury rely heavily on knowledge regarding structure-function relation-
ships of these tissues. This section will review the macroscopic and microscopic architec-
ture, cellular composition, and mechanical properties of tendons and ligaments and briefly
examine their injury and repair.

11.2.1
Physiology and Mechanical Properties

Understanding how tendon and ligament tissue are structured and mechanically loaded is
central to designing and engineering tendon/ligament tissue. Proper function of replacement
tissue relies on recapitulating the mechanical strength of tendon/ligament tissue, which is
derived from its intricate structure (see Sect. 11.2.2). A thorough understanding of this
structure-function relationship is important when determining the design parameters for
tissue engineering.

Tendons and ligaments share very similar biochemical compositions and structural
characteristics, yet they have different functions. Tendons serve as an intermediate con-
necting muscle to bone, transmitting muscle generated loads and thereby enabling move-
ment of a musculoskeletal joint through muscle contraction and relaxation [8]. Tendons are
designed to withstand large tensile loads imparted by the musculoskeletal components that
they join together. Typically these forces are generated during active motion in a direction
along the long axis of the tendon. In the case of the Achilles tendon that joins the muscles of
the calf with the calcaneus (heel), tensile forces may approach as much as 9 kN – equivalent
to 12.5 times average body weight [9, 10].

Ligaments, in contrast, are short bands of fibrous tissue that connect one bone with
another. In conjunction with skeletal geometry and the dynamic environment imposed by
muscles and their tendons, ligaments limit and guide joint motion and provide integrity and
stability to the joint [8]. They also comprise bands of fibrous tissue that lend support to solid
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internal organs [8, 11]. Perhaps the most cited example of a joint stabilizing ligament is the
anterior cruciate ligament (ACL), which preserves knee joint kinematics by preventing
anterior sliding of the femur against the tibia. Much like their tendinous counterparts,
ligaments must also resist large tensile forces. Additionally, ligaments experience torsional
loads that result in twisting of fiber bundles, a more complex loading regime that increases
the difficulty in designing an appropriate biomaterial. As an example, the ACL physiologi-
cally experiences forces ranging from 67 N while climbing stairs to 630 N while jogging
[12], and may withstand a tensile load of up to 1.7 kN before failing [13].

Tendon and ligament share similar mechanical properties (Fig. 11.1). The stress-strain
curve for tendon and ligament has an initial nonlinear toe region where the tendon
experiences up to 1.5–3.0% strain under low stress [14, 15]. The existence of a toe region
likely results from the extension of the “crimp” pattern in collagen fibers. Crimp represents
a wavy (sinusoidal) pattern in collagen fiber alignment that extends and straightens in
response to sudden tendon elongation, providing a buffer against fiber damage and acting as
a shock absorber in response to tensile load [8, 16]. Crimp pattern geometry varies in
different types of tendon and ligament tissue, and these differences affect the mechanical

Fig. 11.1 Typical stress-strain curve for bovine patellar tendon depicting (1) a toe region
corresponding to progressive fiber recruitment and crimp straightening, (2) a linear elastic region
corresponding to stretching of collagen molecules in direct proportion to applied stress, (3) a yield
point at which further deformation becomes permanent due to formation of microscopic tears, and
(4) a failure region illustrating progressive collagen fiber tearing, loss of tendon stiffness, and
eventual rupture (Graph courtesy of Dr. Yongzhi Qiu).
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properties of the tendon [15, 16]. Following the toe region is a linear elastic region, where
the tissue loses its crimp pattern and elongates proportionally to the stress applied. The
elastic modulus generally lies between 1–2 GPa for most tendons and ligaments [14]. The
yield point of tendon and ligament is reached when strain ranges from 5 to 7% [14, 15]. At
this point, some of the elongation of tendon/ligament tissue becomes permanent as micro-
scopic tearing of the fibers occurs, eventually resulting in macroscopic failure at 12–15%
strain [14, 15]. Further strain inevitably results in tissue rupture. Overall, the tensile strength
of tendon and ligament ranges from 50–150 MPa [14].

Tendon and ligament are viscoelastic tissues that experience creep, strain-relaxation
and hysteresis in the stress-strain curve. Creep is defined as the increase in strain over time
in a material from the initial elastic strain when the material is subjected to a constant load
[16]. Stress-relaxation refers to the behavior of stress reaching a peak and then decreasing
or relaxing over time under a fixed level of strain [14]. Both creep and stress-relaxation
are time-dependent viscoelastic properties. Viscoelastic materials also exhibit hysteresis
in the stress-strain curve, a phenomenon in which the unloading curve is lower than the
loading curve that occurs due to a loss of energy in the loading process [14]. At low strain
rates, viscoelastic materials absorb more energy but are less effective at transferring force,
making them deform more at lower strain rates and less at higher strain rates [15].
The viscoelastic properties that are characteristic of tendons and ligaments may be
derived from interactions between water and multiple extracellular matrix (ECM) mole-
cules including collagens, proteoglycans, non-collagenous glycoproteins, elastin, and
glycosaminoglycans (see Sect. 11.2.2.2).

11.2.2
Structure

As evidenced by the variation in the maximum loads to failure and stiffnesses discussed
above, tendons and ligaments vary in their mechanical properties considerably depending
on their location, function, and mechanical inputs [14, 17, 18]. This variation correlates
strongly with the structural differences seen between each of these tissues [17]. Successful
tissue engineering of a tendon or ligament must recapitulate these mechanical properties as
closely as possible. Any deviation in these viscoelastic properties may result in inappropri-
ate functionality and/or eventual mechanical failure. Thus, a thorough understanding of the
structural basis underlying these mechanical properties is warranted.

Tendons and ligaments are both comprised of cells and extracellular matrix organized
in a hierarchical architecture [15, 19]. Fibrils are the smallest structural unit (10–500 nm
in diameter) and contain bundles of aligned collagen made from crosslinked triple-helical
tropocollagen polypeptides. Fibrils are assembled into fibers (1–20 mm) surrounding the
resident fibroblasts of the tissue and bound by endotenons/endoligaments, a thin layer of
fascia that serves as a conduit for nerves, blood vessels and lymphatics. Fiber bundles are
packaged into subfascicles and fascicles (20–200 mm) that are histologically character-
ized by a straight, parallel pattern or a planar or helical crimp pattern depending on their
location in the tendon or ligament. Bundles of fascicles are ensheathed and surrounded by
the epitenon/epiligament that serves as another conduit for blood vessels, lymphatics, and
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nerves. Tendons and ligaments may additionally be surrounded by a paratenon or
synovial sheath, a condensation of connective tissue surrounding a tendon that reduces
friction with adjacent tissue [20].

11.2.2.1
Cells

Fibroblasts are the most common cell type found in tendons and ligaments and are present
in the fascicles and surrounding connective tissue sheaths (Fig. 11.2). Other cell types,
including endothelial cells, synovial cells, and chondrocytes are also present in small
quantities. The presence of cells is relatively scant compared with the amount of ECM
present; cells occupy only 20% of the overall tendon volume [21]. They are typically
arranged in elongated fashion in parallel with collagen fibers. In longitudinal histological
sections, these fibroblasts have spindle-shaped, darkly staining nuclei and poorly staining
cytoplasm (Fig. 11.2) [8, 20]. In transverse sections, the nuclei appear stellate and barely
visible cytoplasmic processes extend around bundles of neighboring collagen fibers [20].
These processes extend laterally around collagen fibers and make contact with neighboring
fibroblasts via gap junctions that facilitate intercellular communication through connexins
32 and 43 [20, 22]. Fibroblasts also bind to each other via adherens junctions and are
linked mechanically with each other via longitudinally running actin stress fibers asso-
ciated with these junctions [23]. Fibroblasts predominate in primordial tendon and liga-
ment tissues, prior to the formation of dense collagen fibrils, and are thus responsible for
synthesizing, excreting, and organizing components of the ECM (e.g., collagens, elastin,
fibronectin, and proteoglycans) [15, 20]. Mechanical activation of tendon/ligament fibro-
blasts leads to upregulation of junctional components such as N-cadherin and vinculin as

Fig. 11.2 Longitudinal
histological section of tendon
tissue illustrating collagen
fibers closely packed together
in a “crimp” pattern (top) and
the close apposition and
conformation of spindle-
shaped fibroblasts (arrows)
embedded within the fibrous
matrix (bottom). Scale
bar ¼ 50 mm (Histological
images courtesy of Derek M.
Doroski).
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well as the cytoskeletal stress fiber component tropomyosin [24]. This suggests that these
cells are able to adapt and respond to mechanical loads through changes in gene expres-
sion and ECM protein synthesis. Fibroblasts are recruited during injury and repair
processes to synthesize and deposit collagen and other ECM components [2, 15]. They
are also able to recruit other reparative and inflammatory cells through the release of
chemotactic and endogenous growth factors [25], aiding in the coordination of remodeling
and repair during wound healing [15, 26].

11.2.2.2
Extracellular Matrix

Tendons and ligaments are comprised of 89–94% of ECM components (collagen, proteo-
glycans, and elastin) by dry weight [15, 27], and water makes up 60–80% of total wet
weight [8, 15, 27]. Tendon and ligament ECM represents a complex mixture of collagen
fibers, elastin, glycoproteins, and proteoglycans. As discussed in this section, each compo-
nent possesses a defined set of interactions with other components and serves a specific,
important role in imparting unique mechanical properties to tendon/ligament tissue.

Collagen

Fibrillar collagen is by far themost abundant protein in tendons, accounting for approximately
75–85%of their dryweight [14, 15, 27].Of the various types of collagens, collagen type I is the
most abundant and is responsible for 60% of tendon dry mass and 95% of total collagen
content in tendons [15]. Ligaments have similar collagen content to tendons (70–80% of
ligament drymass), and collagen type I comprises approximately 90%of total collagen content
in ligaments. Collagen type I triple-helical strands pack together side-by-side to form collagen
fibrils of 50–200 nm in diameter, and these fiber strands are offset from each other by one-
quarter of their length to form striations that are visible in electron micrographs [8].

Of the remaining collagen content, collagen types III andVare themost prevalent. Collagen
type III is primarily located in the endotenon/endoligament and epitenon/epiligament [15] as
well as the attachment zones [15, 28]. It forms smaller and less organized collagen fibrils that
may result in decreased mechanical strength and increase pliability of tendons and ligaments
[15, 28]. Additionally, most of the newly synthesized collagen in the early phase of tendon/
ligament healing is collagen type III [2]. Collagen type V regulates fibril growth and is
intercalated into the core of collagen type I [15]. Collagen types II, VI, IX, X, and XI are all
present in trace quantities in tendons and ligaments at their fibrocartilginous insertion sites,
where they assist in reducing stress concentration at the hard tissue interface (See
Sect. 11.2.3.1) [29].

Elastin

Elastin comprises approximately 2% of tendon/ligament dry weight and forms elastic fibers
with collagen type I and other microfibrillar proteins such as fibrillin [30, 31]. Elastin is an
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insoluble globular protein that assumes a complex coiled arrangement when unstressed and
stretches out to a more ordered form when stressed. Thus, as a component of elastic fibers,
elastin is purported to play a role in recovery of collagen fibril crimp structure following
applied strain [15, 32].

Noncollagenous Glycoproteins

Tendons and ligaments contain additional glycoproteins, primarily fibronectin and tenascin-C
[15]. Fibronectin is typically found in small quantities in association with the surfaces of
collagen fibrils [15, 33, 34]. Its synthesis and deposition are increased in response to injury
and it serves as a provisional matrix foundation that is remodeled by fibroblasts in the
deposition of more mature matrices [15, 34, 35]. Fibronectin contains binding sites for a
multitude of ECM molecules such as collagen, proteoglycans, fibrin, tenascin-C, and other
fibronectin molecules [36, 37]. In addition, several of its binding motifs interact with cell
surface receptors such as integrins and syndecans. Together these interactions are necessary
for collagen fibril assembly in vivo, providing a crucial role for this glycoprotein in the
development of tendons and ligaments despite its relatively low presence compared with
other ECM proteins [36]. Tenascin-C is purported to contribute to ECM assembly and
mechanical stability through its interaction with collagen fibrils [38]. Its synthesis is upregu-
lated in response to mechanical stress or growth factors such as TGF-b, and it appears to have
an inhibitory effect on cell adhesion by blocking interaction with b1-integrin [39–41].

Proteoglycans

Proteoglycans make up relatively small quantities of tendon and ligament matrix (1–5%
of dry weight), and their quantity varies depending on the location and function of the
tissue [15, 20, 42, 43]. Despite their relatively small quantity, proteoglycans are soluble
macromolecules that associated with much of the water in tendon/ligament tissue.
Together, they provide lubrication and spacing that are crucial to the gliding of fibers
as they cross over each other in tendon and ligament tissue [20]. Decorin, a small
leucine-rich proteoglycan (36 kDa molecular weight), is the most abundant proteogly-
can in ligament, and there are lower levels of biglycan and large aggregating proteo-
glycans, versican and aggrecan [42, 44, 45]. These proteoglycans are segregated within
different regions of tendon and ligament, correlating with the mechanical forces that
each region experiences. Decorin plays an important role in the organization of micro-
fibrillar networks containing collagen type VI, fibrillin, and tropoelastin as well as
collagen fiber networks [42, 43]. It is predominantly localized to tensile regions of
tendons and ligaments. By facilitating fibrillar slippage during deformation [46] and
inhibiting the formation of large collagen fibrils [43, 47], decorin allows for adaptation
of the tissue under tension and improves tensile strength. Biglycan, another small
leucine-rich proteoglycan, is also present in tensile regions of tendons and ligaments
and plays a role in collagen fiber maturation [47]. Conversely, aggrecan possesses more
than 100 chondroitin sulfate and keratan sulfate glycoaminoglycan chains protruding
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laterally from a large core protein, similar to a bottle brush. This structure makes it
among the largest of the proteoglycans present in tendons and ligaments (~220 kDa),
and the numerous glycosaminoglycan side chains impart high anionic charge to attract
water [42, 43]. Aggrecan is abundant in cartilaginous tissue due to its ability to hold
water and enhance compressive stiffness, and this property correlates with its presence
in fibrocartilaginous regions of tendon and ligament at their insertion sites with bone
(see Sect. 11.2.3.1) [42, 43, 47]. The presence of versican, another large aggregating
proteoglycan (~265–370 kDa), leads to expansion of ECM and to increased viscoelas-
ticity of pericellular matrix that supports cell-shape changes necessary for cell prolifer-
ation and migration [47].

11.2.3
Interfaces with Other Orthopaedic Tissues

Two particular regions of interest exist at the proximal and distal ends of tendons and
ligaments. These interfacial regions differ substantially in their cellular and ECM composi-
tion. Fibrous tissue-bone interfaces (entheses) and muscle-tendon interfaces (myotendinous
junctions) exhibit distinct and important physiological roles and they serve to illustrate
challenges in integrating biomaterials with native tissue. Tendon and ligament tissue
interfaces provide transitional zones between tissues of different biochemical and mechani-
cal properties, serving an important role in transitioning mechanical loads between dispa-
rate tissues. Tissue engineering of these interfaces or successful integration of biomaterials
at their interfaces with surrounding tissues is critical to successfully regenerating tendon and
ligament function.

11.2.3.1
Fibrous Tissue-Bone Interfaces

The attachment of tendons and ligaments to bone can occur via fibrocartilaginous (direct)
or fibrous (indirect) entheses (Fig. 11.3). Fibrocartilaginous interfaces are typically
encountered at the joint surfaces of long bones or among the short bones of the wrist
and ankle, while fibrous interfaces typically occur on the shafts of long bones [20, 48].
The former contains four zones of tissue: dense fibrous connective tissue with typical
fibroblasts, zones of uncalcified and calcified fibrocartilage that contain fibrocartilage
cells rather than fibroblasts, and calcified bone characterized by osteocytes [4, 49, 50].
Fibrous interfaces, however, contain fibroblasts and collagen fibers (Sharpey’s fibers) that
extend directly into the bone at acute angles [4, 49]. Functionally, fibrocartilage cells at
the tendon/ligament-bone interface secrete an ECM rich in aggrecan and collagen type II.
Both molecules are typically found in articular cartilage and enable significant resistance
to compression. This tolerance to compression enables fibrocartilage to dissipate stress
at the tendon/ligament-bone interface, ensuring that deformation of collagen fibers
during movement occurs gradually and is not concentrated at the bony interface [50].
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Thus, fibrocartilaginous interfaces operate as transitional zones between tissues of drasti-
cally different mechanical properties.

11.2.3.2
Muscle-Tendon Interfaces

Major structural specialization occurs at myotendinous junctions with respect to both cells
and ECM (Fig. 11.3). Cell membranes of myofibers are highly infolded to increase the
contact surface area with tendon ECM by tenfold [49, 51, 52]. This serves to ensure that
loaded junctions are primarily experiencing shear rather than tensile stresses and is signifi-
cant because cell–cell junctions at this interface generally remain intact more easily under
shear than in tension [20]. Additionally, infolding distributes the imparted stress over a
broader area to minimize the risk of tearing [49]. The integrity of the myotendinous junction
is largely dependent on the attachment of terminal myofibrils with muscle cell membrane
proteins and the attachment of these to collagen fibers in the tendon. Thus, force transmission

Fig. 11.3 A schematic depicting biomolecular and cellular architecture of fibrous tissue-bone inter-
faces (entheses, left) and myotendinous junctions (right). Each complex interfacial region exhibits
graded matrix composition, progressive transitions and overlaps of tissue zones, and intercalating
extracellular matrix with multiple cell types that facilitates load transfer between tissues of dramati-
cally different material properties. Colors correspond to different tissue compositions: light blue
fibers ¼ collagen; dark blue ¼ mineralized matrix; orange ¼ presence of aggrecan; red ¼
interconnected myofibers (Reprinted from [49] with permission).
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ultimately relies on transmembrane associations between myofiber actin filaments and type I
collagen fibers. This is achieved via multiple assembled focal adhesion complexes that link
myofiber cytoskeletons to binding motifs in the tendon ECM [49, 53]. Within the tendinous
portion of this interface, fibronectin, laminin, tenascin-C, and heparan sulfate proteoglycans
have all been uniquely localized and may affect junctional mechanical properties [20].

11.2.4
Injury and Repair

Awide variety of tendon/ligament injuries are possible within and around the joint capsule.
Understanding these different injuries and how the body responds to them is critical when
designing tissue engineering approaches for tendon/ligament injury since different types of
injury may require different solutions. Biomaterial properties and target parameters such as
biocompatibility, degradation properties, and rate of construct integration are all informed
by an understanding of natural tendon/ligament repair and healing.

Tendon and ligament injuries may occur when a joint, such as the knee, experiences
rapid twisting, excessive force, or direct trauma. Injury can be classified as either acute or
chronic injury, and as either direct or indirect. An acute, direct injury may result from
contusion, non-penetrating blunt impact from motor accidents and sports injuries, or
laceration [26]. Acute, direct injuries often result in rupture or tearing of the tendon or
ligament. For ligaments, this is the most common mechanism of injury and occurs in
varying clinical degrees [3, 54]. First-degree sprains involve tearing of a minimum number
of fibers in less than one third of the ligament resulting in no increase in joint laxity. Second-
degree sprains involve tearing of more ligamentous fibers in one third to two thirds of with a
small increase in laxity. Third-degree sprains and ruptures involve greater than two thirds of
the ligament with demonstrable laxity in the joint.

In contrast to direct injuries, indirect injuries often result from acute tensile overload
or chronic overuse that results in repetitive microtrauma [26, 27]. The term “overuse”
implies repetitive stretching of a tendon below its failure threshold to a point at which
tendon tissue can no longer endure further tension. In tendon, tensile overload and
chronic overuse injuries often result in injury to either the myotendinous junction or
the osteotendinous junction, because the healthy tendon midsubstance can generally
withstand larger tensile loads than the muscle-tendon or bone-tendon interfaces [26, 27,
55]. When overuse injury occurs at the tendon-bone junction, this is termed enthesopathy.
Its features include metabolic activation of tendons at the insertion site, loosening of
collagen fiber bundles, accumulation of lipids, and microcalcification [15, 56]. When
overuse microinjuries do occur in the tendon midsubstance, they may not progress to
rupture or tearing, generally resulting in a degenerative condition known as tendinopathy
[15, 57].

With regard to repair, tendon and ligament are largely acellular and poorly vascularized
tissues and have a poor healing capacity [3, 5, 26, 58]. Tendon and ligament healing can be
described in stages: inflammation, cellular proliferation and ECM production, and remodeling
[3–5, 27]. During the inflammatory stage, fluid accumulation occurs in the injured tendon/
ligament and surrounding tissue immediately after injury and throughout the next 72 h [3, 5].
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Rupture of surrounding blood vessels results in hematoma formation that includes platelet
aggregation and degranulation [3, 26]. Activated platelets at the wound site release a host of
growth factors and vasodilators, and mast cells release pro-inflammatory cytokines [3, 5, 26].
This plethora of chemotactic factors causes inflammatory cells including monocytes,
leukocytes, and macrophages to migrate to the injury site [5]. These cells function to
remove necrotic tissue and debris through phagocytosis, break down the clot, aid in
recruitment of fibroblasts to the site of injury, and promote angiogenesis [26, 59, 60].
Overall, inflammation results in a general increase in water, cells, and provisional matrix
in the form of fibronectin, glycosaminoglycans and collagen type III to stabilize the new
ECM production [26].

Following the inflammatory stage, significant cellular proliferation and matrix repair
occur in the second stage of tendon and ligament healing. Large numbers of fibroblasts are
present and form disorganized vascular granulation tissue, while the presence of macro-
phages and mast cells diminishes [5, 26, 27]. At this point, fibroblasts proliferate to their
maximum levels during the healing process, and they synthesize collagen type III in
significantly larger quantities than collagen type I. Collage type III is thought to be of
particular use in the early repair process because of its ability to form rapid cross-links that
stabilize the repair site [61]. Subsequently, the collagen type III is eventually turned over to
collagen type I, conferring additional strength and stiffness to the repair site [26, 62].
Proliferation and ECM repair continues for approximately 6 weeks [3, 5].

During the remodeling stage, which may last for several months, the new ECM matures
into slightly disorganized hypercellular tissue [5]. In this stage, fibroblasts undergo
decreased growth, ECM synthesis slows, and collagen fibers are oriented longitudinally
with the long axis of the tendon/ligament [4, 26]. The collagen type III to type I ratio returns
to normal levels observed in intact tissue, and the amounts of collagen cross-links, glyco-
saminoglycans, water, and DNA content approach those of normal tissue [26]. However,
lack of organization and difference in crimp pattern in the newly formed tissue often results
in inferior mechanical properties compared to pre-injury levels [4, 5, 27], suggesting that
normal physiological healing responses are insufficient in regenerating normal tissue
function.

11.3
Current Techniques for Reconstruction and Tissue Engineering

11.3.1
Current Surgical Management and Reconstruction of Tendons and Ligaments

Current procedures of tendon/ligament replacement are able restore locomotion to a
substantial degree, yet they do not replicate full joint function. Surgical techniques that
employ grafts and sutures or screws have experienced problems with prolonged mechan-
ical strength, eventual fatigue and wear, donor-site morbidity, and infection [3–5, 26]. The
use of grafts also presents challenges with proper fixation of the tissue to the bone tunnel
for a mechanically stable, biologically viable connection interface that recapitulates the
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properties discussed previously. These limitations demonstrate the need for tissue engi-
neering alternatives for treatment of tendon/ligament injury.

When the normal repair process for tendons and ligaments fails to produce adequate
healing, a surgical procedure is usually necessary to reconstruct the injured tissue. This
surgery is performed as soon as possible following injury to achieve an optimal outcome.
Sutures may be applied to reattach minor tendon and ligament tears, though sutured tissue
often heals poorly and is unable to replicate the strength required of native tendon/ligament,
resulting in failure [26]. For this reason, tissue grafts are often required.

Autografts, in which grafted tissue is acquired from the injured patient, remain the current
standard procedure for tendon/ligament replacement [63–65]. Because of their size, strength,
and availability, autografts consisting of the central or medial third of patellar tendon, together
with the corresponding bony insertion sites, have been widely used for reconstruction of the
anterior cruciate ligament [63–65]. This bone-patellar tendon-bone graft is anchored through a
bone tunnel that is drilled through the tibia, drawn across knee, and anchored into a tunnel
drilled through the femur. The bone or soft tissue of the graft is fed through the bone tunnel and
may be secured into place using a variety of methods, including staples or interference screws
[66]. Comparable results have also been achieved using a quadrupled hamstring graft [66, 67].
Autografts promote cell proliferation and new tissue growth, and they initially offer good
mechanical strength [4, 5, 66]. However, despite their good tensile strength, ACL autografts
fail to convey proper stabilization the knee under torsional loads [4]. Moreover, revasculariza-
tion of grafted tissue in vivo, a requirement for the long term success of these grafts, remains an
elusive goal [4, 66]. Because these autografts are acquired from the injured patient, a limited
supply of donor tissue is available and additional intraoperative procedures are required for
tissue harvest. This often results in donor site morbidity, including pain, decreased motion,
muscle atrophy, and tendonitis [5, 58, 66–68].

Allografts present another option for tendon/ligament replacement in which graft mate-
rial is removed from a cadaver and usually frozen [58, 67]. ACL allografts most often
involve cadaver patellar tendon, hamstring tendon, or Achilles tendon [5, 67]. Reconstruc-
tion with allograft offers a major advantage of eliminating donor-site morbidity, allowing
less postoperative pain and faster rehabilitation. Additionally, they appear to offer similar
mechanical strength, cellular proliferation, and new tissue growth [5, 26, 66]. However,
allograft carries the disadvantages of the potential for disease transmission and limited
availability [5, 67–69]. In addition, concerns about slower integration with host tissue and
possible immunogenicity have been raised in association with allograft [5, 67, 70].

11.3.2
Biomaterials for Tissue Engineering of Tendons and Ligaments

Given the drawbacks discussed regarding auto- and allograft treatments for tendon and
ligament injury, increasing efforts have been made to engineer novel biomaterials for tissue
engineering approaches to regenerating tendon and ligament tissue. The following section
will address both natural and synthetic biomaterials and their fabrication, together with cell
types employed and the results of in vitro and in vivo evaluations.
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11.3.2.1
Cell Types Used in Combination with Biomaterials

Several cell types have been investigated for use in conjunction with biomaterials for tissue
engineering of tendons and ligaments. Reparative cells may be recruited from host tissue
through their attachment and integration with the implanted biomaterial, or these cells may
be seeded in tissue engineered constructs with some level of conditioning prior to implanta-
tion. Seeded cells may also interact with native cells via soluble signals or cell–cell contacts,
and may be additionally affected by the structural properties of the biomaterial and imposed
mechanical forces. Ideally, the cell type selected for study should work effectively in concert
with the biomaterial employed to allow survival, proliferation, and excretion of appropriate
ECM to restore normal tendon/ligament function or regenerate new functional tissue.

Fibroblasts derived from tendons and ligaments are commonly used in evaluating the
efficacy of biomaterials, stemming from the fact that they are the predominant cell type found
in native tissue. They serve an integral role in facilitating organization and maintenance of
ECM, particularly with respect to the collagen fibers that provide tendon/ligament tissue with
its substantial mechanical strength [20]. Fibroblasts are readily incorporated into most scaf-
folds where they are able to adhere and proliferate [31, 71–74] as well as secrete ECM
components such as collagens I and III and proteoglycans (see Sects. 11.3.2.3–11.3.2.4) [31,
71, 74–77]. These cells also respond to mechanical stimuli through their alterations in cell
orientation and increased matrix deposition [39, 76, 78–82]. Fibroblasts also undergo cell
migration and infiltration into implanted scaffolds [83–85]. A significant drawback with the
use of tendon/ligament fibroblasts is the need for an autogenous cell source to avoid eliciting a
host immune response. As evidenced from current autograft approaches for tendon/ligament
reconstruction, harvesting fibroblasts from patient tendons and ligaments is invasive and
would result in significant donor site morbidity, making them difficult to obtain [58].

Dermal fibroblasts present a feasible alternative to tendon/ligament fibroblasts since they
are more readily available through a simple skin biopsy, though this still may result in some
morbidity to the patient. In comparison with tendon/ligament fibroblasts, dermal fibroblasts
may be more amenable to culture and scale up due to their more rapid proliferation and also
show no detrimental effects when re-implanted in vivo [86–88]. Behaviorally, dermal
fibroblasts adhere and proliferate in similar ways to many biomaterials and appear to
synthesize many of the same ECM components (see Sects. 11.3.2.3–11.3.2.5) [89–92].
Their ultimate viability as a suitable source for tendon/ligament tissue engineering still
remains an open question since these cells are not derived from the tissue for which they are
being applied and therefore may not behave in the same way as fibroblasts from native
tendon/ligament tissue for long-term tissue replacement.

Another potential cell source that has been widely applied in biomaterial approaches for
tendon/ligament tissue engineering is marrow stromal cells or mesenchymal stem cells
(MSCs). These bone marrow-derived cells are multipotent cells that can differentiate along
several mesenchymal lineage pathways, culminating in the formation of bone, cartilage,
muscle, marrow stroma, tendon and ligament, fat, and other connective tissues [93]. Though
not as widely available as dermal fibroblasts, these cells are more readily accessible than
tendon/ligament fibroblasts through a simple, minimally invasive needle aspiration. MSCs
offer enormous potential as an autologous cell source, obviating the need for additional
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surgeries required by current autograft procedures and circumventing immune rejection [58].
New evidence suggests that MSCs also secrete immunomodulatory factors and may in fact be
immune-privileged [94], suggesting that allogeneic MSCs could be used in potential tendon/
ligament tissue regeneration therapies. Additionally, they have been demonstrated to aid in
repair of injured tissue [95, 96]. Like tendon/ligament and dermal fibroblasts, MSCs adhere to
and proliferate on a variety of scaffoldmaterials, and are capable of producingmany of the same
ECMmolecules critical to native tendon and ligament (see Sects. 11.3.2.3–11.3.2.5) [96–100].
A host of growth factors and mechanical stimuli play a role in MSC maintenance and
differentiation. Growth factors may be combined or delivered sequentially in order to elicit
MSC differentiation. TGF-b, FGF-2, EGF, and IGF-2 each may enhance MSC proliferation
and induce synthesis of numerous ECM components reminiscent of tendons and ligaments
[101–104]. Independent of growth factor application, MSCs have been differentiated under
cyclic strain regimens into fibroblast-like cells that are prone to expansion and tendon/ligament
ECMproduction [71, 97, 105, 106]. Differentiation ofMSCs has additionally been shown to be
dependent on matrix stiffness [107]. Loading and matrix stiffness could be sensed through a
variety of mechanotransduction mechanisms by affecting cell shape, protein unfolding, matrix
orientation and porosity, ligand presentation, and other undetermined factors [108–110].

Several other sources of stem cells have been recently discovered that may be applied to
the engineering of tendons and ligaments. MSCs may be differentiated from human
embryonic stem cells and then differentiated again to promote tendon regeneration [111].
However, MSCs still are not bound by the same ethical concerns as embryonic stem cells.
Alternatively, ligaments and tendons themselves may contain a population of progenitor
cells that have multilineage potential [112–115], though they have yet to be fully character-
ized and employed with biomaterials for tissue engineering purposes.

11.3.2.2
Scaffold Design

A number of design requirements exist for the development of a suitable scaffold for
tendon/ligament tissue engineering [11]. The material should be biocompatible, eliciting
an appropriate immune response when implanted into the injury site while simultaneously
promoting tissue formation and providing a therapeutic benefit. After fabrication, the
scaffold should possess sufficient void space to allow proper nutrient delivery and waste
removal to the seeded or infiltrating cell population [58, 116]. This porosity may also be
utilized to promote tissue ingrowth through cellular proliferation and ECM production that
may enable integration of the scaffold with the host tissue and strengthen it to withstand
normal physiologic loads and deformations [5, 58, 116, 117]. Architectural properties
should mimic those of native tendon and ligament, necessitating the development of
anisotropic scaffolds and aligned matrices to optimize response to tensile loads. Sufficient
mechanical properties including elastic modulus, toughness, and ultimate strength should
also be designed into the material to lessen the chance of failure [2, 4, 5, 15, 58]. Ultimately,
the scaffolding material or the neo-tissue that replaces it should have mechanical properties
similar to that of native tendon or ligament to restore normal physiologic function and to
prevent stress-shielding of newly developed tissue [2, 4, 5, 15, 58].
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Biodegradability is also a feature of numerous scaffolds utilized for tendon/ligament
tissue engineering, enabling the integration of host tissue and the eventual replacement of
the scaffold with regenerated tissue. To retain stable tissue functionality and mechanical
properties without stress-shielding, generally the construct degradation should be engi-
neered to occur at a similar rate to the formation of new tissue [5, 11, 58]. As a consequence
of these design criteria, a wide variety of natural and synthetic materials have been
considered as scaffold materials for tendon/ligament tissue engineering.

11.3.2.3
Scaffold Fabrication Techniques

A number of scaffolds currently being studied for these applications are derived from
polymers, both natural and synthetic, since they offer elastic or viscoelastic properties
and can be strengthened through a number of synthesis and processing techniques [58,
68, 96, 116, 118–124]. Polymers may be assembled into porous scaffolds, extruded or
electrospun into fibers, and can be used as components of composite materials [116,
121–124].

Several techniques exist for engineering porosity into materials for use as tissue engi-
neering scaffolds. The most common of these involve particle leaching and replica molding
[125–128]. Particle leaching relies on mixing a solubilized scaffold precursor material in
either an aqueous or organic phase with particles of predetermined size and shape that are
soluble only in the opposite phase. Once the scaffold is cured around the particles, then a
solvent is added to extract or leach the particles out of the scaffold leaving behind a porous
architecture [125–127, 129]. An additional method for generating porous scaffold architec-
ture involves the use of solid free-form fabrication/rapid prototyping combined with
computational topology design. These techniques include stereolithographic polymeriza-
tion of liquid precursor, selective laser sintering of powdered materials, three-dimensional
printing, or nozzle-based systems [116, 130, 131]. Stereolithography is an additive
manufacturing process using a vat of liquid, light-curable photopolymer resin and a laser
to build parts layer-by-layer through a computer-controlled tracing process. Selective laser
sintering is an additive manufacturing technique that employs a laser to fuse small particles
of plastic, metal, ceramic, or glass powders into a desired 3-dimensional scaffold. Three-
dimensional printing involves directed deposition of a fine powder or liquid photopolymer
by a movable printhead that is subsequently bonded using a printed adhesive or ultraviolet
light mounted on the same printhead. Nozzle-based systems process the base material either
thermally or chemically as it is extruded through a nozzle as part of a computer-aided
additive manufacturing technique. Porous architectures are also achieved during fabrication
and assembly of fibrous scaffolds as a result of inter-fiber spacing [121–124].

A variety of methods are available for producing fibers from synthetic and natural
materials, including drawing, template synthesis, thermally induced phase separation, molec-
ular self-assembly, and electrospinning [123]. Drawing is a gravity-driven extrusion process
that produces a fiber from a polymer melt, while template synthesis is a replica-molding based
approach. Template synthesis results from deposition of precursor material into a nanoporous
mold where it preferentially nucleates and grows on the pore walls, resulting in tubules after
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short times and fibers after long times. The major disadvantage of these techniques is their
lack of scalability [132–134]. Thermally induced phase separation is accomplished by freeze-
drying a polymer solution to extract solvent, leaving behind a highly porous fiber matrix. This
technique allows the use of simple equipment and the mechanical properties of the resulting
fiber matrices may be varied by changing the polymer composition [135]. However, it is
limited to specific polymers and does not offer scalability or control over fiber dimensions
[123]. Molecular self-assembly, commonly used in the synthesis of collagen fiber-based
matrices, involves the autonomous organization of macromolecules into patterns or structures
without human intervention. This technique creates smaller nanofibers of a 1–50 nm in
diameter and a few microns in length, but there is little spatial control of fiber dimensions
and the process is also not amenable to scalability [74, 86, 95, 96, 136].

Electrospinning thus remains the most popular current technique for production of
nanofibrous matrices because it is a continuous and scalabale process, is cost effective
compared to other existing methods, and allows fabrication of fiber diameters ranging from
nanometers to microns in random or aligned fashions [31, 75, 76, 82, 123]. The principle of
electrospinning is to use an electric field to draw polymer solution or melt from an orifice to
a collector. High voltages generate sufficient surface charge to overcome the surface tension
in a suspended drop of the polymer fluid. The diameters of the electrospun fibers are at least
one order of magnitude smaller than those made by conventional extrusion techniques.
Electrospinning, however, is currently limited to synthetic polymers, may involve toxic
solvents, and requires excessive tuning of multiple parameters such as polymer physical
properties, solution properties, electrical potential, ambient parameters, and collector plate
positioning and motion [123].

11.3.2.4
Types and Applications of Biomaterial Scaffolds

Biomaterials may be designed for tendon/ligament tissue engineering using synthetically
and/or naturally derived materials [137–142]. Synthetic materials are readily derived from
monomeric precursors and are easily amenable to many of the fabrication and processing
techniques outlined above. Depending on the chemical structure, physical properties such
as size and shape, and assembly techniques, synthetic polymers may be tuned to have a
variety of mechanical properties and degradation characteristics. However, synthetic
materials and their degradation or wear products may potentially elicit an inappropriate
host response through their immunogenicity, toxicity, or poor clearance. Naturally
derived materials are generally non-immunogenic, non-toxic, and readily degraded and
cleared due to their normal presence in human tissues. Their biochemical composition
mimics that of native tissue and provides architectures and signaling characteristics that
are more easily recognized by native cells and more directly influences their responses.
However, natural materials exist in relative scarcity when compared with synthetic
materials because they must be harvested from biological specimens, and their acquisition
typically requires destructive means that affect their physical and biochemical character-
istics. Both synthetic and natural materials therefore possess advantages that merit their
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examination and usefulness as scaffolds for tendon/ligament tissue engineering and will
be examined in the subsequent section.

Synthetic Scaffolds

Several synthetic polymeric scaffolds have been evaluated for their potential use in tendon/
ligament tissue engineering and regeneration (Fig. 11.4). In early attempts for tendon/liga-
ment replacement, synthetic graft materials were employed as prosthetic devices using poly
(tetrafluoroethylene), poly(propylene), poly(ethylene terphthalate), and carbon fibers [5, 21,
58, 68]. These materials enjoyed limited success as replacements due to their ability to
initially restore function, yet they failed to provide a lasting benefit due to their inability
to recapitulate the biomechanical properties of the original tissue [5, 14, 21, 68]. These
materials were designed to be inert grafts and thus failed to properly integrate with host
tissue via graft fixation and cellular/tissue infiltration [21, 58]. Additionally these graft
materials also displayed poor mechanical and tribological properties, including fatigue,
creep, permanent deformation, stress-shielding, abrasive wear and degradation, axial splitting,
and low extensibility [14, 21, 58, 68].

Fig. 11.4 Chemical composition of synthetic polymers employed as biomaterial scaffolds for tendon/
ligament tissue engineering
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While prosthetics and synthetic augmentation devices resulted in numerous failures and
have since been taken off the market, they still proved instructive in designing a second
generation of biomaterials specifically used for tissue engineering approaches. Counter to
using “inert”materials, these next-generation biomaterials have high initial strength and are
designed to gradually transfer the load-bearing responsibilities to maturing tissue contain-
ing autogenous cells and ingrown tissue through their degradability. The bulk of currently
used materials include poly(urethanes) and poly(esters). Other less widely used synthetic
scaffolds include poly(desaminotyrosyltyrosine ethyl carbonate) (poly (DTE carbonate)),
and poly(dioxanone) [21].

Poly(urethanes) are a heterogenous group of polymers of organic units joined by
carbamate linkages (Fig. 11.4). They have dynamically tunable physical and mechanical
properties covering a wide range of stiffnesses, densities, and porosities, may be fabricated
into scaffolds for tissue engineering using a variety of processes, and can have tunable
degradation characteristics [143]. Typical polyurethanes exhibit low stiffness characteristics
(2 –140 MPa) and ultimate tensile strengths (7–40 MPa), but are able to undergo significant
elongation at break (>100%) [143]. Porous poly(urethane) scaffolds seeded with fibroblasts
have demonstrated increased cell proliferation, matrix accumulation, and elastic modulus
following a cyclic strain regimen [144]. A porous poly(carbonate)-poly(urethane) patch
without seeded cells demonstrated significant tissue ingrowth when implanted in a rat
supraspinatus tendon defect [145]. When seeded with fibroblasts, these constructs increased
elastic modulus following sub-physiological cyclic strain regimens [81]. Electrospun poly
(urethane) fibrous scaffolds have been used in combination with seeded cells for in vitro
studies. Human ligament fibroblasts cultured on poly(urethane) nanofibers demonstrated a
spindle shaped morphology oriented along the axis of strain and showed enhanced deposi-
tion of collagen [82]. Bone marrow stromal cells seeded onto aligned electrospun poly
(urethane) assumed a more spindle-shaped morphology, were oriented parallel to the
direction of sub-micron fiber alignment, and demonstrated upregulated collagen type I,
decorin, and tenomodulin expression [146]. While exhibiting good cytocompatibility, poly
(urethanes) that are rendered biodegradable through chemical modification may still release
potentially toxic degradation products and are not able to maintain robust mechanical
properties similar to native tendon/ligament upon degradation [143].

Poly(esters), anotherwidely used tendon/ligament scaffoldmaterial, are a class of polymers
that contain ester functional groups in their main chains.While simple poly(ester) fibers do not
possess the desired mechanical properties alone, these materials are easily processed into
braids and woven matrices that initially enhance mechanical strength to levels comparable to
tendon/ligament tissue [121]. Several classes of poly(esters) have been used for a tendon/
ligament scaffold material. Due to their chemical structure, poly(esters) are hydrolytically
degradable via their ester bonds leaving byproducts that are either inert or metabolically
removed. Polymer degradation varies with environmental pH, composition, cross-linking
density, and hydrophilicity [147]. The most commonly used poly(esters) for tendon/ligament
tissue engineering are poly(a-hydroxyesters), including poly(L-lactic acid) (PLLA), poly
(glycolic acid) (PGA), and poly(L-lactic-co-glycolic acid) (PLGA). When used for tendon/
ligament regeneration, these scaffolds are commonly used in a fibrous form that is further
processed to form higher-ordered structures such as sheets [31, 75, 76, 89], woven or knitted
meshes [148–150], and braids [83, 84, 151–155]. Fibroblasts cultured on PGA [31, 89] or
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PLGA [75, 76] revealed that cell alignment, distribution, and matrix deposition conformed
with fiber alignment and that mechanical properties increased upon application of cyclic
mechanical strain. Knitted PLLA scaffolds seeded with MSCs upregulated collagen I,
tenascin C, decorin, integrins, and matrix metalloproteinases after two weeks in culture
[148, 150], and this effect was enhanced in the presence of TGF-b, PDGF-BB, and BMP-13
[148]. Braided PLGA scaffolds exhibit viscoelastic properties and enhanced mechanical
strength that is enhanced by twisting the fibers when compared with the above scaffolds.
The large interfiber pore diameter (100–200 mm) allows significant collagen deposition around
PLGA fibers throughout the center of the construct, both in vitro when seeded with tendon/
ligament fibroblasts and in vivo when implanted in a rabbit model for ACL reconstruction,
though integration in the bone tunnel has not yet been demonstrated [83, 84, 151–153]. When
braided scaffolds were seeded with bone marrow stromal cells under static loading conditions
or with the addition of TGF-b andGDF-5, cells remained viable showed significant deposition
of collagen both in vitro and in vivo [154–156]. A wide range of degradation profiles and
mechanical properties are achievable with poly(esters) depending on fiber diameter, architec-
ture, and blending techniques. However, a suitable material that retains mechanical properties
of tendon/ligament during degradation and replacement by growth of new tissue remains to be
found [121].

Natural Scaffolds

Given that tendon and ligament tissue are primarily composed of ECM containing collagen
type I, assemblies of collagen type I fibers have been widely explored as a natural, two- or
three-dimensional matrix for tendon and ligament tissue engineering. Early approaches for
generating collagen based gels relied on spontaneous fibrillization of collagen type I to
generate a three-dimensional, porous scaffold of randomly oriented collagen fibers [74, 86,
95, 136]. Mechanical properties of these collagen fiber matrices without cells possessed
sub-optimal mechanical properties when compared with native tendon ligament tissue,
including an elastic modulus of 2–40 MPa and an ultimate tensile strength below 10 MPa
[46]. When seeded with tendon fibroblasts [74] or MSCs [136], the gels underwent
significant in vitro cell-mediated contraction in a dose-dependent response and aligned in
the direction of the isotropic collagen fibrils. MSC-collagen composites deployed in a
patellar tendon defect hastened the development of higher maximum stresses and moduli,
yet these values were still significantly less than that of native patellar tendon [95]. The
mechanical properties of these gels may be further augmented by the mechanical stimula-
tion of cell-seeded collagen constructs [79, 80, 97, 157–166]. Several studies have shown
that MSC-seeded porous collagen sponges generate aligned collagen fibers under cyclic
tensile strain that in turn increased gel stiffness and tensile strength over non-strained
controls both in vitro and in vivo [158–160, 163–166]. MSCs in these sponges demon-
strated increased ECM gene expression and protein deposition during in vitro culture and
in vivo implantation for patellar and Achilles tendon repair [158–160]. This effect is also
observed for fibroblasts [79, 80, 97, 157] and may be mediated through a combination of
growth factor signaling [161] and mechanosensation via integrins [80]. Alternatively,
aligned collagen fibers may be fabricated using extrusion, electrochemical or microfluidic
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methods in the absence of tensile strain and crosslinked using chemical, physical, or
biological means to enhance their mechanical properties and direct cellular migration and
infiltration of the scaffold [87, 88, 90, 91, 132–134, 167]. Collagen matrices do present
some drawbacks that are potentially prohibitive to their more widespread use. Purified
collagen derived from animal tissues must be processed to remove foreign antigens and
potential donor pathogens to reduce immunogenicity, which is currently detrimental to its
mechanical strength and only alleviated by non-physiological crosslinking methods [121].
Crosslinked collagen matrices still retain insufficient mechanical properties, with an elastic
modulus of only 400–800 MPa and an ultimate tensile strength under 80 MPa [46].
Collagen also undergoes relatively fast in vivo degradation and loss of its mechanical
strength [121, 168].

Alternatively, cells encased within or seeded on various provisional matrices found
during tissue development and wound healing have been used for tendon/ligament tissue
engineering with the hope that seeded cells or native cells encountered in vivo will further
remodel the provisional matrix. Fibrin matrix crosslinked with thrombin and containing
bone marrow stromal cells resulted in upregulated collagen I gene expression, increased
collagen deposition, increased collagen fibril diameter, and enhanced mechanical properties
when compared with fibrin matrix alone in a rat patellar tendon defect [169, 170]. When
combined with platelets and collagen, fibrin scaffolds have induced infiltration, prolifera-
tion, and collagen deposition of fibroblasts from injured ACL in vitro and enhanced
mechanical properties of the injured ACL when compared to untreated control in vivo
[85, 171–173]. Like collagen matrices however, these matrices are still unable to achieve
desired mechanical properties (elastic modulus in the kPa range) and may require mechani-
cal conditioning or additional modifications to architecture and biochemistry to render them
appropriate functional replacements [121, 168].

Another natural scaffold for tendon-ligament tissue engineering is silk, a protein fiber
derived from cocoons of the silkworm Bombyx mori [71, 98, 101–106, 118, 174–179]. Silk
fibers have a triangular cross section with rounded corners, 5–10 mm wide and are
composed primarily of a fibroin heavy-chain that is configured in beta sheets [180]. Of
the fibrous scaffolds discussed, silk represents the strongest with an elastic modulus
(~10 GPa), ultimate tensile strength (740 MPa), and failure strain (20%) greater than that
of native tendon tissue [118, 181]. Silk scaffolds are also biocompatible and promote cell
adhesion, proliferation, and ECM deposition. Silk demonstrates high linear stiffness; how-
ever, orienting fibers in parallel fails to replicate the mechanical properties of tendon [58].
Compared with other biodegradable scaffolds, silk degradation occurs at a relatively slow
rate in vivo, with a reduction in its tensile strength after 1 year and complete degradation after
2 years [118]. Arrangement of silk fibers in a wire-rope significantly enhances tensile
strength and achieves similar mechanical properties to those of native ligament. This silk
scaffold was shown to support MSC attachment and spreading, proliferation, and tendon/
ligament ECM deposition after two weeks of in vitro culture [71, 98, 101–106, 118]. A
microporous silk sponge encasing a braided silk cord and seeded with MSCs has also been
used for in vivo studies in small and large animalmodels of ACL repair. This approach hasmet
with some success in producing ECM and showed some histological evidence of integration
with host tissue [174, 175, 177–179]. Despite its numerous advantages outlined here and
elsewhere, silk does present some concerns with adequate removal of contaminating proteins,
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extremely slow degradation kinetics of water-insoluble b-sheets, and potential immunogenic-
ity since it is not a native protein in humans [118, 121].

Composite Scaffolds

In addition to the use of scaffolds comprised of single materials, several natural and
synthetic composite scaffolds have been recently developed for tendon/ligament tissue
engineering. Natural composite scaffolds comprise a group of de-cellularized tissues with
the intention for use as an allograft or xenograft approach. Synthetic composites tend to be
multiphasic, utilizing one or more fabrication techniques and composed of two or more
materials. Together, these scaffolds are primarily intended to supply a more complex
environment with a variety of size scales and scaffold configurations for enhanced integra-
tion with surrounding tissue and to improve the mechanical properties of the engineered
tissue beyond that of single materials.

Natural, de-cellularized matrices contain complex mixtures of ECM components
derived from donor tissue. The composition of these tissues is not well-characterized,
though they present a feasible alternative since they may be acquired from cadaveric donors
of the same species. De-cellularization of these matrices renders them with a reduced risk of
graft rejection and disease transmission. Additionally, these matrices retain a similar
structural composition of the targeted tissue and allow re-cellularization with host cells.
The most common of these are acellular tendon or ligament allografts [92, 182–189].
Detergent treatments yield effectively de-cellularized matrices, yet cellular infiltration
requires modification of the porosity of the matrix through mechanical or enzymatic
disruption that adversely affects mechanical properties [183, 184, 186–189]. By contrast,
small intestinal submucosa has been applied as a decellularized sheet that wraps around a
tendon or ligament defect and allowed greater cellular infiltration and deposition of ECM
when compared with untreated or autograft controls [190–193]. However, these matrices
display poor mechanical properties in comparison with native tendon and ligament [194,
195] and also illicit a significant host inflammatory response [190, 193, 196]. Acellular
dermal matrices and human umbilical veins also offer similar biochemical composition to
tendon/ligament, allow cellular infiltration, and exhibit a minimal inflammatory response,
but have an order of magnitude lower elastic modulus than native tissue [197–201].

Several natural and synthetic materials have been used in combination to synergistically
combine the positive aspects of the individual materials themselves. Numerous groups have
combined fibrous scaffolds with hydrogels to allow homogeneous cell seeding of fibrous
scaffolds, facilitate alignment of cells and matrix within gel systems, enable mechanical
reinforcement of the gel scaffold, and enable controlled delivery of bioactive factors via the
hydrogel [202–204]. A silk cable-reinforced gelatin/silk fibroin scaffold enabled homoge-
neous seeding of MSCs that in turn proliferated, differentiated into fibroblast-like cells, and
secreted ligament ECM components in response to fibroblast-conditioned medium [202].
A composite scaffold containing aligned, electrospun poly(e-caprolactone-co-D,L-lactide)
fibers embedded in a photocrosslinked N-methacrylated glycol chitosan hydrogel enabled
deposition of ECM along the fibrous portions of the scaffold by ligament fibroblasts [203].
A braided PLLA scaffold incorporated with a gelatin hydrogel for controlled release of
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bFGF and wrapped with a collagen membrane has been used in a rabbit ACL reconstruction
model and showed enhanced mechanical strength, collagen deposition, vascularization, and
increased mineralized matrix deposition in the bone tunnel when compared with PLLA
alone [204].

Additional groups have investigated the use of composite materials for engineering tendon/
ligament-bone interfaces. A stratified scaffold has been implemented using three distinct yet
continuous phases has been fabricated using a series of knitted meshes and sintered micro-
spheres [205, 206]. Each phase is designed to mimic a particular region of tissue in the
interface: (1) a soft tissue phase consisting of sintered poly(glactin) 10:90 knitted mesh sheets
seeded with fibroblasts, (2) an intermediate phase consisting of PLGA microspheres seeded
with chondrocytes or left empty for generating a fibrocartilaginous region, and (3) a hard tissue
phase consisting of composite microspheres with a 4:1 ratio of PLGA and bioactive glass
seeded with osteoblasts. This tri-phasic scaffold supported cell proliferation, migration and
phenotypic matrix production while maintaining distinct cellular regions and phase-specific
ECM deposition over time in vitro [206]. This phase-specific matrix heterogeneity was
preserved in an in vivo subcutaneous implantation model in rats, and increased mechanical
properties were observed in comparison with acellular scaffolds [205].

Various ceramics have been incorporated within different scaffolds in an effort to mimic
the mechanical properties of this specialized interface. A gradient of calcium phosphate has
been generated on gelatin-coated electrospun poly(caprolactone) by varying the immersion
time in solution [207]. This produced a gradient of mechanical properties where increased
mineralization yielded increased stiffness of the construct. Fibroblasts seeded on this
gradient scaffold preferentially adhered to and proliferated on areas with higher mineral
content. Another group has incorporated hydroxyapatite into PEG-based hydrogels for
engineering of the bone-ligament interface. Cells adhered to and proliferated on these
PEG-hydroxyapatite gels, and this construct was able to anchor with a fibrin matrix seeded
with primary tendon fibroblasts [208].

Graded distribution of mineral deposition has also been achieved by seeding fibroblasts
onto scaffolds containing a spatial distribution of retrovirus encoding the osteogenic
transcription factor Runx2/Cbfa1 [209]. This gradient of immobilized retrovirus was
generated by controlling the density of poly(L-lysine) deposition on collagen scaffolds.
Controlling the spatial distribution of Runx2 resulted in patterns of osteoblastic differentia-
tion and mineralized matrix deposition, forming a gradient of mechanical properties that
was preserved upon in vivo implantation of the scaffold at an ectopic site.

11.4
Conclusions and Future Work

Significant progress has been made in improving the design and engineering of biomaterials
for tendon/ligament tissue engineering. Researchers continue to develop a better under-
standing of cellular interactions with both synthetic and natural materials that are affected
by structural organization, size-scale effects of microstructures within the scaffold, degrad-
ability and remodeling, and spatio-temporal presentation of biochemical and mechanical
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cues. This improved understanding continues to inform design of novel biomaterials and
protocols for tissue engineering.

Several challenges remain to be solved in order to successfully engineer tendon or
ligament tissue. Many of the approaches discussed in this review still fail to fully
replicate the mechanical properties of native tendon/ligament tissue, particularly with
respect to elastic modulus, tensile strength, and viscoelastic characteristics. Increasingly,
researchers are employing bio-inspired approaches to accomplish this feat by generating
natural or synthetic fibers in an architectural configuration more reminiscent of native
tissue. Future approaches will likely require the use of hybrid materials that incorporate
the advantages of both natural and synthetic materials. A significant challenge remains
with engineering a strong bond between mechanically dissimilar materials at the inter-
faces between engineered tendons/ligament and their skeletal and muscular counterparts.
Progress has been made in engineering tissue interfaces with graded mechanical proper-
ties, though these constructs have not been optimized for tensile load bearing. Unification
of approaches with braided scaffolds that allow better tensile load bearing will further
replicate the complex mechanical properties of tendon tissue. Additionally, there remains
a paucity of information with regard to the interactions of seeded cells with a complex set
of cellular (cell–cell contacts), soluble (cytokines, growth factors) and insoluble (substrate
stiffness, matrix topography/topology) cues presented all at once within the injured and
healing joint capsule and by the biomaterial itself. Achieving the proper scaffold network
topology, topography, and mechanical properties from the fiber to fascicle scale will
require more sophisticated macroscale scaffold fabrication processes and may additionally
rely on microscale biosynthetic and self-assembly approaches mediated by incorporated
cells. On-demand release strategies must be developed for controlled spatial and temporal
presentation of soluble morphogens and ECM ligands through covalent or physical
incorporation into existing scaffolds. Mimicking the physiological microenvironment
encountered during directed tissue development and healing will aid in directing the
recruitment and actions of regenerative cells (progenitor and terminally differentiated)
that work in concert to generate not only fibrous tissue, but also blood vessels and tissue
interfaces necessary for a successful tendon or ligament.

As evidenced by some of the more recently developed biomaterials outlined in this
review, our knowledge of how cells respond to biomaterials and the extracellular milieu
encountered in the regenerative environment continues to grow at a rapid and exciting pace.
Advancements continue to be made in engineering more complex materials to direct cell
fate by presenting several cues in a controlled context as part of an instructive environment.
New materials will likely work with and enhance the body’s own mechanisms of repair,
mobilizing endogenous or transplanted cells to reproduce complex tendons and ligaments.
Although no single biomaterial approach outlined in this review has completely replicated
the outstanding mechanical properties of native tendon and ligament tissue, their functional
sophistication continues to develop and holds much promise for future tissue engineering
strategies.
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Abstract Bone is the principal component of the skeletal system. It is comprised of an
extracellular matrix that is characterized by a hierarchical and heterogeneous structure with
features that span from the nanoscale to the macroscale and interact to perform the various
functions of the tissue. For large defects, traditional therapies for bone repair include tissue
grafts, which are limited by supply (autografts) and the potential for disease transmission
(allografts). Alternatively, commercially available products used for bone reconstruction do
not necessarily approximate the hierarchical nanoscale structure of the natural tissue. This
chapter will focus on recent advances in the development of select biomimetic, self-
assembled and nanocomposite materials for use in the repair and regeneration of osseous
tissues.
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12.1
Introduction

Bone is a dynamic, vascularized hard tissue which serves many vital functions in verte-
brates [1, 2]. As the principal component of the skeletal system, bone supports the weight of
the body, allows for locomotion and protects the vital organs while also acting as a
repository for various ionic species (i.e., calcium, phosphorous, magnesium, fluoride)
which are essential for mineral homeostasis and other metabolic processes. Depending on
the anatomical location, the structure and properties of bone can vary greatly. However,
there are certain features that are common to all forms of bone. The inorganic mineral phase
(50–70% by weight) consists of small, plate-like crystals (50 nm in length, 25 nm in width,
and 2–5 nm in thickness) of a poorly crystalline, carbonate-substituted apatite, which
contain vacancies and impurities and provides the high compressive strength associated
with the tissue [3–6]. The organic matrix constitutes 20–40% of the weight and is comprised
mostly of type I collagen (90%) which assembles into fibers (20–150 nm in diameter) that
impart resistance to tensile and torsional forces. The noncollagenous proteins of the organic
matrix consist of proteoglycans, glycoproteins, and g-carboxyglutamic acid-containing
proteins (i.e., osteocalcin) which determine structural organization, mediate cell attachment,
and regulate mineralization [3, 4]. The native cell type responsible for bone matrix
elaboration is the osteoblast, which originates from non-hematopoietic mesenchymal pro-
genitor cells in the bone marrow [7].

The hierarchical structure of bone extends over multiple length scales. At the nanoscale
(0.5–200 nm), the functional components are comprised of collagen fibrils embedded with
calcium phosphate crystals and noncollagenous matrix proteins [8–11]. The major micro-
structural units (1–500 mm) are the osteons, which consist of concentric lamellae that surround
Haversian canals (3–7 mm in diameter) and allow for blood and nutrient flow. At the
macrostructural level, closely packed osteons further assemble into cortical (i.e., compact)
bone, while a more loosely organized, porous matrix with concentric lamellae of collagen
fibrils form cancellous (i.e., spongy) bone. The heterogeneous and anisotropic nature of the
tissue gives rise to unique mechanical properties (Table 12.1) that have been difficult to
replicate using engineered biomaterials [10–12].

As one of the few human tissues capable of regeneration, bone is able to naturally heal in
response to injury. However, there are occasions in which bone healing must be augmented,

Table 12.1 Mechanical properties of cortical and cancellous bone [12]

Property Cortical bone Cancellous bone

Compressive strength (MPa) 100–230 2–12
Flexural, tensile strength (MPa) 50–150 10–20
Strain to failure (%) 1–3 5–7
Fracture toughness (MPa m1/2) 2–12 –

Young’s modulus (GPa) 7–30 0.5–0.05
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such as in spinal fusion (arthrodesis) or for the treatment of fracture nonunions or skeletal
deformities caused by infection, trauma, or tumor resection [13]. In such cases, osseous
tissue repair is facilitated using bone grafts, accounting for over 600,000 procedures
annually in the United States [14]. In order for a bone graft to successfully integrate into
the native tissue, the material should be osteogenic, osteoinductive, and osteoconductive
[15]. The gold standard for bone grafting is the autograft, which utilizes bone tissue
harvested from another location in the patient’s skeleton, most commonly from the iliac
crest. Autogenous bone grafts contain progenitor or differentiated cells to promote osteo-
genesis, growth and differentiation factors that enable osteoinduction, and a three-dimen-
sional matrix that allows for osteoconduction. However, the use of autografts has
limitations, including availability, donor site morbidity, pain, infection, nerve damage,
and hemorrhage [15–18]. Allografts, which are harvested from cadavers or other donors,
are also used for bone grafting procedures. Allogeneic material is more readily available,
but can result in disease transmission, immune response, and inferior mechanical and
biological properties due to sterilization procedures [15].

Given the limitations associated with current bone graft technologies, considerable effort
has been directed at developing viable alternatives for the restoration of osseous tissues.
A number of natural and synthetic materials have been used in bone grafting procedures due
to their abundant supply and ease of processing. Ideally, implementation of this strategy for
bone tissue repair would incorporate the advantages of allografts and autografts. Specifically,
engineered bone constructs should be readily available, and possess osteogenic, osteoinduc-
tive, and osteoconductive properties to promote functional integration with surrounding host
tissue (i.e., osseointegration). A construct that could be developed in vitro or in the operating
room just prior to implantation may circumvent the limitations of existing repair techniques
and aid in the regeneration of damaged and diseased osseous tissues.

Presently, the commercially available products used for bone reconstruction are acellular
materials (i.e., demineralized bone matrix, calcium-phosphate ceramics, resorbable polye-
sters, collagen) that do not necessarily approximate the hierarchical nanoscale structure of
the natural tissue. As such, this chapter will focus on recent advances in the development of
select biomimetic, self-assembled and nanocomposite materials for potential use in engi-
neering living tissue equivalents for bone regeneration.

12.2
Current Bone Grafting Materials

From the perspective of materials design, a bone graft substitute should satisfy multiple
criteria in order to ensure success in a clinical setting [19, 20]. Such materials should: (1)
induce a minimal foreign body or immune response, (2) stimulate cell adhesion, osteogenic
differentiation and bonding to bone, (3) provide an interconnected porous structure for
cellular infiltration, vascularization and nutrient transport, (4) possess mechanical properties
that approximate those of the host bone tissue, (5) degrade safely via controlled dissolution,
(6) allow for fabrication in different formats and geometries for a range of applications, and
(7) undergo sterilization without altering material properties. Several of these criteria have
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been met by current products used for bone reconstruction. Nevertheless, there is still a need
for new biomaterials with improved functionality and versatility.

12.2.1
Demineralized Bone Matrix

Demineralized bone matrix (DBM) is produced by the acid extraction of allograft bone,
which removes the mineralized component and preserves type I collagen and noncollagen-
ous proteins, including numerous growth factors [21, 22]. Commercially available DBM
(Grafton, Osteotech; Accell, Integra Life Sciences), may be manufactured in many forms,
including injectable gels, putty and flexible strips, all of which lack structural strength but
possess osteoconductivity and osteoinductive agents. The osteoinductive ability of DBM to
stimulate osseous tissue regeneration is dependent upon the activity of osteogenic growth
factors, including bone morphogenic proteins (BMPs). DBM is considered “minimally
manipulated” human allograft tissue by the Food and Drug Administration, with no man-
dated growth factor concentration or osteoinductive properties [23]. As a result, the various
commercially available formulations of DBM exhibit a wide range of biologic functionality
due to variations in BMP content associated with each preparation. In addition, DBM is also
subject to the inherent shortcomings of allograft tissue (i.e., disease transmission).

12.2.2
Calcium Phosphate Ceramics and Bioactive Glasses

Hydroxyapatite (HA) is a major mineral component of calcified tissues [8, 9]. Synthetic HA
(Ca10(PO4)6(OH)2) and other calcium phosphates (i.e., b-tricalcium phosphate) have been
used extensively in the clinical arena for bone repair applications due to their similarity with
the mineral phase of the native tissue [24–26]. These materials possess excellent osteocon-
ductive properties, as they support osteoblast adhesion and proliferation, and form strong
bonds to adjacent hard and soft tissues, improving implant fixation. The resorption of
calcium phosphate ceramics is dependent on the crystallinity of the lattice (i.e., less
crystalline b-tricalcium phosphate degrades 3–12 times faster than HA), and can be tailored
to match the rate of new bone matrix elaboration [27]. In addition, nanocrystalline biocera-
mics degrade more readily than conventional grain size calcium phosphates, allowing for
further control over the dissolution rate [28]. Nanohydroxyapatite variants can be prepared
by precipitation using emulsion, template and sol-gel techniques, but these methods rely on
highly controlled parameters (reactant concentration, pH and temperature), which present
technical challenges for reproducibility [29]. Existing commercial products range from
cancellous bone void fillers composed of b-tricalcium phosphate (VITOSS, Orthovita) to
HA and calcium carbonate bone graft substitutes (Pro Osteon, Biomet Osteobiologics).
Although the various calcium phosphate ceramics have been used clinically for more than
2 decades, they are limited due to insufficient mechanical properties. Specifically, they
possess high moduli and compressive strength but have a low fracture toughness and are
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susceptible to brittle failure. Therefore, calcium phosphate ceramics have largely been used
in non-load bearing applications (i.e., middle ear implants) and as bone fillers [30, 31].

Bioactive glasses have also been used for many years in powder form as bone defect fillers.
The first bioactive glass developed by Hench and colleagues was in the Na2O–CaO–SiO2–

P2O5 system and termed BioGlass® [32–34]. The primary advantage of such calcium and
phosphorous-containing silica glasses is the rapid rate of surface reactivity, which leads to the
formation of a carbonated HA on the material when exposed to biological fluids [32, 35, 36].
The initial surface reaction involves rapid ion exchange (Na+, Ca2+, H+, H3O

+) followed by a
polycondensation reaction of surface silanols to produce a thick silica gel layer that provides
nucleation sites for crystallization [34]. The resulting bone-like apatite is equivalent to the
inorganic mineral phase of bone and bonds tightly to neighboring tissue. Bioactive glasses are
also degradable and the ionic dissolution products have been shown to stimulate osteogenic
differentiation and bone nodule formation [37]. However, as with the calcium phosphate
ceramics, the bioactive glasses are compromised by brittle fracture behavior.

12.2.3
Natural and Synthetic Polymers

Polymers have been employed for bone tissue engineering applications because they
possess physical properties that are similar to the fibrous proteins found in soft and hard
connective tissues. Both natural and synthetic polymeric materials can be fabricated into
defined geometries and formats (i.e., porous foams, dense plates) and modified chemically
to modulate cell adhesion and degradation characteristics.

Collagen is the most widely used natural polymer for regenerative therapies owing to its
biological properties favoring cell adhesion and differentiation [38]. Concerns exist over
potential hypersensitivity reactions in patients as well as poor handling and weak mechani-
cal properties [39]. As such, collagen is seldom used alone in bone repair strategies.
Synthetic polymers for bone regeneration include polyfumarates, and the polyesters, poly
(lactic acid), poly(glycolic acid) and polycaprolactone [40–42]. These resorbable materials
offer versatile alternatives to natural polymers (i.e., collagen) and may be processed into
three-dimensional scaffolds using techniques such as gas foaming, particulate leaching and
phase separation to vary porosity, surface features and degradation rates [43]. Nevertheless,
synthetic polymers often elicit inflammatory responses as a result of acidic degradation
products and lack the bioactive, bone bonding properties of bioceramics.

12.3
New Developments in Bone Grafting Materials

Due to the limitations of existing bone graft substitutes, there has been a major effort to
develop new materials that possess osteoinductive capabilities while also imparting suffi-
cient mechanical properties to meet the demanding load-bearing requirements of native
bone tissue. These approaches have focused on recapitulating the hierarchical nanoscale
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structure and composition of bone using both natural and synthetic materials coupled with
novel assembly and fabrication processes.

12.3.1
Self-Assembled Biomimetic Materials

The self-assembly of biomolecules is a well-characterized phenomenon in which molecules
spontaneously organize under thermodynamic equilibrium conditions to form functional
macromolecular structures stabilized by non-covalent interactions (i.e., hydrogen bonding,
electrostatic interactions, van der Waals forces) [44, 45]. These macromolecular assemblies
are often proteins that impart instructional cues to cells and provide mechanical functional-
ity (i.e., collagen) or polynucleotides that encode genetic information (i.e., DNA, RNA).
Studies investigating mechanisms of protein folding and self-assembly demonstrated that
alternating amphiphilic peptide sequences are capable of aggregating and forming b-sheet
secondary structures, depending on the presence of salts and pH [46, 47]. This knowledge
has since been used for the rational design of water-soluble peptides comprised of alternat-
ing hydrophobic and hydrophilic amino acid residues that form soft hydrogels with changes
in the ionic strength and/or pH of the aqueous solution [48].

Some of these new biomimetic peptide systems have been shown to promote osteogenesis
and bone regeneration. For example, peptide RAD16-I (PuraMatrix™), with the amino acid
sequence, AcNH–RADARADARADARADA–COONH2 (Ac ¼ Acetyl, R ¼ Arginine,
A ¼ Alanine; D ¼ Aspartic Acid), assembles into an anti-parallel b-sheet configuration
that forms a nanofiber network that is structurally similar to type I collagen gels [49–51].
Three-dimensional RAD16-I hydrogel scaffolds support osteogenic differentiation of mar-
row-derived mesenchymal stem cells in vitro, as determined by the expression of alkaline
phosphatase and osteocalcin (early and late bone differentiation markers, respectively) and by
the deposition of a mineralized matrix [52]. Similarly, when used to fill small defects (3 mm)
in mice calvaria, RAD16-I induced the expression of bone-related transcription factors
(Osterix and Runx2) by cells in the vicinity of the defect, and resulted in the formation of a
bony bridge with cortical bone medullary cavities [53]. Defects injected with Matrigel™ did
not result in new bone formation bridging the defect site. Although RAD16-I does not contain
any specific cell instructive motifs, the peptide has been covalently coupled to a 2-unit
fibronectin binding sequence (PRGDSGYRGDS) and an osteopontin cell adhesion motif
(DGRGDSVAYG) [54]. Such modified RAD16-I peptide scaffolds were shown to promote
cell proliferation and osteoblastic differentiation by murine pre-osteoblast MC3T3-E1 cells
in vitro.

Other self-assembling peptide networks exist that do not form the b-sheets characteristic
of RAD16-I. A recently engineered peptide amphiphile relies on different mechanisms for
assembly, with unique properties that are dictated by five distinct structural regions [55, 56].
These include: (1) a hydrophobic alkyl tail that provides amphiphilicity when combined
with the peptide region, (2) four consecutive cysteine residues that form disulfide bonds
when oxidized, (3) a flexible linker region of three glycine residues, (4) a single phos-
phorylated serine residue that interacts with calcium to direct mineralization, and (5) an
RGD cell adhesion ligand. These peptide amphiphiles assemble into nanofibers that are
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capable of nucleating HA crystals on their surfaces [55]. The crystallographic c axes of the
HA crystals co-align with the long axes of the fibers, analogous to the nanoscale organiza-
tion of collagen fibrils and HA crystals in bone. When placed in critical-size femoral defects
in rats (5 mm gap), pre-assembled peptide amphiphilic nanofiber gels stimulated new
calcified tissue formation which emanated from both ends of the defect, bridging the gap
[57]. This regenerative response was linked to the presence of phosphorylated serine
residues on the supramolecular nanofibers, as control matrices with non-phosphorylated
serine residues exhibited significantly less bone volume after 4 weeks in vivo.

In addition to peptide-based biomimetic materials, self-assembled nanostructured scaf-
folds have also been developed from functionalized DNA base pair building blocks for
bone regeneration applications. Helical rosette nanotubes (HRNs) comprised of the hetero-
bicyclic base building block, Guanine^Cytosine (G^C), spontaneously self-assemble in
aqueous solutions to form stable nanotubular architectures approximately 4 nm in diameter
[58]. The G^C base unit possesses the Watson-Crick donor–donor–acceptor hydrogen bond
(H-bond) array of guanine and the acceptor–acceptor–donor of cytosine. Under physiolog-
ical conditions, these arrays assemble into six-membered rosette supermacrocycles that
stack to form tubular structures stabilized by noncovalent interactions (i.e., H-bonds,
hydrophobic effects), with a hollow core 11 Å in diameter [59]. At 60�C or when added
to culture medium at body temperature, HRNs undergo a liquid to viscous gel phase
transition that may be advantageous as an injectable therapy for treating bone fractures in
situ. Studies have demonstrated that HRNs functionalized with the amino acid lysine
(HRN-K) significantly enhanced osteoblast adhesion on titanium surfaces compared to
uncoated Ti [58, 60]. It has also been reported that HRN-K embedded in biocompatible
poly(2-hydroxyethyl methacrylate) (pHEMA) hydrogels promoted osteoblast adhesion and
greatly decreased the polymerization time of the hydrogels [61]. Further, when the cell-
adhesive RGDSK peptide was covalently attached to the G^C base, HRNs modified with
RGDSK (HRN-RGD-K) and coated on pHEMA hydrogels resulted in a 200% increase in
osteoblast adhesion relative to hydrogel controls without HRNs [62]. Moreover, osteoblast
adhesion was greatly enhanced on HRN-coated hydrogels compared to poly-L-lysine and
collagen-coated hydrogels. The increased osteoblast density on HRN hydrogels (HRN-
RGD-K and HRN-K) was attributed to increased fibronectin adsorption as well as to the
nanometric rosette features, which mimic the helical nanostructure of collagen in bone [61].

Although self-assembled systems have employed biomimetic processes to create mate-
rials conducive to osteoblast adhesion and mineralization, a lack of structural integrity and
the ability to withstand the mechanical requirements for load bearing applications may limit
the use of such scaffolds. Therefore, composites that recapitulate the nanoscale features and
mechanical function of the collagen-apatite network have been explored for osseous tissue
regeneration.

12.3.2
Nanocomposite Scaffolds (Collagen)

Bone is a natural composite with distinct organic (i.e., collagen) and inorganic (i.e., apatite
crystals) phases that interact to impart unique physical and chemical properties to the tissue
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(high strength, fracture and fatigue resistance, cell binding motifs) [11]. As a result, recent
efforts to engineer bone replacements have attempted to mimic the composite nanostructure of
the tissue by incorporating nanoscale crystals, particles and polymericfibers [63]. The objective
is to fabricate materials with functional properties that are superior to those of the individual
components alone, and possess the appropriate porosity for nutrient transport and osseointe-
gration (100–200 mm pore sizes) while maintaining strength and toughness as well as the
ability to regulate bone cell function (e.g., adhesion, osteogenic differentiation).

A common approach is to design composite materials that integrate collagen and
nanoparticulate HA, given the close similarity to the natural tissue composition [64]. For
example, a nano-HA/collagen matrix was produced by precipitation of HA from an aqueous
solution onto collagen sheets and convolved to form three-dimensional scaffolds [65].
These materials supported the outgrowth of cells from calvarial bone fragments, as extra-
cellular matrix with proliferating cells was continuously produced at the interface between
the bone fragments and the composite. The porous nano-HA/collagen matrix provided a
microenvironment resembling that found in vivo, and cells within the composite eventually
(by 21 days) acquired a three-dimensional, osteoblast-like polygonal shape.

More recent studies have attempted to recreate the nanofibrous structure of the collagenous
extracellular matrix component of bone rather than use macroscale sponges or fibers. Scaf-
folds comprised of type I collagen nanofibers and nanocrystalline HAwere produced using an
electrospinning technique in which solutions of collagen and HA were drawn through a
voltage gradient, forming jets that were collected layer-by-layer on a grounded aluminum
target surface [66]. The diameter of the collagen nanofibers was 265 � 0.64 nm and that of
the collagen/HA nanofibers was 293 � 1.45 nm. The crystalline HA (29 � 7.5 nm)
incorporated into the composite was embedded within the nanofibrous matrix of the scaffolds
(Fig. 12.1). Human fetal osteoblasts cultured on the materials exhibited a 56% increase in
mineralization after 10 days when seeded on collagen/HA constructs in comparison to
collagen nanofiber meshes alone. These findings underscore the importance of the bioceramic
constituent in modulating cellular behavior and suggest that electrospun collagen/HA nanofi-
brous scaffolds have potential for bone tissue engineering applications.

12.3.3
Nanocomposite Scaffolds (Synthetics)

Although collagen-based composites have shown promise as bone graft substitutes, colla-
gen is not an ideal material component due to problems with sourcing, mechanical proper-
ties, and immunogenicity. As a result, a variety of synthetic polymers have been
incorporated into nanocomposite scaffolds to supplement the collagenous phase and impart
superior functional properties [67, 68]. Liao et al. used a freeze-drying technique to
assemble collagen molecules and nanoparticulate HA into mineralized fibrils that were
further dispersed into a poly(lactic acid) (PLA) matrix to provide additional mechanical
strength and integrity [67]. The mineralized fibrils were approximately 6 nm in diameter
and 300 nm in length while the pores within the composite scaffold ranged from 100 to
300 mm in size and formed an interconnected network. Increasing the PLAweight percent
(wt%) of the construct (8, 10 and 12%) was found to improve the compressive strength,
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with the highest values (1.9 MPa) measured for the 12 wt% PLA composites. A similar
dependence on PLA wt% for the compressive modulus was not observed, as the peak
modulus of 47.3 MPa was determined for 10% PLA scaffolds. Overall, the values for the
compressive strength and modulus were in the lower range of those of spongy bone. The
materials were also shown to support rat calvarial osteoblast adhesion and matrix deposi-
tion. As such, the bioactivity coupled with the mechanical properties and the interconnected
porosity indicate that the nano-HA/collagen/PLA composites may be useful for the repair or
regeneration of cancellous bone.

Additional strategies have entirely replaced the collagenous phase of nanocomposite
scaffolds with other polymeric materials rather than augment the existing nanostructured
collagen-apatite network. For example, electrospun polycaprolactone (PCL) nanofibers and
nanocrystalline HA (30.25 � 4.43 nm) were fabricated into composite scaffolds and further
surface-modified using oxygen plasma treatment to improve wettability [68]. PCL is a non-
toxic, synthetic aliphatic polyester that is biocompatible and undergoes slow hydrolytic
degradation into natural metabolites [69]. The fiber diameter, pore size and porosity of the
nanofibrous PCL scaffolds were estimated to be 220–358 nm, 3–18 mm, and 87% respec-
tively, while values for the PCL/HA nanocomposites were 352–625 nm, 4–20 mm, and
92%, respectively. The ultimate tensile strength of the PCL meshes was 3.37 MPa and that
for the PCL/HA scaffolds was 1.07 MPa. Human fetal osteoblast cells cultured on surface-
modified and unmodified PCL and PCL/HA nanofibrous scaffolds were shown to prolifer-
ate at a significantly higher rate on the surface-modified nanofibrous scaffolds. However,

Fig. 12.1 Scanning electron micrographs of electrospun collagen (a) and collagen/hydroxyapatite
(Col/HA) nanofibrous composites (b) for bone tissue repair. Human fetal osteoblasts exhibit
enhanced mineral deposition on Col/HA scaffolds (d) in comparison to collagen nanofiber matrices
(c) after 6 days in culture. Reprinted with permission from [66]
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mineralization was significantly increased only on PCL/HA nanofibrous scaffolds (both
plasma treated and untreated), which appeared as mineral nodules synthesized by osteo-
blasts similar to the apatite of natural bone. Still, it is not clear how these nanocomposites
would function under compressive loading, and the small pore size (<20 mm) in compari-
son to scaffolds formed by freeze-drying or phase separation methods (>100 mm) may be a
barrier to osseointegration (although recent methods have been described using sacrificial
layers to improve the pore structure of electrospun nanofibrous scaffolds [70]).

12.3.4
Nanocomposite Scaffolds (Natural Materials)

Aside from synthetic polymers (i.e., PLA, PCL), natural materials such as silk and chitosan
have also been combined with nano-HA in place of collagen to form composites for bone
regeneration. Silk from different sources (i.e., silkworm silk Bombyx mori and spider
dragline silk Nephila clavipes) is an attractive natural material owing to its biocompatibility,
slow degradation, and superior mechanical properties [71–74]. The Kaplan group has
developed an approach whereby the biomimetic growth of calcium phosphate crystals on
silk fibroin polymeric matrices (using both porous foams and electrospun nanofibrous
scaffolds) is used to generate organic/inorganic composites [75, 76]. In one study, aqueous-
derived silk fibroin scaffolds were prepared with the addition of polyaspartic acid during
processing as a molecular recognition motif to enable subsequent nucleation and growth of
apatite when soaked in a solution of CaCl2 and Na2HPO4 [76]. While apatite nanoparticles
were deposited on the scaffold walls in localized regions, there may not have been sufficient
coverage to provide global stiffening, since the compressive strength (0.1–0.25 MPa) and
modulus (1–3 MPa) were well below values for cancellous bone. Nevertheless, human
mesenchymal stem cells cultured in osteogenic medium exhibited a significant increase in
alkaline phosphatase activity and calcium deposition when seeded on premineralized silk
fibroin composites in comparison to untreated scaffolds.

Chitosan is an amino polysaccharide derived from the structural biopolymer chitin,
which is a principal component of crustacean exoskeletons, and has been shown to possess
excellent biocompatibility [77]. Novel nanocomposite chitosan/HA scaffolds were prepared
by combining an in situ co-precipitation synthesis approach with an electrospinning process
[78]. Composites with an HA content of 30 wt% were first produced through a co-precipita-
tion method in which chitosan was dissolved in a solution of H3PO4 and precipitated in an
alkali suspension of CaOH2 to obtain a homogenous dispersion of spindle-shaped HA
nanoparticles (ca. 100 � 30 nm) within the chitosan matrix. Using a small amount (10 wt
%) of ultrahigh molecular weight poly(ethylene oxide) as a fiber-forming facilitating
additive, electrospinning was then employed to form continuous chitosan nanofibers with
diameters of 214 � 25 nm and HA nanoparticles incorporated into the electrospun fibers.
Human fetal osteoblasts cultured for up to 15 days on chitosan/HA nanofibrous scaffolds
displayed significant mineral deposition compared with those without nanophase HA. The
advantage of the biomimetic crystallization and co-precipitation strategies used in the
fabrication of the silk and chitosan biopolymer/HA nanocomposites described here is that
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these methods overcome the difficulties associated with nanoparticle agglomeration often
encountered in the fabrication of composite materials.

12.3.5
Microsphere-Based Scaffolds

Another strategy for engineering scaffolds for bone reconstruction relies on the use of
sintered microspheres to form bioactive composites with an interconnected porous struc-
ture. Specifically, degradable poly(lactide-co-glycolide) (PLGA) microspheres with a
poorly crystalline calcium phosphate ceramic synthesized within the microspheres were
fused together to form porous three-dimensional scaffolds for bone repair [79]. Careful
manipulation of processing parameters resulted in scaffolds containing a nanocrystalline
hydroxyapatite resembling that seen in bone. Varying the polymer/ceramic ratio of the
microspheres and heating time of the composite produced a peak compressive modulus of
64.7 MPa, within the range of trabecular bone, using microspheres synthesized at 4�C, a
high polymer/ceramic ratio, and a scaffold heating time of 90 min (at 90�C). A variation on
this methodology was used to fabricate PLGA/45S5 bioactive glass (BG) microsphere
composites using a water-oil-water emulsion technique [80]. 45S5 BG granules
(<40 mm) were combined with PLGA to produce a bioactive and biodegradable composite
substrate, while the addition of BG granules also served to reinforce and stiffen the
polymeric matrix. The PLGA/BG scaffolds had an average porosity of 43% compared to
31% for PLGA microsphere matrices and the elastic modulus increased from 26.48 � 3.7
MPa to 54.34 � 6.08 MPa with the addition of BG as a reinforcement phase. Although the
microspheres were much larger than the nanoscale particulates typically incorporated into
composites for bone regeneration, a nanocrystalline apatite formed on the surface of the
PLGA/BG scaffolds when they were immersed in simulated body fluid, a phenomenon that
was not observed in PLGA controls. The BG-reinforced composites also supported cell
adhesion (Fig. 12.2) and the expression of alkaline phosphatase and calcium phosphate
nodule formation by seeded cells.

12.3.6
Nanophase Ceramics and Material Properties/Processing

The inclusion of nanophase ceramics (i.e., nanoparticulate HA) into composite bone graft
substitutes has been well characterized in terms of their ability to enhance bone cell
function in comparison to un-reinforced composites or those modified with conventional
(microscale) particulates [81, 82]. However, nanophase bioceramics have also been shown
to play an important role in improving the mechanical properties of polymer/ceramic
nanocomposites. For example, Wei and Ma used a phase separation technique to produce
nano-HA/poly(L-lactic acid) (PLLA) foam scaffolds with high porosity (>90%) and pore
sizes of 50–100 mm [83]. The introduction of nano-HA particulates significantly increa-
sed the compressive modulus of the composites (from 4.3 to 8.3 MPa) when the content
of nano-HA was increased from 10 to 50%. In comparison to composites produced using
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conventional microscale HA particles, the nano-HA/PLLA scaffolds adsorbed signifi-
cantly more proteins at high HA content (50–80%), which would be expected to enhance
the cellular response to these materials. A related study used nanophase (67-nm diameter)
and conventional (0.132-mm diameter) HA powder to fabricate HA/PLLA scaffolds by
solvent casting in PLLA solutions of 30, 40 and 50 wt% [84]. The nanophase composites
exhibited bending moduli at 40 and 50 wt% PLLA compositions that were significantly
greater (1.5-fold) than corresponding scaffolds comprised of conventional HA. The values
(0.54 � 0.06–0.95 � 0.09 GPa) were in the lower range of those reported for trabecular
bone [85].

In order to achieve optimal functional (i.e., mechanical) properties, the particulate
reinforcing phase of a composite material should be uniformly dispersed throughout the
matrix. A variety of fabrication procedures have been utilized to produce nanocomposites
for bone reconstruction with evenly distributed nanoparticulate phases. A recent study
demonstrated that the choice of solvent can impact the dispersion of particles within a
polymeric matrix. Particulates of 20%HA/80% b-TCP were dissolved together with PCL in
either methylene chloride (MC) or a combination of dimethylformamide (DMF) and MC to
electrospin PCL fibrous meshes infused with HA/b-TCP [86]. The ceramic component of
the PCL/HA/b-TCP composites produced using the combination of DMF and MC as a
solvent was more uniformly dispersed than in the fibrous meshes fabricated using MC
alone. Moreover, the maximum tensile stress was significantly higher for composites
fabricated from DMF and MC compared with scaffolds electrospun from MC (3.7 � 1.0
MPa versus 1.9 � 0.4 MPa, respectively). However, the average pore size of the meshes
produced using the DMF and MC combination was only 7.0 � 4.2 mm in contrast to the
scaffolds fabricated using the MC solvent, with an average pore size of 79.6 � 67 mm. As a
result, human mesenchymal stem cells did not infiltrate into the composites electrospun
using the DMF and MC solvent mixture.

Fig. 12.2 Scanning electron micrograph of osteoblast and chondrocyte co-cultures seeded on sintered
poly(lactide-co-glycolide)/45S5 bioactive glass microsphere composites (courtesy of Dr. Helen Lu,
Columbia University)

354 S.B. Nicoll

12



Other methods have been employed to improve particulate dispersion that also enhance
interfacial bonding between the matrix and the reinforcing phase. For instance, PLLA/nano-
HA composites were fabricated in which the hydroxyl groups on the surface of the HA
nanoparticles were chemically grafted to PLLA by ring opening polymerization of L-lactide
in the presence of a catalyst, and the grafted nano-HAwas further blended in a PLLAmatrix
[87]. Grafting allowed for a uniform distribution of nano-HA particles within the PLLA
matrix and the strong tether to the molecular chains of PLLA improved the reinforcement
effect of the HA nanoparticles. The grafted nano-HA/PLLA scaffolds exhibited a peak
tensile strength (~75 MPa), bending strength (~125 MPa) and impact energy (~4.5 kJ/m2) at
4 wt% HA, all of which were significantly greater than values for PLLA/HA composites
without grafting. These findings indicate that surface grafting may be used to enhance the
mechanical properties of engineered PLLA-based scaffolds for bone regeneration.

Using a similar surface grafting approach, the Mikos group developed a novel
photocrosslinked composite material comprised of poly(propylene fumarate) (PPF)/
poly(propylene fumarate)-diacrylate (PPF-DA) and alumoxane nanofillers [88, 89].
The alumoxane particles were chemically modified with both a surfactant and a reactive
functional group (to form acryloyl undecanoic amino acid-alumoxane) to facilitate
dispersion and covalent interactions within the polymer. PPF/PPF-DA systems degrade
via ester hydrolysis into the biocompatible products fumaric acid and propylene glycol,
along with low quantities of acrylic acid and poly(acrylic acid-co-fumaric acid) [90].
The resulting nanocomposite material incorporating surface-modified alumoxane nano-
particles into the PPF/PPF-DA polymer demonstrated over a threefold improvement in
flexural modulus (5.410 � 0.460 GPa) compared with the polymer alone with only a
1 wt% loading of nanoparticles. These dramatic improvements in flexural properties
may be attributed to the fine dispersion of nanoparticles into the polymer and increased
covalent interaction between the polymer chains and the surface-modified nanoparticles.
However, the flexural mechanical properties of these nanocomposites were only one-
third of those measured for human cortical bone. In a follow-up study, PPF/PPF-DA
composites with surface-modified alumoxane nanoparticles were implanted in the
lateral femoral condyle of adult goats for 12 weeks [91]. Direct contact between the
scaffolds and surrounding bone tissue was observed and the incorporation of alumoxane
nanoparticles into the porous PPF/PF-DA scaffolds did not significantly alter in vivo
bone biocompatibility or degradation.

In concurrent work, the same research group incorporated ultra-short single-walled carbon
nanotubes (SWNTs) functionalized with dodecyl groups (Fig. 12.3) into porous PPF/(propyl-
ene fumarate)-diacrylate (PF-DA) scaffolds fabricated using a thermal-crosslinking particulate
leaching technique to achieve pore volumes of 75–90% [92]. The functionalized SWNTs
dispersed more uniformly into the composite scaffolds than unmodified SWNTs and aug-
mented themechanical properties of the composites, dependent upon the porosity. Specifically,
the compressive strength (~0.3 MPa) and offset yield strength (~0.2 MPa) were significantly
higher in PPF/PF-DA scaffolds with functionalized, ultra-short SWNTs at 80% porosity in
comparison to un-reinforced PPF constructs. The PPF/PF-DA/SWNT composites were also
osteoconductive as determined by their ability to support mesenchymal stem cell adhesion and
proliferation in vitro. Still, these scaffolds did not exhibit osteoinductive properties consistent
with nano-HA or BG-containing composite materials.
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12.4
Future Directions

Advances in materials science and biomolecular engineering have resulted in the fabrication
of novel biomaterials that mimic the nanostructured collagen-apatite network in native bone
tissue. Although many of these newly developed materials may serve as suitable replace-
ments for trabecular bone, their mechanical properties are not sufficient for the repair of
cortical bone, as most scaffolds only achieve elastic moduli and compressive strength in the

Fig. 12.3 Depiction of an ultra-
short single-walled carbon
nanotube functionalized with
dodecyl groups to improve
dispersion within polymeric
matrices
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low MPa range. The further use of surface functionalization and grafting techniques to
facilitate nanoparticle dispersion and interfacial bonding may improve the performance of
nanocomposite materials in load-bearing applications. It may also be possible to incorporate
self-assembled amphiphilic structures on the surface of these more mechanically robust
nanocomposite materials to control cellular adhesion and the deposition of mineralized
matrix by neighboring cells.

Vascularization is another important aspect required for functional restoration of osseous
tissues. Although many of the fabrication strategies presented in this chapter allow for the
creation of an interconnected porous network, additional cues are necessary to stimulate
blood vessel infiltration into the material. The incorporation of controlled release micro-
spheres [93–95] and tethering of specific angiogenic growth factors, such as vascular
endothelial growth factor [96], may be useful strategies for inducing neovascularization.
Recently, sphingosine 1-phosphate, a bioactive phospholipid that modulates migration,
proliferation, and survival in diverse cell types, including endothelial cells, has been
shown to promote the formation of microvascular networks when incorporated into
PLGA scaffolds [97]. This small molecule compound may be advantageous if used in
concert with appropriate nanocomposite carrier materials to augment vascular remodeling
and osseointegration of bone graft substitutes.

Ultimately, the mechanical properties and biological response to implantable materials
for bone reconstruction are dictated by structural and physico-chemical interactions
between the material constituents. Gaining a better understanding of these processes in
the natural tissue may eventually lead to a new generation of constructs for osseous tissue
regeneration.
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Abstract Fibrocartilage is a specialized tissue found in the intervertebral discs, the menisci
of the knee and temporomandibular joint, and various symphyseal joints throughout the body.
Its unique combination of tensile strength, compressive strength, and deformability makes it
an ideal material for many structures, however a low intrinsic capacity for repair means that
disease or damage can produce chronic debility. The fibrocartilages represent a significant
challenge for tissue engineers. Biomaterials must be capable of withstanding significant
mechanical stress while guiding formation of a complex microarchitecture. In this chapter,
we will review the structure and biology of fibrocartilage and take a look at the biomaterial
strategies that have been used. At present no material has satisfied all of the requirements for a
successful tissue engineered therapy, however many promising developments have occurred.
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13.1
Introduction

Fibrocartilage is a ubiquitous structure, present anywhere a tough but flexible material is
required for biomechanical function. Symphyseal joints are linked by fibrocartilage, while
at least two articulating joints have a fibrocartilage bearing structure (the knee and the
temporomandibular joint). As such, the fibrocartilage serves both connective (i.e. tensile)
and bearing (i.e. tribological) purposes [1].

The primary distinguishing feature of all fibrocartilages is the blend of fibrous materials in
a cartilaginous matrix. The fibers consist largely of collagen type I, while the matrix consists
of other collagens plus proteoglycans. This structure acts very much like an engineered fiber-
reinforced polymer, utilizing the tensile properties of the fibers and the compressive properties
of the matrix. This yields a strong but flexible material for various joint structures.

Fibrocartilage disorders are a common source of musculoskeletal debility, including
knee, low back, and orofacial pain (Table 13.1). The principal fibrocartilages involved in
clinical diseases are the menisci of the knee, the meniscus of the temporomandibular joint
(TMJ), and the intervertebral discs (IVDs).

Repair or replacement of these tissues is a relatively new concept. Until recently,
treatment of meniscal damage was largely done via complete or partial meniscectomy
(with no replacement of the excised tissues) or via total knee arthroplasty. Treatment of
intervertebral disc damage was likewise via removal in the form of complete or partial
discectomy with or without subsequent spinal fusion. The last decade has seen the appear-
ance of total joint arthroplasty systems for the spine as well, thus allowing complete
replacement of the joint. However arthroplasty of any joint is a significant surgery and
represents a “no return” case for the patient; revisions and subsequent treatments are
extremely limited. No matter what the treatment, the basic idea is to remove the offending
fibrocartilage. With the advent of tissue engineering, one hopes that new treatment options
may be possible. Even if the engineered tissue were only able to temporarily halt the
progression of disease, it could delay the need for drastic arthroplasty procedures and
significantly improve patient outcomes. However the technical challenges inherent in any
tissue engineered system are substantial, and no less so in fibrocartilage.

The fibrocartilages represent a curious problem for the biomaterials scientist or tissue
engineer. The repair structure must have tensile properties similar to ligament, compressive
properties similar to cartilage, and strong adhesion to adjacent tissues (particularly for the
IVD), yet it must remain pliable and tough. In this chapter, we will discuss the structure and

Table 13.1 Population incidence of fibrocartilage-related diseases

Joint Incidence References

Meniscus 18% [2, 3]
TMJ 37.5% [4]
IVD 30% [5, 6]
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function of fibrocartilages, the requisite features of biomaterials for tissue engineering, and
the progress to date.

13.2
Tissue Overview/Requirements

Fibrocartilage is approximately 80% water, while the solid matrix contains dense collagen
type I fibers embedded in a collagen type II ground substance with a low concentration of
proteoglycan [7, 8]. Histologically, it appears as a dense tissue with organized bundles of
fibrous matter, generally visible with hematoxylin and eosin or aniline blue stains [7, 9, 10].
The dominant cell type is generally referred to as fibrochondrocytes, distinguishing them
from cells in hyaline articular cartilage. These spheroidal cells rest in individual lacunae,
although occasional clonal groups can be found [11, 12]. The cells are typically described as
strongly expressing collagen type I and aggrecan, lesser expression of collagen type II, and
small amounts of various other molecules including elastin, collagen types II-VI, collagen
type IX, versican, and biglycan [7–10]. However expression patterns change significantly
over time, suggesting that the disease state of the individual may be of concern when
designing a biomaterial substitute [10]. Fibrocartilage is found principally in the sym-
physes, intervertebral discs (IVDs), menisci, and temporomandibular joints (TMJs), though
it is sometimes found as a repair tissue in the hyaline cartilage, and bears a strong
resemblance to tissue in a fracture callus (Fig. 13.1).

Structurally, fibrocartilages are a fiber-reinforced composite material. The collagen
fibers bear tensile load, while the cartilaginous ground substance bears compressive load.
In this sense, the tissues are similar to steel-reinforced concrete or carbon fiber-reinforced
epoxy. However unlike these engineered materials, fibrocartilage retains a substantial level
of flexibility, allowing the tissue to deform under load. This is largely due to the poroelastic
or viscoelastic behavior of the cartilage matrix. For a full description of cartilage mechanics
in compression, see for example Lai and coauthors [13]. For present purposes, a brief
qualitative discussion will suffice.

Articular cartilage and the nonfibrous matrix of fibrocartilage consist of a solid matrix
and a fluid phase. Compaction of the solid phase is resisted by three key properties: viscous
drag, electrostatic repulsion, and osmotic swelling. Viscous drag is generated as the fluid is
expelled through the solid matrix. At a microstructural level the tissue is very complex,
however we can consider it as acting like a sponge with geometrically complex pores. The
fluid must navigate the twisting path out of the solid, and boundary-layer drag is generated
by the solid-fluid interaction. Electrostatic repulsion is generated by the net negative charge
of the solid phase. The solid matrix possesses a large fixed negative charge thanks to the
sulphated glycosaminoglycans (sGAG) in the proteoglycans (particularly aggrecan, which
contains by far the highest concentration of sGAG). These charges undergo mutual electro-
static repulsion, which swells the tissue and resists compression. Osmotic swelling is
likewise generated by the fixed charges, which also attract positive ions from the surround-
ing synovial fluid, producing a net osmotic imbalance (the solute concentration inside the
tissue is higher than that outside). This creates a further osmotic swelling pressure, which
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further resists compression [13, 14]. Thus a viscoelastic mechanical response is generated
by the complex interplay of various features. As we will see later, some biomaterials have
attempted to replicate a variety of these features, but none have fully replicated the
complexity of native tissue.

Fig. 13.1 9.4T T2-weighted MRmicroscopy of fibrocartilage reveals a complex architecture. (a) The
intervertebral disc consists of an outer annulus fibrosus and an inner nucleus pulposus, with
markedly different fibrous structure. (b) The menisci of the knee demonstrate both inhomogeneity
and anisotropy, with a complex network of fibers (upper left: unoperated leg, lower right: 12 weeks
after anterior cruciate ligament transection). Images courtesey of Dr. John Matyas, University of
Calgary
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From a therapeutic perspective, the principal concerns of the biomaterials/tissue engi-
neer are the fibrocartilages of the intervertebral discs, menisci, and temperomandibular
joint, as these structures dominate the various pathologies involving fibrocartilage. All three
share common features, but there are certain unique features to each tissue which present
challenges to the tissue engineer.

The mechanical properties of fibrocartilage are complex. Each tissue demonstrates both
regional variations and anisotropies, producing specialized mechanical structures for differ-
ent joints. Each intervertebral disc consists of two primary regions: the outer annulus
fibrosus (AF) and the inner nucleus pulposus (NP). The disc is anchored to adjacent
cartilaginous endplates (similar to hyaline cartilage in structure and composition) via
Sharpey’s fibers, primarily originating in the AF [15]. The AF consists of overlapping
concentric lamellae, with each successive lamella alternating collagen orientation approxi-
mately 45–60� from the spinal axis [16]. The NP of most mammalian adults is a loosely
organized fibrocartilage with generally isotropic orientation (for a discussion of exceptions
to this rule, see for example [17]). The NP contains more collagen type II, while the AF
contains more collagen type I [16, 18]. Pathological degeneration most commonly presents
as dehydration followed by tearing of the AF with subsequent herniation of the NP and/or
reduction of disc height. These phenomena compromise the adjacent nerve roots and spinal
cord, leading to chronic neurological involvement [19]. Current treatment options are quite
limited, generally being either symptomatic (pharmaco- or physiotherapy) or invasive. The
most common surgical options are partial discectomy (removal of herniated material) with
or without vertebral fusion, fusion alone, or arthroplasty [20]. To date, no partial repair/
replacement strategies have attained clinical effectiveness [21].

The menisci of the knee and TMJ are semicircular or ovoid, respectively, and form
concavities to receive their articulations [12]. Both are thicker at their outer faces, where the
collagen fibers are oriented circumferentially, and thin towards the central concavities, where
the collagen fibers are oriented radially [22]. The menisci of the knee are anchored to the tibial
plateau at the meniscal horns, with ligamentous material transitioning into Sharpey’s fibers.
The menisci of the TMJ are similarly attached to the capsular ligament and the adjacent bones
[12]. Both menisci are predominantly composed of collagen type I. Pathology usually occurs
in the form of tears along the fiber directions, though orthogonal ruptures are not uncommon.
These tears can directly cause pain and discomfort, though more significant concerns focus
around secondary joint instability, which can in turn induce osteoarthritis [23]. Treatment
options include complete removal of the meniscus (though this is now uncommon practice),
partial meniscectomy to remove the loose portion of the tissue, or suturing/stapling of the tear
[24]. In more advanced cases where osteoarthritis of the adjacent cartilage has gone
unchecked, total joint arthroplasty is the principal treatment option.

All fibrocartilages demonstrate anisotropy, though to varying degrees. This appears to be
critical to mechanical function, as disruption of the architecture generally coincides with
tissue degeneration and disease. The overlapping lamellae of the IVD contain obliquely
oriented fibers to withstand both hoop stress and axial stress, while the different regions of
the menisci contain variously oriented fibers to withstand local stresses. One might almost
go so far as to suggest that a phenomenon similar to Wolf’s Lawmay occur in fibrocartilage:
collagen fibers orient with the local axis of stress.
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The downside of anisotropy is that it can create weaker axes along which tears and
fractures can propagate. Thus we note that all fibrocartilages have one dominant failure
mode: tearing. To treat these events, we find two dominant treatment techniques: localized
repair or en bloc replacement. In either case, functional repair/replacement of fibrocartilage
will be challenging, as it will require the material to have adequate tensile and compressive
stiffness as well as either low surface friction (in menisci and TMJ applications) or strong
tissue integration (in the IVDs). If the device is designed for partial replacement of the
tissue, adhesion to the adjacent fibrocartilage will also be essential.

Above all else, any fibrocartilage repair or replacement will have to serve a mechanical
function. The fibrocartilages experience substantial forces during normal motion. Axial
forces in the knee are estimated to range from 1.7 times body weight during a supine leg
raise to 2.3 times body weight during walking [25], and up to three times body weight under
impact activities such as jumping or falling [26]. The internal pressure of the IVD has been
measured to range from 0.1 MPa when lying prone to 0.6 MPa when walking, and 2.3 MPa
when lifting 20 kg by bending at the hips [27]. To withstand these forces, the fibrocartilages
are exceptionally strong. However these properties vary significantly depending upon
region and axis of loading, as seen in Table 13.2. The tissues also demonstrate significant
toe regions and viscoelasticity, with dynamic moduli typically measured from 10 to 40 MPa
and phase angles ranging from 16 to 20� [28]. It is notable that annulus fibrosus is both
stronger and weaker than meniscus in the parallel and perpendicular directions, respec-
tively. This may be due to the stronger alignment of annulus fibers, as even meniscal tissues
retain a small amount of cross fibers in all regions, while the annulus demonstrates almost
complete alignment in each lamella.

In the context of tissue engineering, these last points may be the most important. As we
shall see, many attempts to engineer cartilages (fibrous or hyaline) have produced amor-
phous fibrocartilage. However while these efforts have generally attained appropriate

Table 13.2 Material properties of fibrocartilage

Tissue Region Axis UTS
(MPa)

Tensile modulus
(MPa)

Meniscus (lateral/
medial)

Central Parallel to fibers 6.308/
3.358

228.8/93.2

Perpendicular to
fibers

0.992/
0.848

nd

Anterior
horn

Parallel to fibers 8.058/nd 159.1/159.6
Perpendicular to

fibers
0.803/nd nd

Posterior
horn

Parallel to fibers 6.868/
5.860

294.1/110.2

Perpendicular to
fibers

0.537/
1.228

nd

Annulus fibrosus Parallel to fibers 110 410
Perpendicular to

fibers
0.187 0.16

UTS ultimate tensile strength, nd no data available. Data derived from [28–30]
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cellular phenotype and matrix expression, few if any have succeeded in replicating the
intricate organization of the tissue, which is so essential to normal function.

13.3
Review of Previous Work

[A] man’s reach should exceed his grasp, or what’s a heaven for?
Robert Browning, 1812–1889

As of yet, no biomaterial, tissue engineered product, or prosthesis has truly replicated the
function of any fibrocartilage. The lack of progress is not due to a shortage of ideas, though.
A brief search of the patent literature indicates that this is a busy area of innovation: 1,668
patents are found under “artificial meniscus,” 857 under “prosthetic meniscus,” 2,964
under “artificial intervertebral,” 2,708 under “prosthetic intervertebral,” and 830 under
“fibrocartilage.” Allograft treatments have been developed for menisci [31–33] and IVDs
[34–36], though these procedures are relatively rare. Artificial menisci have been developed
and are in various stages of clinical use, including Menaflex™ (formerly CMI®), Restore
Orthobiologic Implant™, and Hyalograft C™. At least two artificial menisci have been
developed for the TMJ, one being a silicone-based device and the other a Teflon-based device
called Vitek TMJ, however the devices have been recalled by FDA and Health Canada, and
there are various legal proceedings against the manufacturer [37–39]. In contrast, there are at
least 18 artificial disc arthroplasty systems in various phases of commercial development and
clinical trials. The most common clinical designs include: Bryan™, Prodisc™, and Maver-
ick™, though many others are in use. Interestingly, while the three meniscus treatments listed
above are all biomaterial scaffolds intended to interact with cells, the IVD treatments are all
conventional arthroplasty devices lacking in cells or biological function. At present, the IVD
biomaterials appear to be limited to research and development stages (see Table 13.4 for a
summary of some common fibrocartilage biomaterials).

The general lack of success with biomaterial or tissue engineered therapies in the
fibrocartilages should not be discouraging, however. The field is still new, and advance-
ments at the research level are coming faster than ever. If anything, the mediocre
performance of arthroplasty devices should suggest that biological function is essential to
long-term efficacy of the implant. Let us turn now to consideration of how we may attain
successful outcomes in tissue engineering.

One of the first attempts to develop a tissue engineered therapy in any orthopaedic tissue
was in fibrocartilage. In 1988, Arnoczky and coauthors proposed using a fibrin clot to
augment meniscal repairs. The clot was to act as a scaffold and chemoattractant for
autologous cells, providing initial stability to the tear and supporting the growth of new
repair tissue [40]. Numerous followup ideas have been proposed, but none have yet come to
total fruition as a clinical therapy. However Arnoczky and others had pointed the way.

The ultimate goal of fibrocartilage tissue engineering is to achieve both initial mechani-
cal stability and to allow the long-term formation of normal native tissues. In order to
develop appropriate scaffolds, it is important to consider basic design principles such as
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immunogenicity, biocompatibility, and method of delivery. Chan and Leong suggest that
any biomaterial for tissue engineering should satisfy four key requirements: (1) provide
adequate architecture to support and guide new tissue formation, preferably while degrad-
ing at a known rate; (2) be cell- and tissue-compatible to encourage cell adhesion and tissue
formation; (3) provide bioactive cues and/or enhance delivery of growth factors; and (4)
provide mechanical integrity to the implant site during healing and implant integration [41].
Other authors have suggested various other criteria, including deliverability, as important
considerations [21]. Therefore a biomaterial for fibrocartilage engineering may need to be
anisotropic with regional variations in mechanical properties, support adhesion and growth
of fibrochondrocytes, provide appropriate signals via bound cell adhesion molecules and/or
growth factors, withstand normal mechanical forces after implantation, and be deliverable
in a clinically appropriate manner.

Numerous scaffolds have been proposed for fibrocartilage tissue engineering. Table 13.4
lists some of the candidate materials. To date, none have adequately addressed all of the
design criteria. In general, these studies have focused largely on criteria (2), supporting cell
adhesion, phenotype expression, and matrix secretion, while considerably less effort has
been placed upon the other criteria.

13.3.1
Architecture

In order to restore the native tissue structure and function, we will very likely need to
replicate at least some of the microarchitecture in our biomaterials; few isotropic materials
have demonstrated the ability to form anisotropic tissues without substantial exogenous
stimuli (such as mechanical stress). Therefore architectural support and guidance of new
tissue formation will most likely require anisotropic biomaterials. If the designer chooses to
induce such features in the biomaterial, then material choices become severely limited. For
example, homogeneous hydrogels generally do not provide the requisite properties for
either initial tissue mechanics or for guidance of new tissue formation. There have been
some exciting attempts to produce architecture-mimicking materials, however few have
progressed beyond a basic research stage.

Most fibrocartilage biomaterials have been either amorphous solids or isotropic fibrous
scaffolds. These include Teflon, polyurethane, collagen, hyaluronan, agarose, alginate, and
isotropic felts of polyglycolic acid (PGA) or poly lactic-co-glycolic acid (PLGA). In
general, these studies have been designed to assess cell attachment, morphology, prolifera-
tion, and gene/protein expression. Most studies report production of collagen type II,
despite the fact that type I is more common in fibrocartilage [42–45]. However small
amounts of collagen type II are found in menisci and the inner IVD (particularly the nucleus
pulposus) [46], so it is not entirely unreasonable to find some expression in engineered
tissues.

Isotropic materials generally do not provide adequate structural guidance or mechanical
support for the growing tissue. For example, fibrin gels typically exhibit a compressive
stiffness around 3–15 kPa [47]. However some promising work in other tissues suggests
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that mechanical stimulation may help to stimulate cell alignment and matrix stiffening.
In particular, various studies by Nerem and colleagues have shown that cyclic mechanical
stretch can improve the mechanical properties of collagen- and fibrin-based vascular
constructs. Under cyclic distention, the vascular smooth muscle cells and/or mesenchymal
stem cells elongate, align with the axis of circumferential strain, and condense the hydrogel
matrix. The net results are constructs with morphological and mechanical properties similar
to those of native vasculature [48–50]. There is some recent suggestion that a similar
phenomenon may occur with engineered cartilage, though the results are relatively prelimi-
nary. In one notable study, annulus fibrosus cells placed in a type I collagen gel were
cultured in a ring-shaped gel around a stiff mandrel. As the cells contracted the mesh, they
presumably generated circumferential hoop stresses and aligned with the axis of stress [51].
Vanderploeg and colleagues found a similar phenomenon in fibrin gels, wherein cells
aligned with the axis of uniaxial stretch [52]. Collectively, these studies suggest that
anisotropy may be induced via exogenous signals, rather than biomaterial architecture.
However such signals are generally slow to act, and therefore require extensive culture time
in vivo prior to implantation. While not an absolute obstacle to clinical tissue engineering,
this does pose problems for product development.

A handful of studies have investigated in situ performance of isotropic biomaterials.
Porous Teflon materials had some initial success and were superior to untreated controls
(with no meniscus whatsoever), but tended to generate foreign body responses, synovitis,
and degradation particles [53, 54]. Polyurethanes likewise performed better than untreated
controls, but elicited better biological response, with moderate cell invasion [55–58].
Interestingly, at least one study found regional variations in success rates, with the authors
proposing that local vascularity may be an important predictor of outcome [58]. This may
be of particular importance in the IVD, where vascularity is even lower than in the
menisci. If so, various strategies may be required to overcome the low mass transport
environment of the IVD. As of yet, very few methods have been proposed to overcome
this issue.

Isotropic materials have found limited success, though the three existing meniscus
products, Menaflex™, Restore Orthobiologic Implant™, and Hyalograft C™, fall in this
category. Initial clinical findings with these products are promising, with generally positive
outcomes at 5-year followup. The Restore Orthobiologic Implant received US FDA 510(k)
clearance in 2007 to “reinforce soft tissue,” i.e. as a partial replacement to augment repair of
tears [59]. The Menaflex implant likewise received 510(k) clearance in 2008 for replace-
ment of the medial meniscus [60].

With the possible exceptions of Teflon and polyurethane, none of these scaffolds have
provided adequate initial mechanical properties, nor have they produced engineered con-
structs with adequate mechanical properties for implantation. This could be solved by either
extensive in vitro culture time (increasing costs and risk of contamination) or by using
different biomaterials. Since the tissue’s own mechanical function appears to depend so
heavily upon its anisotropic architecture, perhaps our biomaterials should attempt to mimic
this structural feature.

A first step towards generating anisotropic biomaterials is to identify those substances
that can be formed into fibrous structures. This significantly reduces the number of
candidate materials. The list of fibrous biomaterials is relatively short, but includes such
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diverse materials as polycaprolactone [61–64], poly(L-lactic) acid [65–67], polyglycolic
acid [67–69], alginate [44], elastin [70, 71], and collagen [70–75] (though the latter two do
not appear to have been used in fibrocartilage as of yet). The results are generally quite
positive, though most studies are in vitro only, and in vivo performance data is quite limited.
Fibrochondrocytes appear to adhere and proliferate well to these materials and express
mRNA and protein for various extracellular matrix molecules, including the ubiquitous
aggrecan and collagen types I and II. Most interestingly, the resulting tissue constructs often
demonstrate cell and matrix alignment coincident with that of the original biomaterial [44,
61, 62, 65, 67, 76].

One major obstacle to fibrous biomaterials – and almost all homogeneous materials
developed to date – is a low tensile strength. Compressive loading of the menisci or IVD
generates substantial radial and circumferential stresses, which must be resisted by the
material. Few if any biomaterials have obtained tensile strengths comparable to that of
native fibrillar collagen. Among the strongest materials are poly (caprolactone) fabrics, with
strength values ranging 1–25 MPa [77, 78], and polyglycolic acid fabrics, with strength
values ranging 0.15–0.25 MPa [79]. However these materials undergo plastic deformation
and creep failure when exposed to cyclic strain, limiting their use in engineering elastomeric
tissues [80].

A relatively small number of studies have taken the next step and attempted to create
anisotropic materials for fibrocartilage repair. In all three cases, poly (e-caprolactone)
nanofiber meshes were produced using electrospinning (which will be discussed later).
The fibers were collected on a rotating mandrel during synthesis, producing a fabric mat
of linearly oriented fibers. The resulting scaffolds were seeded with meniscal fibrochondro-
cytes or mesenchymal stem cells and cultured for up to 10 weeks in vitro. Total collagen and
glycosaminoglycans content increased over time, with peak concentrations reaching 9.54
and 13.6 ug/mg, respectively, well below those of native tissue. Material testing revealed
substantial anisotropy, with a tenfold change in tensile modulus and tensile strength through
a 90� rotation [61, 62, 81].

To this authors’ knowledge, only one group has attempted to replicate the gross
architecture of the IVD. The isotropic nucleus pulposus was replicated using sodium
alginate, while the anisotropic annulus fibrosus was replicated using isotropic PGA felt.
Constructs were cultured both in vitro and ex vivo for up to 12 weeks, but the resulting
mechanical and histochemical analyses revealed tissues which only superficially resembled
the native IVD [67, 76]. Clearly we are still a long way from having a tissue engineered
IVD, though progress is being made.

13.3.2
Biocompatibility

Fibrochondrocyte adhesion and biocompatibility appears to be a relatively straightforward
issue. The tissues possess minimal vascularity or lymphatic access [46, 82], thus biocom-
patibility may not be a primary concern. In this regard, any material that passes ISO 10993
biocompatibility screening should be considered a candidate [83]. To date, all of the
biomaterials used in fibrocartilage tissue engineering have passed basic biocompatibility
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tests, though few have undergone rigorous testing per the ISO standard. From a regulatory
standpoint, recall that no regulator approves materials (though Master Files are commonly
kept, which demonstrate a basic safety level with a particular material composition). Only
the final device undergoes regulatory review, and as such the designer should be cautious
about placing too much hope on biocompatibility testing of individual materials.

13.3.3
Bioactive Cues

The list of potential bioactive cues is immense, and a comprehensive review of the subject is
therefore beyond our current scope. Instead, a brief summary of the most common cues is
illustrative (Table 13.3).Various growth factors have been explored, but the most common are
bFGF, TGF- b1, IGF-1, PDGF, and IL-1. The former four generally stimulate cell prolifera-
tion and matrix synthesis, while IL-1 elicits matrix catabolism. However few studies have
investigated the simultaneous effects of these cytokines. Biological signals frequently com-
bine in unpredictable or nonlinear fashions, so the separate effects of each molecule may not
predict their combined effects. The anabolic growth factors elicit a similar response (increased
synthesis of proteoglycan and collagen and increased proliferation), suggesting that they act at
common points in the cytoplasmic signalling process. A visual inspection of the intracellular
signalling pathways for each of these molecules (PowerPathways, Inc.) suggests that there are
a few commonalities, including JNK, ERK 1/2, and ELK1, though none are shared between
all four anabolic cytokines, and JNK is common with IL-1. Therefore it is likely that one or
more of the growth factors affect fibrochondrocytes via unique signalling pathways, and they
may have sympathetic or antagonistic effects when tested in combination. Only further testing
will answer this urgent question.

Mechanical signals are likewise mixed; hydrostatic pressure and cyclic tension at
physiologic ranges typically stimulates cell proliferation and matrix synthesis, while cyclic

Table 13.3 Selected bioactive cues in fibrocartilage engineering

Factor General effect References

Growth factors bFGF Stimulatory [84–89]
TGF-b1 Stimulatory [84, 90–96]
IGF-1 Stimulatory [84, 97–101]
PDGF Stimulatory [97, 100, 102]
OP-1 Stimulatory [103–105]
IL-1 Inhibitory [106–112]

Mechanical signals Hydrostatic pressure Stimulatory [91, 93, 113–116]
Cyclic compression Inhibitory [117]
Cyclic tension Stimulatory [52]

Matrix signals Hyaluronan Stimulatory [118, 119]
RGD peptide Stimulatory [120]
Fibronectin Mixed [121–123]
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uniaxial compression may have an inhibitory effect, even possibly stimulating matrix
catabolism [117]. This is in marked contrast to articular cartilage, where cyclic compression
has long been understood to have a stimulatory effect [124–126].

Soluble and mechanical factors are not the only cues that can drive cell behavior. Matrix
signals are the least understood, and probably merit the most attention from biomaterials
scientists. Hyaluronan appears to have a strong stimulatory effect [118, 119], while fibro-
nectin has a mixed effect upon matrix gene and protein expression [121–123]. Fibrochon-
drocytes express numerous integrins, including the a1, a2, a5, a6, aV, b1, b3, and b5
subunits [127–130], plus cell adhesion molecules CD44 and CD105 [9]. These molecules
produce a relatively “sticky” cell, capable of adhering to a wide variety of materials and
surfaces. However one must remember that the recruitment of specific cell adhesion
molecules can alter cell metabolism and phenotype; therefore selective adhesion may be a
useful tool for fibrocartilage tissue engineering.

It is worth noting that many biomaterials lack any inherent capacity for cell adhesion.
In particular, several of the hydrogels, including agarose, alginate, and PVA, are inert.
Instead of directly binding cells, they encapsulate them in the hydrogel matrix. Therefore
all bioactive cues come from either exogenous stimuli such as growth factors or from
autocrine/paracrine signals created by the cells during tissue formation. This could be a
positive feature of the material, as the tissue engineer potentially has much more direct
control over the cell stimuli.

Several studies have attempted to manipulate the adhesive features of biomaterial
surfaces, though few have worked in the specific area of fibrocartilage engineering [131].
In one notable study, Chang and coauthors investigated the effect of binding RGD to a silk
scaffold for IVD tissue engineering. They found that while RGD did not affect cell
attachment rates, it did alter cell morphology and increase expression of collagen type II
and aggrecan mRNA [120]. This may be an important area of future investigation.

To make matters more complex, some biologically derived materials may contain
bioactive signals, but often they are either uncharacterized or difficult to characterize.
Collagen, for example, is not generally obtained as a normal intact protein. Instead, acid-
solubilized protein is commonly used. This material consists of denatured collagen fibrils,
which will undoubtedly present an abnormal signalling environment to cells. Porcine small
intestinal submucosa (SIS) is derived from porcine gut, and contains a mixture of various
extracellular matrix proteins, growth factors, cytokines, and other molecules [132, 133].
While the preparation appears to leave the various molecules relatively intact, the exact
composition – or even batch-to-batch variability – is largely unpublished. For these reasons,
one should use caution when opting for extracted biologically derived scaffolds; you may
be dealing with significant unknown factors in your study.

13.3.4
Mechanical Function

Unless we are to propose extensive in vitro culture periods prior to implantation,
adequate mechanical support will depend greatly upon the mechanical properties of
the scaffold. If the material is to degrade, then it must do so at a compatible rate to the
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new tissue formation. If not, then it must be compatible with the new tissue in the
long-term.

Compressive and viscoelastic properties could be provided directly by the properties of
the biomaterial’s solid matrix, or by solid–fluid interactions. If we follow the general logic
that biomimicry has the best chance of success, then a solid matrix with a large negative
fixed charge density would appear to be a promising option. However no material to date
has taken this tactic, perhaps because of the complex chemistry involved in fabricating such
a nano-engineered material.

Another important consideration is anchorage of the implant to the surgical site. In the
IVD, for example, even low-intensity activity generates substantial internal forces [27].
Thus an implant used to seal the ruptured annulus fibrosus, with a 1 cm2 face, would have to
withstand 60 N of ejection force when upright, and 230 N during heavy lifting. On a
cylindrical implant 1cm deep, this translates to interfacial shear stress of 760 kPa and
2.9 MPa, respectively. In comparison, fibrin glue typically demonstrates shear strength
around 2–10 kPa [134], far below that required in the IVD.

13.3.5
Deliverability

To date, very few studies have focused upon the deliverability of engineered fibrocarti-
lages. Delivery of the menisci is relatively straightforward, as arthroscopic techniques
have been developed and refined over several decades. Delivery of IVDs is more
challenging, as the surgical procedures are varied, and the surgeon’s visible window
is often quite restricted (frequently a field of a few centimetres viewed and accessed
through a 10–20 cm deep approach) [6]. Even something as simple as locating the
correct surgical level can sometimes be challenging, particularly in overweight indivi-
duals [6]. This means that complex instrumentation is often required – see for example
the detailed instruments developed for preparation, delivery, and positioning of various
arthroplasty devices. Therefore special care should be taken in the initial design phase,
in order to assure that reasonable delivery techniques will be available for the final
product.

To take just one illustrative example, consider a two-phase hydrogel which is intended to
be injected and polymerized in situ (such as fibrin). The injection needle would have to be
placed into the disc from 10 to 20 cm away, then the polymer phases would be driven
through a long needle or cannula into the disc. The risk of polymerization inside the
delivery mechanism may prohibit mixing of the phases prior to injection, meaning that
two cannulae will be required. Moreover, a substantial amount of material will be left inside
the cannulae, effectively increasing waste and cost of the system.

It is clear that we need to give significant time and consideration to this complex issue.
Even the best designed therapy will be useless if patients and surgeons are unwilling to
adopt the time, morbidity, and complications inherent in a poorly designed delivery system
(Table 13.4).
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13.4
Future Directions

The abdomen, the chest, and the brain will forever be shut from the intrusion of the wise and
humane surgeon.
Sir John Eric Ericksen, British surgeon, appointed Surgeon-Extraordinary to Queen Victoria
1873

So the question stands: what next? Where do we go from here? History is full of predictions
both astounding and ludicrous. Rather than try to predict the future direction of fibrocarti-
lage biomaterials, let us summarize a few key areas, which may be worth studying in the
near future.

Table 13.4 Selected materials used in fibrocartilage repair and replacement

Material Degradable? Anisotropic? Type Example references/
products

Alginate Yes Yesa Biopolymer [44, 67]
Bioglass No No Glass-ceramic [66, 135]
Chitosan/alginate/

hyaluronate
copolymer

Yes No Biopolymer [136]

Collagen Yes Yesa Biopolymer Menaflex™
Restore
orthobiologic
implant [51, 137]

Hyaluronan Yes No Biopolymer Hyalograft C™ [65,
138, 139]

Poly(caprolactone)
(PCL)

No Yes Polymer [62, 66, 135, 140–
142]

Polyglycolic acid
(PGA)

Yes Yes Synthetic
biopolymer

[67]

Poly(lactic) acid
(PLA)

Yes Yesa Synthetic
biopolymer

[66, 135, 143–146]

Poly(urethane) No No Polymer [55, 57, 58]
Poly(vinyl alcohol)

(PVA)
No No Polymeric hydrogel [147–149]

Scaffold-free Yes – – [42]
Silicone rubber No No Polymer [150]
Silk No Yes Biopolymer [120, 151]
Small intestinal

submucosa
Yes No Mixed biopolymer [152–159]

Teflon No No Polymer Vitek TMJ [53, 54,
160, 161]

aAnisotropy of some materials is dependent upon the fabrication method chosen
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13.4.1
Aligned/Microengineered Anisotropic Materials

As much as it pains me as a mechanical engineer, I feel strongly that mechanical stimulation
alone will be insufficient to stimulate formation of adequate tissue architecture and proper-
ties. With every new study that is published, it appears more likely that micro- or nano-
engineered materials with built-in anisotropy are the way to go. However the complexity of
the architectures correlates directly to the difficulty in building it, so cost and effort may
increase significantly. The worry is that these technologies will drive the engineered
fibrocartilage beyond an acceptable range of cost-effectiveness; therefore improved fabri-
cation technologies will also be required.

Several techniques have been developed to produce anisotropic biomaterials. Among
the most promising are electrospinning and three-dimensional printing. Electrospinning is
the technique used for most of the fibrous biomaterials mentioned earlier, with a few wet- or
heat-spun materials. For a comprehensive review of electrospinning and the underlying
theory, see various texts and papers [162–165]. In brief, the method involves extruding a
thin stream of a charged polymer solution in a strong electromagnetic field. The field draws
the fluid into a “Taylor Cone” with a final stream diameter ranging from micrometers to
nanometers. By using a highly volatile solvent or a melt-spun material, the polymer is able
to dry or cool by the time it hits a grounded target collector, forming extremely small fibers.
One particular advantage of electrospinning is the potential to adjust the orientation of the
ground to generate filaments with a preferential orientation. Various methods have been
proposed, but spinning mandrels [61, 62] and parallel ground plates [166] are common. The
spinning mandrel technique was used in the three published fibrocartilage studies [61, 62,
81], and has demonstrated promise. The greatest potential of electrospinning may be the
ability to layer mats at various orientations. This can be achieved in various ways, including
moving xy stages [167] or alternating ground electrodes [168]. This could lead to complex
anisotropic structures, mimicking the native architecture of fibrocartilage. These structures
would in turn hold great promise for tissue engineering applications.

Perhaps the optimum compromise will be a moderately structured material, which
undergoes a brief period of mechanical stimulation in vitro prior to implantation. When
linked to an appropriate physiotherapy regimen with light to moderate in vivo loading, this
may provide adequate tissue properties for regenerative therapy.

13.4.2
Cell Adhesion and Targeted Signalling

As discussed earlier, we still have a very poor understanding of how cytokines, matrix
signals, mechanical signals, and other environmental cues interact to influence the biology
of fibrochondrocytes. Selective recruitment of cell adhesion molecules by the biomaterial,
combined with bound or concentrated presentation of growth factors, may prove a powerful
tool for fibrocartilage tissue engineering. This will require a large battery of parametric
studies to investigate the (potentially nonlinear) combined effects of the various signals.
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Several promising techniques have been developed for targeted cell adhesion and
presentation of growth factors. For example, the previously mentioned technique of binding
RGD domains can be used to enhance integrin binding. Polyethylene glycol (PEG) and
polyethelene oxide (PEO) have also demonstrated the potential to bind various compounds,
presenting a constitutive signal to nearby cells rather than the transient signal induced by
free molecules [169, 170].

13.4.3
Delivery Systems

Delivery systems may require some optimization, particularly if the biomaterials or tissue
engineered constructs are to be delivered in some unconventional manner. Direct implanta-
tion of an en bloc tissue replacement could use existing techniques for meniscectomy,
discectomy, etc., but partial repairs could represent new delivery challenges. For example,
percutaneous injection of in situ polymerizing biomaterials for IVD repair would require
imaging techniques to validate needle position, instrumentation to remove the herniated
disc tissue, and tracking methods to monitor biomaterial delivery and stability. Many of
these techniques exist today, but may not be compatible with future biomaterials. Radiolu-
cent biomaterials would not be trackable by fluoroscopy (the standard intraoperative
imaging method), and some materials could require special site preparation to improve
adhesion of the implant, requiring modified instrumentation.

13.4.4
The Ultimate Engineered Fibrocartilage: One Author’s Guess

If I were pressured to hazard a prediction, I would suggest that the first truly functional
engineered fibrocartilage will contain several key features. Firstly, the material will be a
composite that mimics some of the native tissue’s architecture. An electrospun polymer
fiber assembly will be embedded into a hydrogel matrix possessing a negative fixed charge
density. This combination will provide both architectural cues and initial mechanical
stabilization for the growing tissue. Both will be biodegradeable to facilitate regeneration
of a native tissue. The construct will have various moieties bound to the fibrous and
hydrogel matrix to facilitate cell adhesion and stimulate appropriate phenotypic expression.
Many researchers and companies have expressed reservations about the use of exogenous
growth factors, largely due to cost and contamination issues. However I doubt we will be
able to completely avoid them, and some appropriate cytokines will be required, either
bound to the matrix or delivered during a pre-implantation culture period. Finally, the
construct will benefit from some controlled mechanical stimulation, either ex vivo prior to
implantation or via well characterized postoperative physiotherapy.

Time will tell how (in)accurate my prediction turns out to be.
Fibrocartilage is a challenging tissue for the tissue engineer. Its structure and function

present significant puzzles, and the literature is filled with unsuccessful attempts. Any bioma-
terial must provide mechanical stability, architectural and biological cues, be biocompatible,
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and be deliverable in order to be a candidate. No material to date has achieved such lofty
goals, but efforts continue unabated. These and many other challenges will need to be met
before clinically effective engineered fibrocartilage can be developed. However there
are numerous excellent research teams on the task, and it is very likely that new innovations
will be coming soon.

Acknowledgements I gratefully acknowledge the support of the Alberta Heritage Foundation for
Medical Research, the Alberta Ingenuity Fund, and the Natural Sciences and Engineering Research
Council of Canada for their support.
Many thanks to Dr. John Matyas of the University of Calgary for sharing his MR images of the IVD
and menisci.

References

1. Martini F, Bartholomew EF. Essentials of anatomy & physiology. 5th ed. San Francisco:
Benjamin Cummings., 2009.

2. Englund M. Meniscal tear – a common finding with often troublesome consequences.
J Rheumatol 2009 Jul;36(7):1362–1364.

3. Englund M, Guermazi A, Roemer FW, Aliabadi P, Yang M, Lewis CE, et al. Meniscal tear in
knees without surgery and the development of radiographic osteoarthritis among middle-aged
and elderly persons: The Multicenter Osteoarthritis Study. Arthritis Rheum 2009 Mar;
60(3):831–839.

4. Goncalves DA, Speciali JG, Jales LC, Camparis CM, Bigal ME. Temporomandibular symp-
toms, migraine, and chronic daily headaches in the population. Neurology 2009 Aug 25;
73(8):645–646.

5. Heliovaara M, Knekt P, Aromaa A. Incidence and risk factors of herniated lumbar interverte-
bral disc or sciatica leading to hospitalization. J Chronic Dis 1987;40(3):251–258.

6. Wiesel SW, International Society for Study of the Lumbar Spine. The lumbar spine. 2nd ed.
Philadelphia: W. B. Saunders Co., 1996.

7. Buma P, Ramrattan NN, van Tienen TG, Veth RP. Tissue engineering of the meniscus.
Biomaterials 2004 Apr;25(9):1523–1532.

8. Benjamin M, Ralphs JR. Biology of fibrocartilage cells. Int Rev Cytol 2004;233:1–45.
9. Verdonk PC, Forsyth RG, Wang J, Almqvist KF, Verdonk R, Veys EM, et al. Characterisation

of human knee meniscus cell phenotype. Osteoarthritis Cartilage 2005 Jul;13(7):548–560.
10. Zhao CQ, Wang LM, Jiang LS, Dai LY. The cell biology of intervertebral disc aging and

degeneration. Ageing Res Rev 2007 Oct;6(3):247–261.
11. Brindle T, Nyland J, Johnson DL. The meniscus: review of basic principles with application to

surgery and rehabilitation. J Athl Train 2001 Apr;36(2):160–169.
12. Gray H, Pick TP, Howden R. Anatomy, descriptive and surgical. Rev. American, from the

15th English ed. New York: Bounty Books, 1977.
13. Lai WM, Hou JS, Mow VC. A triphasic theory for the swelling and deformation behaviors of

articular cartilage. J Biomech Eng 1991 Aug;113(3):245–258.
14. Buschmann MD, Grodzinsky AJ. A molecular model of proteoglycan-associated electrostatic

forces in cartilage mechanics. J Biomech Eng 1995 May;117(2):179–192.
15. Bell GR, Wiesel SW, Weinstein JN, Herkowitz HN, Dvorak J. Anatomy of the lumbar spine:

developmental to normal adult anatomy. The Lumbar Spine. Philadelphia, PA: W.B. Saunders
Company, 1996. p. 43–52.

13 Fibrocartilage Tissue Engineering 379



16. Urban JP, Wiesel SW, Weinstein JN, Herkowitz HN, Dvorak J, Bell GR. Disc biochemistry in
relation to function. The Lumbar Spine. Philadelphia, PA: W.B. Saunders Company, 1996.
p. 271–281.

17. Hunter CJ, Matyas JR, Duncan NA. Cytomorphology of notochordal and chondrocytic cells
from the nucleus pulposus: a species comparison. J Anat 2004 Nov;205(5):357–362.

18. Eyre DR, Muir H. Types I and II collagens in intervertebral disc. Interchanging radial
distributions in annulus fibrosus. Biochem J 1976;157(1):267–270.

19. Helfet AJ, Gruebel Lee DM. Disorders of the lumbar spine: Arthur J. Helfet and David M.
Gruebel Lee, with 14 guest authors. Philadelphia: Lippincott, 1978.

20. DePalma AF, Rothman RH. The Intervertebral Disc. Philadelphia, PA: W.B. Saunders
Company, 1970.

21. Bron JL, Helder MN, Meisel HJ, Van Royen BJ, Smit TH. Repair, regenerative and supportive
therapies of the annulus fibrosus: achievements and challenges. Eur Spine J 2009 Mar;18
(3):301–313.

22. Wirth CJ. The meniscus – structure, morphology and function. Knee 1996;3(1–2):57–58.
23. Englund M. The role of the meniscus in osteoarthritis genesis. Rheum Dis Clin North Am

2008 Aug;34(3):573–579.
24. van Tienen TG, Hannink G, Buma P. Meniscus replacement using synthetic materials. Clin

Sports Med 2009 Jan;28(1):143–156.
25. Taylor SJ, Walker PS, Perry JS, Cannon SR, Woledge R. The forces in the distal femur and the

knee during walking and other activities measured by telemetry. J Arthroplasty 1998 Jun;13
(4):428–437.

26. Mizrahi J, Susak Z. Analysis of parameters affecting impact force attenuation during landing
in human vertical free fall. Eng Med 1982 Jul;11(3):141–147.

27. Wilke HJ, Neef P, Caimi M, Hoogland T, Claes LE. New in vivo measurements of pressures in
the intervertebral disc in daily life. Spine (Phila Pa 1976) 1999 Apr 15;24(8):755–762.

28. Black J, Hastings GW. Handbook of biomaterial properties. 1st ed. London, New York:
Chapman & Hall, 1998.

29. Bullough PG, Munuera L, Murphy J, Weinstein AM. The strength of the menisci of the knee
as it relates to their fine structure. J Bone Joint Surg Br 1970 Aug;52(3):564–567.

30. Galante JO. Tensile properties of the human lumbar annulus fibrosus. Acta Orthop Scand
Suppl 1967;100:101–191.

31. Hommen JP, Applegate GR, Del Pizzo W. Meniscus allograft transplantation: ten-year results
of cryopreserved allografts. Arthroscopy 2007 Apr;23(4):388–393.

32. Lubowitz JH, Verdonk PC, Reid JB, 3rd, Verdonk R. Meniscus allograft transplantation: a
current concepts review. Knee Surg Sports Traumatol Arthrosc 2007 May;15(5):476–492.

33. Kim JM, Bin SI. Meniscal allograft transplantation after total meniscectomy of torn discoid
lateral meniscus. Arthroscopy 2006 Dec;22(12):1344–1350, e1341.

34. Luk KD, Ruan DK. Intervertebral disc transplantation: a biological approach to motion
preservation. Eur Spine J 2008 Dec;17(Suppl 4):504–510.

35. Ruan D, He Q, Ding Y, Hou L, Li J, Luk KD. Intervertebral disc transplantation in the
treatment of degenerative spine disease: a preliminary study. Lancet 2007 Mar 24;369
(9566):993–999.

36. Skalli W, Dubousset J. Intervertebral disc transplantation. Lancet 2007 Mar 24;369
(9566):968–969.

37. Fricton JR, Look JO, Schiffman E, Swift J. Long-term study of temporomandibular joint
surgery with alloplastic implants compared with nonimplant surgery and nonsurgical rehabil-
itation for painful temporomandibular joint disc displacement. J Oral Maxillofac Surg 2002
Dec;60(12):1400–1411; discussion 1411–1412.

38. Speculand B, Hensher R, Powell D. Total prosthetic replacement of the TMJ: experience with
two systems 1988–1997. Br J Oral Maxillofac Surg 2000 Aug;38(4):360–369.

380 C.J. Hunter

13



39. Mercuri LG. Considering total temporomandibular joint replacement. Cranio 1999 Jan;17
(1):44–48.

40. Arnoczky SP, Warren RF, Spivak JM. Meniscal repair using an exogenous fibrin clot. An
experimental study in dogs. J Bone Joint Surg Am 1988 Sep;70(8):1209–1217.

41. Chan BP, Leong KW. Scaffolding in tissue engineering: general approaches and tissue-
specific considerations. Eur Spine J 2008 Dec;17(Suppl 4):467–479.

42. Aufderheide AC, Athanasiou KA. Assessment of a bovine co-culture, scaffold-free method
for growing meniscus-shaped constructs. Tissue Eng 2007 Sep;13(9):2195–2205.

43. Henriksson HB, Svanvik T, Jonsson M, HagmanM, HornM, Lindahl A, et al. Transplantation
of human mesenchymal stems cells into intervertebral discs in a xenogeneic porcine model.
Spine (Phila Pa 1976) 2009 Jan 15;34(2):141–148.

44. Shao X, Hunter CJ. Developing an alginate/chitosan hybrid fiber scaffold for annulus fibrosus
cells. J Biomed Mater Res A 2007 Sep 1;82(3):701–710.

45. Neidlinger-Wilke C, Wurtz K, Liedert A, Schmidt C, Borm W, Ignatius A, et al. A three-
dimensional collagen matrix as a suitable culture system for the comparison of cyclic strain and
hydrostatic pressure effects on intervertebral disc cells. JNeurosurg Spine 2005Apr;2(4):457–465.

46. Chevrier A, NeleaM, Hurtig MB, Hoemann CD, BuschmannMD.Meniscus structure in human,
sheep, and rabbit for animal models of meniscus repair. J OrthopRes 2009 Sep;27(9):1197–1203.

47. Hunter CJ, Mouw JK, Levenston ME. Dynamic compression of chondrocyte-seeded fibrin
gels: effects on matrix accumulation and mechanical stiffness. Osteoarthritis Cartilage 2004
Feb;12(2):117–130.

48. Seliktar D, Nerem RM, Galis ZS. Mechanical strain-stimulated remodeling of tissue-engi-
neered blood vessel constructs. Tissue Eng 2003 Aug;9(4):657–666.

49. Seliktar D, Black RA, Vito RP, Nerem RM. Dynamic mechanical conditioning of colla-
gen-gel blood vessel constructs induces remodeling in vitro. Ann Biomed Eng 2000
Apr;28(4):351–362.

50. Cummings CL, Gawlitta D, Nerem RM, Stegemann JP. Properties of engineered vascular
constructs made from collagen, fibrin, and collagen-fibrin mixtures. Biomaterials 2004
Aug;25(17):3699–3706.

51. Bowles RD, Williams R, Zipfel W, Bonassar LJ. Self-assembly of aligned tissue engineered
annulus fibrosus and IVD composite via collagen gel contraction. Tissue Eng Part A 2010
Apr;16(4):1339–1348.

52. Vanderploeg EJ, Imler SM, Brodkin KR, Garcia AJ, Levenston ME. Oscillatory tension
differentially modulates matrix metabolism and cytoskeletal organization in chondrocytes
and fibrochondrocytes. J Biomech 2004 Dec;37(12):1941–1952.

53. Messner K. Meniscal substitution with a Teflon-periosteal composite graft: a rabbit experi-
ment. Biomaterials 1994 Feb;15(3):223–230.

54. Messner K, Gillquist J. Prosthetic replacement of the rabbit medial meniscus. J Biomed Mater
Res 1993 Sep;27(9):1165–1173.

55. de Groot JH, de Vrijer R, Pennings AJ, Klompmaker J, Veth RP, Jansen HW. Use of porous
polyurethanes for meniscal reconstruction and meniscal prostheses. Biomaterials 1996 Jan;17
(2):163–173.

56. Klompmaker J, Jansen HW, Veth RP, Nielsen HK, de Groot JH, Pennings AJ. Porous implants
for knee joint meniscus reconstruction: a preliminary study on the role of pore sizes in
ingrowth and differentiation of fibrocartilage. Clin Mater 1993;14(1):1–11.

57. Klompmaker J, Veth RP, Jansen HW, Nielsen HK, de Groot JH, Pennings AJ. Meniscal
replacement using a porous polymer prosthesis: a preliminary study in the dog. Biomaterials
1996 Jun;17(12):1169–1175.

58. Klompmaker J, Veth RP, Jansen HW, Nielsen HK, de Groot JH, Pennings AJ, et al. Meniscal
repair by fibrocartilage in the dog: characterization of the repair tissue and the role of
vascularity. Biomaterials 1996 Sep;17(17):1685–1691.

13 Fibrocartilage Tissue Engineering 381



59. FDA U. 510(k) premarket notification DePuy restore orthobiologic soft tissue implant. In:
Affairs R, editor. Washington, DC, 2007.

60. FDA U. 510(k) premarket notification ReGen collagen scaffold (CS). In: Affairs R, editor.
Washington, DC, 2008.

61. Li WJ, Mauck RL, Cooper JA, Yuan X, Tuan RS. Engineering controllable anisotropy in
electrospun biodegradable nanofibrous scaffolds for musculoskeletal tissue engineering.
J Biomech 2007;40(8):1686–1693.

62. Nerurkar NL, Elliott DM, Mauck RL. Mechanics of oriented electrospun nanofibrous scaf-
folds for annulus fibrosus tissue engineering. J Orthop Res 2007 Aug;25(8):1018–1028.

63. WanY, FengG, Shen FH,BalianG, LaurencinCT, LiX.Novel biodegradable poly(1,8-octanediol
malate) for annulus fibrosus regeneration. Macromol Biosci 2007 Nov 12;7(11):1217–1224.

64. Wan Y, Feng G, Shen FH, Laurencin CT, Li X. Biphasic scaffold for annulus fibrosus tissue
regeneration. Biomaterials 2008 Feb;29(6):643–652.

65. Nesti LJ, Li WJ, Shanti RM, Jiang YJ, Jackson W, Freedman BA, et al. Intervertebral disc
tissue engineering using a novel hyaluronic acid-nanofibrous scaffold (HANFS) amalgam.
Tissue Eng Part A 2008 Sep;14(9):1527–1537.

66. Helen W, Merry CL, Blaker JJ, Gough JE. Three-dimensional culture of annulus fibrosus cells
within PDLLA/Bioglass composite foam scaffolds: assessment of cell attachment, prolifera-
tion and extracellular matrix production. Biomaterials 2007 Apr;28(11):2010–2020.

67. Mizuno H, Roy AK, Vacanti CA, Kojima K, Ueda M, Bonassar LJ. Tissue-engineered
composites of anulus fibrosus and nucleus pulposus for intervertebral disc replacement.
Spine (Phila Pa 1976) 2004 Jun 15;29(12):1290–1297; discussion 1297–1298.

68. Aufderheide AC, Athanasiou KA. Comparison of scaffolds and culture conditions for tissue
engineering of the knee meniscus. Tissue Eng 2005 Jul–Aug;11(7–8):1095–1104.

69. Sha'ban M, Yoon SJ, Ko YK, Ha HJ, Kim SH, So JW, et al. Fibrin promotes proliferation and
matrix production of intervertebral disc cells cultured in three-dimensional poly(lactic-co-
glycolic acid) scaffold. J Biomater Sci Polym Ed 2008;19(9):1219–1237.

70. Buttafoco L, Kolkman NG, Engbers-Buijtenhuijs P, Poot AA, Dijkstra PJ, Vermes I, et al.
Electrospinning of collagen and elastin for tissue engineering applications. Biomaterials 2006
Feb;27(5):724–734.

71. Boland ED, Matthews JA, Pawlowski KJ, Simpson DG, Wnek GE, Bowlin GL. Electrospin-
ning collagen and elastin: preliminary vascular tissue engineering. Front Biosci 2004 May
1;9:1422–1432.

72. Rho KS, Jeong L, Lee G, Seo BM, Park YJ, Hong SD, et al. Electrospinning of collagen
nanofibers: effects on the behavior of normal human keratinocytes and early-stage wound
healing. Biomaterials 2006 Mar;27(8):1452–1461.

73. Buttafoco L, Kolkman NG, Poot AA, Dijkstra PJ, Vermes I, Feijen J. Electrospinning collagen
and elastin for tissue engineering small diameter blood vessels. J Control Release 2005 Jan
3;101(1–3):322–324.

74. Shields KJ, Beckman MJ, Bowlin GL, Wayne JS. Mechanical properties and cellular prolif-
eration of electrospun collagen type II. Tissue Eng 2004 Sep–Oct;10(9–10):1510–1517.

75. Matthews JA, Wnek GE, Simpson DG, Bowlin GL. Electrospinning of collagen nanofibers.
Biomacromolecules 2002 Mar–Apr;3(2):232–238.

76. Mizuno H, Roy AK, Zaporojan V, Vacanti CA, Ueda M, Bonassar LJ. Biomechanical and
biochemical characterization of composite tissue-engineered intervertebral discs. Biomater-
ials 2006 Jan;27(3):362–370.

77. Gaumer J, Prasad A, Lee D, Lannutti J. Structure-function relationships and source-to-ground
distance in electrospun polycaprolactone. Acta Biomater 2009 Jun;5(5):1552–1561.

78. Kim YJ, Shin CH, Lee SI, Jang SH, Kim BS, Shin BY. Mechanical properties, biodegradabil-
ity and weatherability of PCL/calcium carbonate composite. J Korean Ind Eng Chem 2000;11
(3):276–284.

382 C.J. Hunter

13



79. Klouda L, Vaz CM, Mol A, Baaijens FP, Bouten CV. Effect of biomimetic conditions on
mechanical and structural integrity of PGA/P4HB and electrospun PCL scaffolds. J Mater Sci
Mater Med 2008 Mar;19(3):1137–1144.

80. Webb AR, Yang J, Ameer GA. Biodegradable polyester elastomers in tissue engineering.
Expert Opin Biol Ther 2004 Jun;4(6):801–812.

81. Baker BM, Mauck RL. The effect of nanofiber alignment on the maturation of engineered
meniscus constructs. Biomaterials 2007 Apr;28(11):1967–1977.

82. Gray JC. Neural and vascular anatomy of the menisci of the human knee. J Orthop Sports
Phys Ther 1999 Jan;29(1):23–30.

83. Gad SC. Safety evaluation of medical devices. 2nd ed. New York: M. Dekker, 2002.
84. Fox DB, Warnock JJ, Stoker AM, Luther JK, Cockrell M. Effects of growth factors on equine

synovial fibroblasts seeded on synthetic scaffolds for avascular meniscal tissue engineering.
Res Vet Sci 2010 Apr;88(2):326–332.

85. Narita A, Takahara M, Ogino T, Fukushima S, Kimura Y, Tabata Y. Effect of gelatin hydrogel
incorporating fibroblast growth factor 2 on human meniscal cells in an organ culture model.
Knee 2009 Aug;16(4):285–289.

86. Tumia NS, Johnstone AJ. Promoting the proliferative and synthetic activity of knee meniscal
fibrochondrocytes using basic fibroblast growth factor in vitro. Am J Sports Med 2004 Jun;32
(4):915–920.

87. Dahia CL, Mahoney EJ, Durrani AA, Wylie C. Intercellular signaling pathways active during
intervertebral disc growth, differentiation, and aging. Spine (Phila Pa 1976) 2009 Mar 1;34
(5):456–462.

88. Ellman MB, An HS, Muddasani P, Im HJ. Biological impact of the fibroblast growth factor
family on articular cartilage and intervertebral disc homeostasis. Gene 2008 Aug 15;420
(1):82–89.

89. Tsai TT, Guttapalli A, Oguz E, Chen LH, Vaccaro AR, Albert TJ, et al. Fibroblast growth
factor-2 maintains the differentiation potential of nucleus pulposus cells in vitro: implications
for cell-based transplantation therapy. Spine (Phila Pa 1976) 2007 Mar 1;32(5):495–502.

90. Wilson CG, Nishimuta JF, Levenston ME. Chondrocytes and meniscal fibrochondrocytes
differentially process aggrecan during de novo extracellular matrix assembly. Tissue Eng Part
A 2009 Jul;15(7):1513–1522.

91. Gunja NJ, Uthamanthil RK, Athanasiou KA. Effects of TGF-beta1 and hydrostatic pressure
on meniscus cell-seeded scaffolds. Biomaterials 2009 Feb;30(4):565–573.

92. Gruber HE, Mauerhan D, Chow Y, Ingram JA, Norton HJ, Hanley EN, Jr., et al. Three-
dimensional culture of human meniscal cells: extracellular matrix and proteoglycan produc-
tion. BMC Biotechnol 2008;8:54.

93. Elder BD, Athanasiou KA. Synergistic and additive effects of hydrostatic pressure and growth
factors on tissue formation. PLoS One 2008;3(6):e2341.

94. Pangborn CA, Athanasiou KA. Effects of growth factors on meniscal fibrochondrocytes.
Tissue Eng 2005 Jul–Aug;11(7–8):1141–1148.

95. ChenWH, LoWC, Lee JJ, Su CH, Lin CT, Liu HY, et al. Tissue-engineered intervertebral disc
and chondrogenesis using human nucleus pulposus regulated through TGF-beta1 in platelet-
rich plasma. J Cell Physiol 2006 Dec;209(3):744–754.

96. Gruber HE, Fisher EC, Jr., Desai B, Stasky AA, Hoelscher G, Hanley EN, Jr. Human
intervertebral disc cells from the annulus: three-dimensional culture in agarose or alginate
and responsiveness to TGF-beta1. Exp Cell Res 1997;235(1):13–21.

97. Gruber HE, Norton HJ, Hanley EN, Jr. Anti-apoptotic effects of IGF-1 and PDGF on human
intervertebral disc cells in vitro. Spine 2000;25(17):2153–2157.

98. Gruber HE, Hoelscher GL, Ingram JA, Bethea S, Hanley EN. IGF-1 rescues human interver-
tebral annulus cells from in vitro stress-induced premature senescence. Growth Factors 2008
Aug;26(4):220–225.

13 Fibrocartilage Tissue Engineering 383



99. Wang L, Lazebnik M, Detamore MS. Hyaline cartilage cells outperform mandibular condylar
cartilage cells in a TMJ fibrocartilage tissue engineering application. Osteoarthritis Cartilage
2009 Mar;17(3):346–353.

100. Pratsinis H, Kletsas D. PDGF, bFGF and IGF-I stimulate the proliferation of intervertebral
disc cells in vitro via the activation of the ERK and Akt signaling pathways. Eur Spine J 2007
Nov;16(11):1858–1866.

101. Zhang R, Ruan D, Zhang C. Effects of TGF-beta1 and IGF-1 on proliferation of human
nucleus pulposus cells in medium with different serum concentrations. J Orthop Surg Res
2006;1:9.

102. Tumia NS, Johnstone AJ. Platelet derived growth factor-AB enhances knee meniscal cell
activity in vitro. Knee 2009 Jan;16(1):73–76.

103. Imai Y, Miyamoto K, An HS, Thonar EJ, Andersson GB, Masuda K. Recombinant human
osteogenic protein-1 upregulates proteoglycan metabolism of human anulus fibrosus
and nucleus pulposus cells. Spine (Phila Pa 1976) 2007 May 20;32(12):1303–1309;
discussion 1310.

104. Masuda K, Imai Y, Okuma M, Muehleman C, Nakagawa K, Akeda K, et al. Osteogenic
protein-1 injection into a degenerated disc induces the restoration of disc height and structural
changes in the rabbit anular puncture model. Spine (Phila Pa 1976) 2006 Apr 1;31(7):742–754.

105. Masuda K, Takegami K, An H, Kumano F, Chiba K, Andersson GB, et al. Recombinant
osteogenic protein-1 upregulates extracellular matrix metabolism by rabbit annulus fibrosus
and nucleus pulposus cells cultured in alginate beads. J Orthop Res 2003 Sep;21(5):922–930.

106. McNulty AL, Guilak F. Integrative repair of the meniscus: lessons from in vitro studies.
Biorheology 2008;45(3-4):487–500.

107. McNulty AL, Moutos FT, Weinberg JB, Guilak F. Enhanced integrative repair of the porcine
meniscus in vitro by inhibition of interleukin-1 or tumor necrosis factor alpha. Arthritis
Rheum 2007 Sep;56(9):3033–3042.

108. McNulty AL, Weinberg JB, Guilak F. Inhibition of matrix metalloproteinases enhances
in vitro repair of the meniscus. Clin Orthop Relat Res 2009 Jun;467(6):1557–1567.

109. Wilusz RE, Weinberg JB, Guilak F, McNulty AL. Inhibition of integrative repair of the
meniscus following acute exposure to interleukin-1 in vitro. J Orthop Res 2008 Apr;26(4):
504–512.

110. Hoyland JA, Le Maitre C, Freemont AJ. Investigation of the role of IL-1 and TNF in matrix
degradation in the intervertebral disc. Rheumatology (Oxford) 2008 Jun;47(6):809–814.

111. Le Maitre CL, Hoyland JA, Freemont AJ. Interleukin-1 receptor antagonist delivered directly
and by gene therapy inhibits matrix degradation in the intact degenerate human intervertebral
disc: an in situ zymographic and gene therapy study. Arthritis Res Ther 2007;9(4):R83.

112. Elfervig MK,Minchew JT, Francke E, Tsuzaki M, Banes AJ. IL-1beta sensitizes intervertebral
disc annulus cells to fluid-induced shear stress. J Cell Biochem 2001;82(2):290–298.

113. Handa T, Ishihara H, Ohshima H, Osada R, Tsuji H, Obata K. Effects of hydrostatic pressure
on matrix synthesis and matrix metalloproteinase production in the human lumbar interverte-
bral disc. Spine 1997;22:1085–1091.

114. Hutton WC, Elmer WA, Boden SD, Hyon S, Toribatake Y, Tomita K, et al. The effect of
hydrostatic pressure on intervertebral disc metabolism. Spine 1999;24(15):1507–1515.

115. Hutton WC, Elmer WA, Bryce LM, Kozlowska EE, Boden SD, Kozlowski M. Do the
intervertebral disc cells respond to different levels of hydrostatic pressure? Clin Biomech
2001;16(9):728–734.

116. Kasra M, Goel V, Martin J, Wang ST, Choi W, Buckwalter J. Effect of dynamic hydrostatic
pressure on rabbit intervertebral disc cells. J Orthop Res 2003;21(4):597–603.

117. Imler SM, Doshi AN, Levenston ME. Combined effects of growth factors and static mechani-
cal compression on meniscus explant biosynthesis. Osteoarthritis Cartilage 2004 Sep;12
(9):736–744.

384 C.J. Hunter

13



118. Haberstroh K, Enz A, Zenclussen ML, Hegewald AA, Neumann K, Abbushi A, et al. Human
intervertebral disc-derived cells are recruited by human serum and form nucleus pulposus-like
tissue upon stimulation with TGF-beta3 or hyaluronan in vitro. Tissue Cell 2009 Dec;41
(6):414–420.

119. Alini M, Li W, Markovic P, Aebi M, Spiro RC, Roughley PJ. The potential and limitations of a
cell-seeded collagen/hyaluronan scaffold to engineer an intervertebral disc-like matrix. Spine
(Phila Pa 1976) 2003 Mar 1;28(5):446–454; discussion 453.

120. Chang G, Kim HJ, Kaplan D, Vunjak-Novakovic G, Kandel RA. Porous silk scaffolds can be
used for tissue engineering annulus fibrosus. Eur Spine J 2007 Nov;16(11):1848–1857.

121. Aota Y, An HS, Homandberg G, Thonar EJ, Andersson GB, Pichika R, et al. Differential
effects of fibronectin fragment on proteoglycan metabolism by intervertebral disc cells: a
comparison with articular chondrocytes. Spine (Phila Pa 1976) 2005 Apr 1;30(7):722–728.

122. Anderson DG, Li X, Balian G. A fibronectin fragment alters the metabolism by rabbit
intervertebral disc cells in vitro. Spine (Phila Pa 1976) 2005 Jun 1;30(11):1242–1246.

123. Anderson DG, Izzo MW, Hall DJ, Vaccaro AR, Hilibrand A, Arnold W, et al. Comparative
gene expression profiling of normal and degenerative discs: analysis of a rabbit annular
laceration model. Spine (Phila Pa 1976) 2002 Jun 15;27(12):1291–1296.

124. Grodzinsky AJ, Levenston ME, Jin M, Frank EH. Cartilage tissue remodeling in response to
mechanical forces. Annu Rev Biomed Eng 2000;2:691–713.

125. Kim YJ, Sah RL, Grodzinsky AJ, Plaas AH, Sandy JD. Mechanical regulation of cartilage
biosynthetic behavior: physical stimuli. Arch Biochem Biophys 1994 May 15;311(1):1–12.

126. Sah RL, Doong JY, Grodzinsky AJ, Plaas AH, Sandy JD. Effects of compression on the loss
of newly synthesized proteoglycans and proteins from cartilage explants. Arch Biochem
Biophys 1991 Apr;286(1):20–29.

127. Xia M, Zhu Y. Expression of integrin subunits in the herniated intervertebral disc. Connect
Tissue Res 2008;49(6):464–469.

128. Nettles DL, Richardson WJ, Setton LA. Integrin expression in cells of the intervertebral disc.
J Anat 2004 Jun;204(6):515–520.

129. Gilchrist CL, Chen J, Richardson WJ, Loeser RF, Setton LA. Functional integrin subunits
regulating cell-matrix interactions in the intervertebral disc. J Orthop Res 2007 Jun;25(6):
829–840.

130. Salter DM, Godolphin JL, Gourlay MS. Chondrocyte heterogeneity: immunohistologically
defined variation of integrin expression at different sites in human fetal knees. J Histochem
Cytochem 1995 Apr;43(4):447–457.

131. Macri L, Silverstein D, Clark RA. Growth factor binding to the pericellular matrix and its
importance in tissue engineering. Adv Drug Deliv Rev 2007 Nov 10;59(13):1366–1381.

132. Badylak SF, Record R, Lindberg K, Hodde J, Park K. Small intestinal submucosa: a substrate
for in vitro cell growth. J Biomater Sci Polym Ed 1998;9(8):863–878.

133. Voytik-Harbin SL, Brightman AO, Kraine MR, Waisner B, Badylak SF. Identification of
extractable growth factors from small intestinal submucosa. J Cell Biochem 1997 Dec 15;67
(4):478–491.

134. Silver FH, Wang MC, Pins GD. Preparation of fibrin glue: a study of chemical and physical
methods. J Appl Biomater 1995 Fall;6(3):175–183.

135. Helen W, Gough JE. Cell viability, proliferation and extracellular matrix production of human
annulus fibrosus cells cultured within PDLLA/Bioglass composite foam scaffolds in vitro.
Acta Biomater 2008 Mar;4(2):230–243.

136. Hsu SH, Whu SW, Hsieh SC, Tsai CL, Chen DC, Tan TS. Evaluation of chitosan-alginate-
hyaluronate complexes modified by an RGD-containing protein as tissue-engineering scaf-
folds for cartilage regeneration. Artif Organs 2004 Aug;28(8):693–703.

137. Sato M, Asazuma T, Ishihara M, Kikuchi T, Masuoka K, Ichimura S, et al. An atelocollagen
honeycomb-shaped scaffold with a membrane seal (ACHMS-scaffold) for the culture of

13 Fibrocartilage Tissue Engineering 385



annulus fibrosus cells from an intervertebral disc. J Biomed Mater Res A 2003 Feb 1;64
(2):248–256.

138. Tognana E, Borrione A, De Luca C, Pavesio A. Hyalograft C: hyaluronan-based scaffolds in
tissue-engineered cartilage. Cells Tissues Organs 2007;186(2):97–103.

139. Burdick JA, Chung C, Jia X, Randolph MA, Langer R. Controlled degradation and
mechanical behavior of photopolymerized hyaluronic acid networks. Biomacromolecules
2005 Jan–Feb;6(1):386–391.

140. Baker BM, Gee AO, Metter RB, Nathan AS, Marklein RA, Burdick JA, et al. The potential to
improve cell infiltration in composite fiber-aligned electrospun scaffolds by the selective
removal of sacrificial fibers. Biomaterials 2008 May;29(15):2348–2358.

141. Li WJ, Tuli R, Okafor C, Derfoul A, Danielson KG, Hall DJ, et al. A three-dimensional
nanofibrous scaffold for cartilage tissue engineering using human mesenchymal stem cells.
Biomaterials 2005 Feb;26(6):599–609.

142. Li WJ, Danielson KG, Alexander PG, Tuan RS. Biological response of chondrocytes cultured
in three-dimensional nanofibrous poly(epsilon-caprolactone) scaffolds. J Biomed Mater Res
A 2003 Dec 15;67(4):1105–1114.

143. Hsu SH, Chang SH, Yen HJ, Whu SW, Tsai CL, Chen DC. Evaluation of biodegradable
polyesters modified by type II collagen and Arg-Gly-Asp as tissue engineering scaffolding
materials for cartilage regeneration. Artif Organs 2006 Jan;30(1):42–55.

144. Badami AS, Kreke MR, Thompson MS, Riffle JS, Goldstein AS. Effect of fiber diameter on
spreading, proliferation, and differentiation of osteoblastic cells on electrospun poly(lactic
acid) substrates. Biomaterials 2006 Feb;27(4):596–606.

145. Kim K, Yu M, Zong X, Chiu J, Fang D, Seo YS, et al. Control of degradation rate and
hydrophilicity in electrospun non-woven poly(D,L-lactide) nanofiber scaffolds for biomedical
applications. Biomaterials 2003 Dec;24(27):4977–4985.

146. Li WJ, Laurencin CT, Caterson EJ, Tuan RS, Ko FK. Electrospun nanofibrous structure: a
novel scaffold for tissue engineering. J Biomed Mater Res 2002 Jun 15;60(4):613–621.

147. Kobayashi M, Chang YS, Oka M. A two year in vivo study of polyvinyl alcohol-hydrogel
(PVA-H) artificial meniscus. Biomaterials 2005 Jun;26(16):3243–3248.

148. Kobayashi M. A study of polyvinyl alcohol-hydrogel (PVA-H) artificial meniscus in vivo.
Biomed Mater Eng 2004;14(4):505–515.

149. Kobayashi M, Toguchida J, Oka M. Development of an artificial meniscus using polyvinyl
alcohol-hydrogel for early return to, and continuance of, athletic life in sportspersons with
severe meniscus injury. II: animal experiments. Knee 2003 Mar;10(1):53.

150. Hartman LC, Bessette RW, Baier RE, Meyer AE, Wirth J. Silicone rubber temporomandibular
joint (TMJ) meniscal replacements: postimplant histopathologic and material evaluation.
J Biomed Mater Res 1988 Jun;22(6):475–484.

151. Chang G, Kim HJ, Vunjak-Novakovic G, Kaplan DL, Kandel R. Enhancing annulus
fibrosus tissue formation in porous silk scaffolds. J Biomed Mater Res A 2010 Jan;92
(1):43–51.

152. Le Visage C, Yang SH, Kadakia L, Sieber AN, Kostuik JP, Leong KW. Small intestinal
submucosa as a potential bioscaffold for intervertebral disc regeneration. Spine (Phila Pa
1976) 2006 Oct 1;31(21):2423–2430; discussion 2431.

153. Bradley MP, Fadale PD, Hulstyn MJ, Muirhead WR, Lifrak JT. Porcine small intestine
submucosa for repair of goat meniscal defects. Orthopedics 2007 Aug;30(8):650–656.

154. Cook JL, Fox DB, Malaviya P, Tomlinson JL, Farr J, Kuroki K, et al. Evaluation of small
intestinal submucosa grafts for meniscal regeneration in a clinically relevant posterior menis-
cectomy model in dogs. J Knee Surg 2006 Jul;19(3):159–167.

155. Cook JL, Fox DB, Malaviya P, Tomlinson JL, Kuroki K, Cook CR, et al. Long-term outcome
for large meniscal defects treated with small intestinal submucosa in a dog model. Am J Sports
Med 2006 Jan;34(1):32–42.

386 C.J. Hunter

13



156. Welch JA, Montgomery RD, Lenz SD, Plouhar P, Shelton WR. Evaluation of small-intestinal
submucosa implants for repair of meniscal defects in dogs. Am J Vet Res 2002 Mar;63
(3):427–431.

157. Cook JL, Tomlinson JL, Arnoczky SP, Fox DB, Reeves Cook C, Kreeger JM. Kinetic study of
the replacement of porcine small intestinal submucosa grafts and the regeneration of meniscal-
like tissue in large avascular meniscal defects in dogs. Tissue Eng 2001 Jun;7(3):321–334.

158. Gastel JA, Muirhead WR, Lifrak JT, Fadale PD, Hulstyn MJ, Labrador DP. Meniscal tissue
regeneration using a collagenous biomaterial derived from porcine small intestine submucosa.
Arthroscopy 2001 Feb;17(2):151–159.

159. Ledet EH, Jeshuran W, Glennon JC, Shaffrey C, De Deyne P, Belden C, et al. Small intestinal
submucosa for anular defect closure: long-term response in an in vivo sheep model. Spine
(Phila Pa 1976) 2009 Jun 15;34(14):1457–1463.

160. Schellhas KP, Wilkes CH, el Deeb M, Lagrotteria LB, Omlie MR. Permanent Proplast
temporomandibular joint implants: MR imaging of destructive complications. AJR Am J
Roentgenol 1988 Oct;151(4):731–735.

161. Heffez L, Mafee MF, Rosenberg H, Langer B. CT evaluation of TMJ disc replacement with a
Proplast-Teflon laminate. J Oral Maxillofac Surg 1987 Aug;45(8):657–665.

162. Ratner BD. Biomaterials science : an introduction to materials in medicine. 2nd ed. Amster-
dam, Boston: Elsevier Academic Press, 2004.

163. Doshhi J, Reneker DH. Electrospinning process and applications of electrospun fibers.
J Electrostat 1995;35:151–160.

164. Hohman MM, Shin M, Rutledge G, Brenner MP. Electrospinning and electrically forced jets.
I. Stability theory. Phys Fluids 2001 Aug;13(8):2201–2220.

165. Hohman MM, Shin M, Rutledge G, Brenner MP. Electrospinning and electrically forced jets.
II. Applications. Physics of Fluids 2001 Aug;13(8):2221–2236.

166. Dalton PD, Klee D, Moller M. Electrospinning with dual collection rings. Polymer 2005 Jan
26;46(3):611–614.

167. Dalton PD, Joergensen NT, Groll J, Moeller M. Patterned melt electrospun substrates for
tissue engineering. Biomed Mater 2008 Sep;3(3):034109.

168. Li D, Wang Y, Xia Y. Electrospinning nanofibers as uniaxially aligned arrays and layer-by-
layer stacked films. Adv Mater 2004;16(4):361–366.

169. Yu L, Ding J. Injectable hydrogels as unique biomedical materials. Chem Soc Rev 2008
Aug;37(8):1473–1481.

170. Pai SS, Tilton RD, Przybycien TM. Poly(ethylene glycol)-modified proteins: implications for
poly(lactide-co-glycolide)-based microsphere delivery. AAPS J 2009 Mar;11(1):88–98.

13 Fibrocartilage Tissue Engineering 387



.



Liver Tissue Engineering 14
Sihong Wang and Deepak Nagrath

Contents

14.1 Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 390
14.2 Concepts in Liver Tissue Engineering . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 390

14.2.1 Liver Anatomy, Physiology and Diseases . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 390
14.2.2 Cell Source for Liver Tissue Engineering . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 393
14.2.3 Methods and Biomaterials for Ex Vivo Primary Hepatocyte Culture . . . . . . . . . 396

14.3 Review of Previous Work of Liver Support Systems . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 399
14.3.1 Artificial/Bioartificial Liver . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 402
14.3.2 Hepatocyte Transplantation and Transplantable Liver Constructs . . . . . . . . . . . . 407

14.4 Future Directions . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 410
References . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 411

Abstract The development of liver support systems has been in intensive investigation for
over 40 years. The main driving force is the shortage of donor organs for orthotopic liver
transplantation. Liver cell transplantation and extracorporeal bioartificial livers (BAL) may
bridge patients with end-stage liver diseases to successful orthotopic liver transplantation,
support patients with acute liver failure to recover, and provide a curing method to patients
with certain liver metabolic diseases. Another frontier of current liver tissue engineering is
to construct many functional liver units in vitro for drug toxicity and metabolism screening.
Much progress has been made, with several artificial liver dialysis devices on the market,
a few BAL systems in clinical trials, and other in vitro micro-liver models in development.
On the other hand, many lessons have been learned as well. In this chapter, we will focus on
the review of advancement, challenges and the critical issues that have to be solved in the
development of BAL systems and hepatic cell transplantation as well as in vitro micro-liver
models from a tissue engineering perspective.
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14.1
Introduction

Currently liver transplantation remains the only successful life-saving therapy to cure acute
liver failure (ALF) or acute-on-chronic liver failure for patients with end-stage liver diseases.
However, the shortage of donor organs, high cost of liver transplantation and the need for long-
term immunosuppressive treatment are major limitations to whole or partial liver transplanta-
tion. According to UNOS (United Network for Organ Sharing) 2008 annual report [1], the
number of patients active on the liver transplant waiting list has been stably over 12,000 since
2000. It was 15,786 in January 2010, but the number of liver transplantation procedures
performed in the US in 2007 was only 6,489. Sixty-three percent of patients on the waiting list
with active status had beenwaiting formore than one year (18%waiting for 1–2 years and 45%
waiting for 2+ years). Death rate for the waiting list in 2006 was 113 per 1,000 patients. Graft
survival for deceased donor liver transplantation was 90% at 3 months, 82% at 1 year, 68% at
5 years, and 53% at 10 years. Graft survival for living donor liver transplantation was 92% at
3 months, 85% at 1 year, 71% at 5 years, and 62% at 10 years. That means about 30% of
patients with transplanted livers would need a second liver transplantation after 5 years and the
number increases to about 40% for 10 years. In 2008, an estimated U.S. average first-year
billed charge per liver transplant was $523,400 [2]. The cost for the second transplantation is
usually higher than the first one due to the more complicated patient conditions.

The development of liver support systems has been in intensive investigation for over 40
years. Many progresses have been made with a couple of artificial liver dialysis devices on
market and some extracorporeal bioartificial livers (BAL) in clinical trials. On the other
hand, many lessons have been learned as well. In this chapter, we will focus on the review
of advancement, challenges and the critical issues that have to be solved in the BAL
development from a tissue engineering perspective.

14.2
Concepts in Liver Tissue Engineering

14.2.1
Liver Anatomy, Physiology and Diseases

14.2.1.1
Anatomy and Histology of the Liver

The liver is the largest internal organ, weighing about 1.36 kg for an adult [3]. It located at
the right-upper quadrant of the abdomen against the inferior surface of the diaphragm. The
liver consists of two major lobes, left and right, and two minor lobes, caudate and quadrate.
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The connective tissues divide the liver lobes into hexagon-shaped lobules with a portal triad
at each corner and a central vein in the center of each lobule. Three vessels, the hepatic
portal vein, hepatic artery and hepatic duct filled with secreted bile, are commonly located
in triads. Hepatic cords composed with many layers of cuboidal hepatocytes radiate out
from the central vein of each lobule. The spaces between the hepatic cords are fenestrated
liver capillaries, hepatic sinusoids. The sinusoids are lined with very thin liver sinusoidal
endothelial cells (LSEC) and hepatic phagocytic cells (Kupffer cells) [3]. Between hepato-
cytes and LSECs, the Space of Disse is a 1.4 mm wide basement membrane with extracel-
lular matrix components of collagen I, III, IVand VI, fibronectin, laminin and proteoglycan
[4]. Stellate cells, which are liver fibroblasts, are found in the Space of Disse around
sinusoids and comparable to pericytes in other locations. Bile canaliculi, cleft-like lumens,
lie between the hepatocytes at their apical and lateral sides within each cord.

Figure 14.1 is a schematic drawing of a hepatic sinusoid within hepatic cords coupled
with blood and bile flow through the liver, heart and small intestine. Many of these basic
units, hepatic sinusoids in between hepatic cords, stack around a central vein in a liver
lobule. The conventional view regarding hepatic artery branches is that they carry oxygen-
rich blood from the aorta to hepatic sinusoids. This blood supplies hepatocytes in the
hepatic cords with oxygen. However, recently Dr. Eugenio Gaudio and his associates
discovered that arterial blood from hepatic arteries goes first to peribiliary plexus, which
is a capillary network wrapped around canal of Hering, and then their venous output goes to
the sinusoids [5]. The blood coming from the small intestine in hepatic portal veins is
nutrient-rich but oxygen-poor, so it supplies the hepatocytes with nutrients including
growth factors and hormones. Blood in the sinusoids picks up plasma proteins, processed
and waste molecules produced by the hepatocytes, and enters central veins which eventually

Fig. 14.1 The hepatic sinusoid and hepatic cord coupled with blood and bile flow through the liver,
heart and small intestine
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connect to inferior vena cava. Bile produced by hepatocytes enters bile canaliculi,
which connect to canal of Hering, then hepatic ducts that carry bile out of the liver [3].

Hepatocytes along sinusoids exhibit striking morphologic, biochemical and functional
differences based on their zonal locations shown in Fig. 14.1. The sizes of hepatocytes
increase from Zone 1 to Zone 3 ranging from 20 mm to 35 mm. Cell proliferation is
maximum at the periportal area (Zone 1) and negligible at pericentral area (Zone 3).
There are dramatic differences in DNA content from Zone 1 to Zone 3 with periportal
cells being diploid and a gradual shift to polyploid cells pericentrally. Even extracellular
matrix components change from collagen III and IV, laminin, hyaluronic acid and chon-
droitin sulfate proteoglycan at Zone 1 to collagen I and III, fibronectin and heparin
proteoglycan [6]. The sinusoidal structure of the liver is important for proper liver function.
Loss of liver functions in the case of trauma or liver fibrosis is usually caused by damages to
hepatic architecture.

14.2.1.2
Liver Physiology and Functions

Liver carries out important excretory and secretion functions, stores and digests nutrients,
and detoxifies harmful chemicals. Here, we summarize them into six functions, bile
production, sugar storage in the form of glycogen, nutrient inter-conversion among
proteins, lipids and carbohydrates, detoxification (e.g. removing ammonia, a by-product
of amino acid metabolism, and converting it to urea), phagocytosis, synthesis of many
blood proteins (e.g. albumin, fibrinogen, globulin, heparin and clotting factors) and
releasing them to blood circulation through the space of Disse and liver sinusoids [3].
The liver produces and secretes about 600–1,000 ml of bile per day while gallbladder can
store about 40–70 ml of bile that is five to ten times more concentrated than that of
freshly secreted bile. Bile contains no digestion enzymes but it neutralizes and dilutes
stomach acid and emulsifies fat [3].

The main cell type of the liver that carries out most hepatic functions is the parenchymal
cell, or hepatocyte, which makes up ~80% of hepatic volume or mass. The other 20%
comprises extracellular spaces (e.g. sinusoidal lumina, Space of Disse, bile canaliculi) and
the non-parenchymal cells including endothelial cells, Kupffer cells, lymphocytes and
Stellate cells [7]. Zonal functions of hepatocytes along the sinusoids from periportal
(Zone 1) to pericentral regions (Zone 3) are highly associated with the zonation of liver
tissue histology. From Zone 1 to 3, the gradient of oxygen, growth factors and hormones is
from 60–70 mmHg to 25–35 mmHg and from high to low respectively [4, 8]. This results in
metabolic zonation including gradual change from gluconeogenesis to glycolysis for
glucose metabolism, ureagenesis to glutamine synthesis for ammonia detoxification, and
b-oxidation to liponeogenesis for lipid metabolism from Zone 1 to 3.

Currently, no liver support devices replicate normal biliary liver function. Functions of
sugar storage, nutrient inter-conversion and phagocytosis are not an urgent need for end-
stage liver patients. Thus, detoxification and/or blood protein synthesis are two major goals
that bioengineers are trying to achieve in the field of liver tissue engineering.
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14.2.1.3
Liver Diseases

Nonalcoholic fatty liver disease (NAFLD) is one of the most common chronic liver diseases
in developed countries and recent literature suggests that mild to severe hepatic steatosis
leads to nonalcoholic steatohepatitis [9, 10]. According to statistics from the Centers for
Disease Control and Prevention, chronic liver diseases accounts for 27,555 lethalities,
making it the 12th leading cause of death in the United States. The hallmark of NAFLD
is dysregulation of hepatic lipid metabolism which often results in the metabolic syndrome
[11]. The association of metabolic syndrome with NAFLD is due to various factors
including obesity, insulin resistance, and cytokines released by adipose tissue [12]. The
characteristic feature of NAFLD is steatosis which is often asymptomatic and involves
accumulation of excessive triglycerides in hepatocytes [13]. Liver steatosis is a predispos-
ing factor for fibrosis which often progresses to cirrhosis leading to the development of
hepatocellular carcinoma (HCC) [14]. Fibrosis is characterized by the increased secretion
and decreased degradation of extracellular matrix (ECM) components, especially collagen.
The stellate cells of the liver are believed to be the main contributors of collagen secretion in
fibrotic states by switching from a fat-storing phenotype to a myofibroblastic and collagen-
producing phenotype. The progression of fibrosis leads to cirrhosis which is characterized
by excessive scar formation and distortion of liver vasculature [15].

Alcohol liver disease (ALD) similar to NAFLD has the feature of fatty liver, dysregula-
tion of lipid metabolism, inflammation, cirrhosis and hepatocellular carcinoma. ALD
occurrence is closely correlated with the intake of alcohol; however, not all alcohol drinkers
develop ALD and the pathogenesis of liver disease depends on the genetics and environ-
ment of the individuals [16].

Viral hepatitis is a common infection affecting 1.4 million people worldwide and has
potentially severe outcomes including cirrhosis and hepatocellular carcinoma. Reports
indicate that patients with hepatitis B virus (HBV) cirrhosis are suitable candidates for
liver transplantation [17]. Interestingly, recent data suggests high prevalence of steatosis in
patients with chronic hepatitis C [18]

Tissue engineering approaches can play a major role in both therapeutics development
for these hepatic diseases and provide mechanistic understanding of the biology of these
diseases and their interactions with drugs in a high throughput platform.

14.2.2
Cell Source for Liver Tissue Engineering

A unique characteristic of the liver is its regeneration ability in vivo after partial hepatec-
tomy or injury induced by toxic agents or viruses. The standard partial hepatectomy
removes two-third of the liver. The lost liver mass is restored by 5–7 days in rats [19] or
10–14 days in human [20]. However, hepatectomies with the resection of more than 80% of
liver tissue do not obtain efficient regeneration and are related with high mortality [4]. It is
generally accepted that 20–30% liver mass is preferable in liver supporting devices for
Acute Liver Failure (ALF) patients using isolated hepatocytes because the cells in reality do
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not have optimal functions in bioreactors [21]. In treatments using hepatocyte transplanta-
tion to cure certain metabolic diseases, transplantation of 10% liver mass would be
sufficient to normalize the metabolic situation in many enzyme deficiencies [22, 23].

Assuming that human adult liver mass is about 1.4 kg and that there are about
140 million hepatocytes per gram of liver mass [24], this yields the need of about
3 � 1010 hepatocytes for cell transplantation using 10% liver mass or 6 � 1010 hepatocytes
for a bioartificial liver containing 20% liver mass. Unlike liver in vivo, isolated primary
hepatocytes, which are responsible for most of hepatic functions do not proliferate in
ex vivo culture conditions. This causes one of the major obstacles in human liver tissue
engineering, which is how to obtain a large quantity of functional hepatocytes. Thus, some
bioarticial livers use porcine hepatocytes or human hepatoma cell lines despite the risks of
transmission of zoonoses or tumorigenesis respectively. However, the current development
in stem cell research, especially in hepatic stem cells and liver progenitor cells, opens up
opportunities to grow a large amount of stem cells or progenitor cells ex vivo and then
differentiate them into mature functional hepatocytes. Table 14.1 summaries the different
cell sources for human liver tissue engineering. Although infusion of bone marrow derived
mesenchymal stem cells was tried to protect against experimental liver fibrosis in rats [25],
the efficacy of extracted liver progenitors from bone marrow is extremely low. Currently,

Table 14.1 Current status of cell sources for human liver tissue engineering

Cell Type Cell source Hepatic functions Risk of
immune
rejection

Other risks

Mature human
hepatocytes

Scarce All hepatic functions Mild Very low
Rejected livers from

organ donors
(“beating heart
donors”)

Very little growth
ex vivo

Human
hepatoblasts
and
committed
progenitors

Scarce All hepatic functions
after
differentiation;
Maturation takes
time

Low Very low
Must obtain from

fetal or neonatal
livers

1 ! 4 ~ 5k cells in
3 weeks ex vivo
[28]

Human hepatic
stem cells

Could be sufficient All hepatic functions
after
differentiation;
Maturation takes
time

Low Very low
All age cadaveric

livers due to
ischemia
tolerance of stem
cells

1 ! 40k cells in 3
weeks ex vivo
[34]

(continued)
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the consensus is that fusion of bone marrow cells with liver cells provides much (if not all)
of the effects [26, 27].

Polyploid adult hepatocytes do not proliferate in ex vivo cultures while one diploid adult
hepatocyte can divide into about 130 daughter cells in 3 weeks under optimized culture
conditions [28]. Limited growth was also reported when adult hepatocytes were cocultured
at very low density almost reaching a single cell level initially on growth-arrested 3T3-J2
fibroblast feeder layers [29]. The early work on identification, isolation and growth of
hepatic stem cells and progenitors had been limited due to (1) the costs and the difficulties in
obtaining normal human liver tissue; (2) using centrifugal fraction protocols instead of
multiparametric purification strategies including immunoselection; (3) non-optimized stem/
progenitor cell culture conditions; and (4) using cultures containing both mature cells and
progenitors. Mature hepatocytes produce soluble signals to inhibit the growth of progenitors
[6]. A “cellular vacuum” is required for the progenitor proliferation ex vivo by separating

Table 14.1 (continued)

Cell Type Cell source Hepatic functions Risk of
immune
rejection

Other risks

Human
embryonic
stem cells

Potentially unlimited
due to excellent
proliferation
ex vivo

Partial hepatic
functions after
spontaneous/
directed
differentiation and
purification

Low Tumorigenesis

Human iPS cells Potentially unlimited
(individually
tailored)

Partial hepatic
functions after
spontaneous/
directed
differentiation and
purification

No Tumorigenesis

Human
hepatoma
cell line

Unlimited Reduced hepatic
functions (e.g.
C3A, HepaRG)

Mild Potential of
transmission of
tumorigenic
materials

Human
immortalized
hepatocytes

Unlimited Hepatic function
varies compared
with primary
mature cells (e.g.
cBAL111,
immortalized
human fetal liver
cell line [44])

Mild Potential of
transmission of
tumorigenic
materials

Porcine
hepatocytes

Unlimited Good functions
initially

High Potential of
transmission of
zoonoses (e.g.
PERV)
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hepatic progenitors from adult hepatocytes and in vivo by selectively losing pericentral
parenchymal cells [30], such as “oval cells” induction by oncogenic insults at pericen-
tral end using hepatotoxin (e.g. carbon tetrachloride, CCL4) in liver injury models.

Hepatic stem cells in adult/pediatric human livers are present in the Canals of Hering,
small ducts in Zone 1, with strong expression for cytokeratins (CK) 7 and 19 [31, 32]. The
pioneering work of Strain identified that human hepatic progenitor cells also express CD117
(c-kit) [33]. Recently, using multiparametric flow cytometric sorting for cells with antigenic
profiles negative for hematopoietic markers and positive for certain epithelial markers, two
pluripotent progenitors (hepatic stem cells and hepatoblasts) and two unipotent progenitors
(committed biliary and hepatocytic progenitors) from human fetal livers and from pediatric
and adult human livers were isolated and identified [34]. All four populations are negative
for hematopoietic markers (CD45, CD34, CD38, CD14, and glycophorin A), making them
distinct from hepatocyte precursors from the bone marrow [35–37], and all share expression
of epithelial cell adhesion molecule, EpCAM, cytokeratins 8, 18 and cadherin and CD133/
1, also called prominin. The size of the EpCAM+ populations is 7–12 mm in diameter. The
two pluripotent populations, the hepatic stem cells, and hepatoblasts, are distinguishable.
Hepatic stem cells are N-CAM+ while hepatoblasts are ICAM+ with high expression of
a-fetoprotein (AFP) and P450 7A. The hepatic stem cells are in the ductal plates of fetal and
neonatal livers while hepatoblasts are the dominant parenchymal cell population in fetal and
neonatal livers. However, the number of hepatoblasts decreases dramatically with age, so in
adults they are found as single cells or small aggregates at the ends of the Canals of Hering.
The numbers of the hepatoblasts are higher in diseased livers, especially cirrhotic livers.
Mature liver cells are lost within about 1 h of death while hepatic stem cells can survive
ischemia for 6–8 h, which means that hepatic stem cells can be obtained from livers of all
age donors including living and deceased.

Huge progress in the differentiation of human embryonic stem cells (hESCs) to hepato-
cyte-like cells (HLCs) have been made by several groups in the past ten years [38–42].
However, the production of hESC-derived HLCs with all major liver functions remains a
challenge [43]. In addition, there remains serious concerns of possible tumorigenesis
potential of cells that don’t fully commit to the liver lineage. Similar progress and concerns
are shared in the field of producing HLCs from human induced pluripotent stem cells (iPSs).
Thus, despite of their powerful potentials, the immediate application using hES/iPS derived
hepatocytes is for drug screening and disease modeling.

14.2.3
Methods and Biomaterials for Ex Vivo Primary Hepatocyte Culture

14.2.3.1
Liver Tissue Culture

At the whole organ level, isolated perfused rat livers have been developed as an in situ
model to study the liver synthetic ability of albumin and urea [45, 46], to test the drug
toxicity ex vivo [47, 48], and to evaluate functional changes during injury and disease [49].
The isolated liver can be perfused with nutrition-rich medium through the portal vein
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following the ligation of the hepatic artery [50]. This method can preserve the hepatic
functions and architecture for a few hours, but only a single experiment can be performed
on each liver. The high cost and significant variances in the results among individual
isolated livers has hindered its wide applications [51].

The next technique developed to maintain functional liver tissue ex vivo is precision-cut
liver slice culture. Liver slices from animal (e.g. rat, dog) and human livers to about 200 mm
in thickness can be cultured for up to 3 days in a high-oxygen (70% vs. 20% of normal
oxygen level) environment [52–54]. For years, liver slices have been used for studies of
in vitro pharmaco-toxicology [55], inflammatory responses to bacteria [56], and hepatic
metabolism of alcohol [57] and drugs (e.g. acetaminophen) [58]. Recently, the technique
was used for ex vivo evaluation of antiviral therapy for chronic hepatitis C [59] and drugs
for anti-liver-cancer [60] and anti-fibrosis treatments [61]. The main advantage of liver slice
culture is that it can preserve the architecture and cell–cell heterotypic interactions in the
liver. However, the hyper-physiological oxygen concentration required to maintain the liver
slices in culture could significantly change hepatic metabolism, resulting in different
responses compared to in vivo conditions. On the other hand, liver slices cannot be used
for long-term in vitro liver toxicity and metabolic testing.

A recent development in liver tissue culture is the generation of hepatic organoids with
preserved intrinsic tissue architecture from swine liver using mechanical dissociation [62].
These organoids may provide an alternative source for hepatic assist devices, in vitro
disease modeling, and xenobiotic testing.

14.2.3.2
Methods and Biomaterials of Primary Mature Hepatocyte Culture

Over the past 50 years, a variety of methods of primary hepatocyte isolation have been
explored. One milestone in this process was the introduction of enzymatic digestion [63]. It
was furthered improved by using a one-step [64] and eventually a two-step perfusion via the
portal vein [65], which dramatically enhanced the viability of isolated hepatocytes and has
become the most commonly used hepatocyte isolation technique.

However, primary hepatocytes lose their phenotype rapidly after isolation under stan-
dard culture methods, maintaining liver-specific functions in vitro has been a major
challenge. In 2D surface culture using traditional tissue culture dishes/plates, primary
hepatocytes lose their cuboidal morphology and hepatic functions (e.g. albumin and urea
synthesis) within a week after isolation. Cells dedifferentiate into fibroblast-like cells.
Methods that can maintain the stable long-term functions of hepatocytes use different
biomaterials and culture configurations, including (1) the collagen sandwich configuration
[66–68], (2) 3-dimensional aggregate/spheroid culture induced by seeding on weakly
adherent surfaces or soft gels such as poly HEMA coatings [69, 70], alginate sponges
[71, 72], Matrigel [73, 74], self-assembling peptide hydrogel (PuraMatrix) [75], adipocyte-
derived natural basement membrane extract (Adipogel) [76], or by preventing cell attach-
ment to the substrate in suspension culture using spinner flasks [77], and (3) coculture with
non-parenchymal cells including liver sinusoidal endothelial cells (LSEC) [7, 78, 79], 3T3-
J2 fibroblasts to simulate stellate cell coculture [29, 80]. It was also reported that heaptocyte
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coculture with Kuffer cells could more accurately mimic inflammatory responses similar to
that seen in vivo [81, 82].

Hepatocytes under different culture configurations on different biomaterials show dis-
tinguishable morphologies. Figure 14.2 shows phase contrast images of four culture con-
figurations, cuboidal single-layer hepatocytes in collagen sandwich, hepatocyte aggregates
on Matrigel, hepatocyte spheroids on PuraMatrix, and coculture of LSEC with hepatocytes
on PuraMatrix. The long-term hepatic functions (e.g. albumin and urea products, CYP450
activity) are compatible and high in cultures of collagen sandwich, Matrigel and PuraMatrix
as well as Adipogel [75, 76]. The quick cell–cell contact after isolation in the aggregate/
spheroid culture seems to provide a faster recovery from isolation stresses than that of
collagen sandwich culture[75]. A detailed review about hepacyte culture techniques includ-
ing the hepatocyte culture medium was presented by Nahmias et al. [83].

Two dimensional culture systems using the configuration of collagen sandwich or
coculture can maintain the long-term hepatic phenotype and are robust and easy to
maintain. However, they contain low cell numbers, and thus low functional capacity per

Fig. 14.2 Phase contrast images of primary rat hepatocyte culture and coculture configurations. (a)
hepatocyte monolayer in collagen sandwich culture (day 3); (b) hepatocyte aggregates on Matrigel
(day 3); (c) hepatocyte spheroids on self-assembling peptide hydrogel (PuraMatrix, day 3), (d)
hepatocyte coculture with rat heart microvascular endothelial cells (RHME) seeded 10 days before
hepatocyte seeding, stable hepatocyte spheroids formed within the network of tube-like structures
preformed by 10 days culture of RHME cells. Scale bar is 100 mm
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unit volume (typically ~106 cells/mL) and are difficult to adapt to a large-scale culture
system. Nevertheless, the 2D hepatocyte culture systems have considerable potential as an
ex vivo liver tissue model for in vitro liver toxicity screening and metabolism studies. One
recent advance was to use micropatterned hepatocyte-3T3 cocultures for hepatitis C vaccine
development [84]. This technology is being explored by a company, Hepregen, to develop a
microliver platform for toxicity screening and drug discovery.

On the other hand, three dimensional culture methods are more amenable to scale-up and
provide cells an opportunity to form a large number of intercellular contacts that help
maintain their in vivo phenotype. Therefore, hepatic 3D aggregates/spheroid culture may
provide feasible culture solution for bioartifical liver supporting systems. Although hepa-
tocytes maintain long-term function on Matrigel, the potential tumorigenicity and immuno-
genicity, as well as poorly defined composition and potential batch-to-batch variation, of
this material limits its use for in vivo therapeutic applications as well as for in vitro drug
toxicity studies. Synthetic self-assembling peptide hydrogel, such as PuraMatrix, will be
able to avoid the disadvantages of Matrigel in the in vivo applications and still provide the
ability to achieve the similar hepatic functions in the ex vivo culture [75].

Another advance in the biomaterial development for liver tissue engineering has been
the use of basement membrane extract secreted by primary human cells. Recent studies
have shown that liver tissue derived extracellular matrix can maintain human hepatocyte
function in vitro [85, 86]. One of the authors has recently reported the development of a
novel adipocyte-derived natural basement membrane extract (BME) [76]. This new mate-
rial termed Adipogel obviates disruption of protein–protein interactions; eases generating
BME using a less cumbersome procedure, uses animal free extraction procedures and
minimizes batch to batch variability, reduces the possibility of pathogen transmission,
and retains the ability to modulate the supramolecular composition of the BME. Table 14.2
summaries biomaterials supporting primary hepatocyte culture in vitro partially or fully.

On the other hand, biomaterials have been in the development for drug delivery targeting
antifibrosis [87]. Non-matrix primary hepatocyte sheets generated by culturing cells for 3 days
on temperature-responsive polyer (PIPAAm) were detached and successfully transplanted
subcutaneously in mice. Engraftment and formation of hepatic tissues was confirmed [88].

14.3
Review of Previous Work of Liver Support Systems

The rapid deterioration of liver functions in acute liver failure (ALF) results in coagulopathy
and mental alteration (encephalopathy) in a patient without preexisting cirrhosis. Acute
liver failure includes both fulminant hepatic failure (FHF) and subfulminant hepatic failure.
Fulminant hepatic failure is used to describe the development of encephalopathy within
8 weeks of the onset of symptoms. Subfulminant hepatic failure patients have liver disease
for up to 26 weeks before the development of hepatic encephalopathy. Patients with Wilson
disease, hepatitis A and B, or autoimmune hepatitis may be included in spite of the
possibility of cirrhosis if their disease has been active less than 26 weeks. Drug-related
hepatotoxicity is the leading cause of acute liver failure in the United States. It has a very
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high mortality, which is about 60–80% depending on the original cause and the clinical
center/hospitals [21]. With improved intensive care, doctors have many artificial devices,
such as artificial lung/ventilation, artificial heart, blood oxygenator, hemodialysis devices,
heart-lung machine and aortic balloon pumping, to support their patients temporarily as a
bridge to the next disease-curing step. However, there is still no artificial/bioartificial liver
(BAL) in the intensive care unit to support ALF patients. The successful BAL that can
support ALF patients and work as a bridge to liver transplantation has to be able to provide
the detoxification function, hepatic synthetic and regulatory functions [94].

Despite functions of acute intervention and bridging to orthotopic liver transplantation
that extracorporeal liver supporting systems can provide in the case of ALF or intoxication,

Table 14.2 Biomaterials supporting primary hepatocyte culture

Natural materials
Collagen Type I Coating/single gel: monolayer, dedifferentiation and hepatic function

decreasing, need non-parenchymal cells to maintain hepatic functions
Sandwich culture: monolayer cuboidal morphology; high and long term

basic hepatic functions (e.g. albumin, urea and CYP450)
Matrigel Aggregates, high and long term hepatic functions
Alginate/chitosan Spheroids (up to 100 mm in diameter), coculture with fibroblasts (NIH3T3)

enhanced hepatic functions [89]
Alginate Smaller spheroids and lower hepatic functions than that of alginate/

chitosan sponge [89]

Adipogel Soluble adipogel in medium on collagen single layer hepatocytes:
enhanced albumin synthesis than that of collagen sandwich while urea
and CYP4501A1 are compatible

Adipogel (top)/collagen (bottom) sandwich: compatible albumin and urea
synthesis comparing to collagen sandwich, but lower CYP4501A1

Synthetic materials
PLLA Hepatocyte-seeded PLLA disc with 95% porosity was tested in a pulsatile

flow bioreactor. Cell spheroids were formed. Ammonia removal capacity
and glycogen storage ability were demonstrated over 6 days [90]

PGLA Cell morphology depends on the pore sizes, changing from big aggregates
to spheroids then to smaller spheroids with pore sizes of 2.7, 16.5 and
67.4 mm, respectively. Hepatic functions were higher than collagen
single gel culture but significantly lower than collagen sandwich
culture [91]

Photosensitive-PEG Hepatocytes alone in PEG had zero viability after one-day culture; co-
encapsulation with 3T3-J2 fibroblast rescued the viability to ~50%; its
potential usage in hepatocyte culture is in generating micoliver
structures using microfabrication [92, 93]

PuraMatrix Self-assembling peptide hydrogel (monomer sequence: Ac-(RADA)4-
CONH2); spheroids with the diameter of 80 � 21 mm; compatible long
term hepatic functions comparing to collagen sandwich or Matrigel
culture

PLLA poly(L-lactic acid), PGLA poly(D,L glycolic-co-lactic acid), PEG poly(ethylene glycol)
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they may not be as desirable as intracorporeal systems (e.g. hepatocyte transplantation or
transplantable constructs) in the treatment of many liver metabolic disorders, which require
the correction of a small portion of the complex liver functions. In this case, the hepatocyte
transplantation of 10% liver mass would be sufficient to reinstall the necessary metabolic
functions in many enzyme deficient diseases [22]. Compared to whole liver transplantation,
hepatocyte transplantation has some advantages, such as a lower mortality and morbidity
due to the less invasive procedure, fewer consequences of graft loss due to the intact host
liver with its own primary functions and vasculature, and less immunogenic reactions
because allogenic hepatocytes may be engineered in vitro. Yet, hepatocyte transplantation
shares the same major obstacle with BAL, which is the cell source for primary human
hepatocytes. In addition, it has a big clinical challenge in how to transplant a sufficient cell
mass without increasing portal hypertension and pulmonary dysfunction.

Nevertheless, significant progress has been made in the past 30 years in the AL/BAL
development and its applications as well as clinical procedures of hepatocyte transplanta-
tion. Here we review several representative products that are FDA approved or under
clinical trials or in preclinical research. They are summarized in Tables 14.3 and 14.4.

Table 14.3 Device design and current status of extracorporeal liver support systems

Device (company
name)

Cell source and device
configuration

Perfusion and
treatment method

Current status

MARS (Gambro,
Germany and
Switzerland)

No cells; High-flux
polysulfone dialyzer,
50 kDa cut-off;
human albumin in
dialysate

Whole blood
6 h/day up to 5 days;

FDA 510 (k) approval
for drug overdoses
and poisoning, June
2005

Completed Phase III for
70 patients with cirrhosis
and HE
Phase III in patients with
FHF

Prometheus
(Fresenius
Medical Care,
Germany)

No cells; polysulfone
plasma separation
filter (250 kDa cut-
off, albumin
permeable)
connected to two
toxin-absorber filters
and dialysis circuit

Whole blood

6–8 h/day over 2–5
days

New clinical trial: the
effect of prometheus
on cerebral
metabolism in acute
liver failure

ELAD (Vital
Therapies, La
Jolla, CA)

Four hollow fiber
cartridges with 300–
400 g hepatoma
derived C3A cells;
Two cell filters in the
plasma return line to
patient for safety

Plasma in lumens of
parallel fibers and
cell aggregates in
extracapillary
spaces;
Countinuously
for 3–30 days

Phase II clinical trial in
patients with FHF
with primary
outcome
measurement of 30-
day transplant-free
survival or bridge to
transplant/recovery

(continued)
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14.3.1
Artificial/Bioartificial Liver

14.3.1.1
Extracorporeal Artificial Liver: Blood Detoxification System

The idea behind an artificial liver is similar to a renal dialysis device, filtering
out accumulated toxins in blood. However, in the blood of patients of liver failure, only
some of the toxins accumulated are water soluble, while most are bound to blood proteins
(e.g. albumin). There are two commercially available artificial liver devices, albumin dialysis

Table 14.3 (continued)

Device (company
name)

Cell source and device
configuration

Perfusion and
treatment method

Current status

Hepa-Mate
(previously
HepatAssist,
HepaLife
Technologies,
Boston, MA)

Two charcoal
detoxification filters
in series with a
hollow fiber
bioreactor with
7 � 109

cryopreserved
porcine hepatocytes

Plasma in lumens of
parallel fibers and
cell aggregates on
microcarriers in
extracapillary
spaces

6 h/day and up to 14
days

New Phase III clinical
trial in patients with
FHF without failed
liver transplantation

MELS (Charité
Virchow, Berlin,
Germany)

Hemodialysis module in
serial with a SPAD
module followed by
a hollow fiber
bioreactor with
400–600 g human
liver cells isolated
from discarded
cadaver livers

Plasma in lumens of
interwoven fibers
and cell
aggregates in
extracapillary
spaces

Continuous
perfusion for 79 h on
one patient

Finished Phase I clinical
trial using porcine
hepatocytes

On-going Phase I
clinical trial using
human primary
hepatocytes, 12 patients
were treated.

AMC-BAL (Hep-
Art, Amsterdam,
Netherland)

Circularly wound
polyester matrix
around a polysulfone
core with
longitudinal hollow
fibers for oxygen
delivery and spacing
between matrix;
10 � 109 porcine
hepatocytes; A cell
filter in the plasma
return line for safety

No cell culture
medium; plasma
perfusion through
hepatocytes
attached on the
polyester matrix
surface

Total duration of
BAL treatment:
4–35 h in Phase
I trials

Finished Phase I clinical
trial

Developing
immortalized hepatic
cell lines to replace the
porcine hepatocytes as
the cell source for the
BAL

HE hepatic encephalopathy, FHF fulminant hepatic failure, ELAD extracorporeal liver assist
device, MELS modular extracorporeal liver support, SPAD single pass albumin dialysis, AMC
Amsterdam Medical Center
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(Molecular Adsorbent Recirculating System, MARS) and fractionated plasma separation
and adsorption (Prometheus).

The concept of albumin dialysis was introduced into the field of liver support devices by
a research group at the University of Rostock in Germany [95]. In a MARS device, the
blood circuit driven by the dialysis machine passes through the MARS FLUX dialyzer at a

Table 14.4 Clinical studies of hepatocyte transplantation and outcomes

Liver disorder Clinical study Outcome

Chronic liver disease At least eight patients including
four children were reported in
several studies; cell infusion
was intrasplenic, intraportal or
through hepatic artery.

Improved liver functions in all
eight patients; bridged four
patients to orthotopic liver
transplantation (OLT)
successfully; confirmed
engrafted hepatocytes in spleen
in two patients.

Acute liver failure More than 15 patients including
children were treated with liver
cell infusion through splenic
artery, portal vein or
intraperitoneal cavity

Improved liver functions;
extended survival time; full
recovery in some patients
without OLT; bridged to OLT
successfully in some cases.

Inborn metabolic
disease

OTC deficiency
Newborn children received ~2–4
billion cells over 5–6 months
period with immunosupression
followed by OLT

Temporary relief of
hyperammonemia and protein
intolerance; bridged to partial
OLT successfully

a1-antitrypsin deficiency
Two patients

Cirrhosis was found when cell
infusion was performed, and
subsequent OLT was operated

Glycogen storage disease type 1a
A 47-year-old patient received
2 billion cells with
immunosupression

Normal diet restored and could fast
for 7 h without experiencing
hypoglycaemia

Infantile Refsum’s desease
A 4-year-old patient received
2 billion cells with
immunosupression

Decrease in total bile acids,
dihydroxycoprostanoic acid,
and pipecholic acid; donor cell
engraftment was confirmed

Factor VII deficiency
Two patients received 1–
2 billion cells with
immunosupression

Temporary reduced the dose
requirement of exogenous
recombinant factor VII

Crigler-Najjar syndrome type 1
At least three children age from
2 to 9 years old were treated
with hepatic progenitor cells or
hepatocytes with
immunosupression

In two cases, continuously reduced
disorder was observed. In one
case, only temporary benefit of
cell transplantation was
observed, and the patient
received OLT later on

OTC Ornithine Transcarbamylas, PFIC2 bile salt export protein deficiency
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median speed of 210 (170–500) mL/min before returning to the patient via the intravenous
catheter. Thus, water-soluble and albumin-bound molecules of small molecular weight are
removed from the blood by diffusion following a concentration gradient through the
polysulfone membrane (50 kDa cut-off) into a standard dialysate solution containing
16.6% human albumin. The albumin containing dialysate itself is then filtered by a
conventional dialyzer to remove unbound water-soluble molecules followed by activated
charcoal column and ion exchange resin column to adsorb albumin-bound molecules. The
purified albumin containing dialysate returns to MARS FLUX dialyzer to close the loop
(Fig. 14.3a). Since 1999, the device has been commercially available throughout Europe
and in a number of Asian countries. It is 510 (k) approved by the Food and Drug
Administration (FDA) for drug overdoses and poisoning as of June 2005 in the US. Both
preclinical and clinical trials on MARS proved a significant reduction of albumin-bound
toxins (e.g. ammonia, bilirubin, bile acids, copper, short and middle chain fatty acids),
neurological improvement and prolonged survival time [96, 97]. However, the impact of
MARS on the survival of end-stage liver disease patients awaits the results of an on-going
Phase III clinical trial in patients with fulminant and subfulminant hepatic failure. The
primary outcome measure of this trial is patient survival at 6 months [98].

A simplified and alternative version of albumin dialysis is single pass albumin dialysis
(SPAD). One preclinical study reported that MARS was the more effective kind of albumin
dialysis than SPAD for the important substances like bile acids and that it was safer [99].
Nevertheless, Phase I and II clinical trials of SPAD are underway in patients with cirrhosis
in France [100].

The idea of fractionated plasma separation and adsorption (FPSA) was published in
1999 [101]. Prometheus was more recently developed and commercialized in Europe and
some Asian countries by Fresenius Medical Care in Germany. In a Prometheus system, a
polysulfon filter with a cut-off of approximately 250 kDa is used in a dialyzer, AlbuFlow.
Albumin and the protein bound toxins in plasma pass through AlbuFlow filter and then
toxins are removed from the plasma by two adsorber filters. The filtered plasma combines
with non-plasma portion of the blood and is filtered further by a conventional high-flux
hemodialyzer (Fig. 14.3b). Detoxificated blood returns to the patient via the intravenous

Fig. 14.3 Schematic drawing of (a) MARS and (b) Prometheus
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catheter [102]. Initial studies have proven clinical use of Prometheus to be feasible and safe.
Head-to-head comparisons of Prometheus and MARS have shown treatment with the
former to be more efficient with respect to removal of most albumin-bound (e.g. bilirubin
and ammonia) and water-solved markers (e.g. creatinine) [103, 104]. It is not known
whether the observed greater detoxification capacity of Prometheus will translate into
clinical benefit. In a recent randomized comparison of MARS and Prometheus, however,
hemodynamic improvement was observed in response to MARS, but not Prometheus
treatment [105]. In addition, patients’ own blood albumin level was decreased after
Prometheus treatment but not MARS [106]. A large randomized controlled trial investigat-
ing the effect of Prometheus on survival (HELIOS study) and on cerebral metabolism in
acute liver failure has been conducted in Europe [107]. Nevertheless, liver/albumin dialysis
must still be considered in the experimental stage because its contribution to improved
patient survival has not been proven in large randomized trials.

14.3.1.2
Extracorporeal Bioartificial Liver (BAL)

One of major the liver functions, secretion or protein synthesis, can never be achieved in
artificial liver support systems. In order to delivery hepatic synthetic and regulatory func-
tions to patients with the end-stage liver diseases and bridge them to liver transplantation,
several extracorporeal bioartificial liver support systems with primary porcine hepatocytes,
immortalized hepatocytes or primary human hepatocytes are currently under clinical trials.
Table 14.3 summaries the device design and current status of these extracorporeal liver
support systems.

Hepa-Mate, previously known as HepatAssist, was the first BAL that went through
clinical trials I, II and III. Phase I trials of HepatAssist in acute liver failure patients yielded
promising results [108]. A pivotal Phase II/III prospective, randomized, controlled trial in
171 patients (86 control and 85 treated) with fulminant/subfulminant hepatic failure includ-
ing 24 patients with primary nonfunction following failed liver transplant in 11 U.S. and 9
European medical centers was completed [109]. When 30-day survival was analyzed in the
entire patient population, there was no difference between the control and HepatAssist-
treated group. However, survival in fulminant/subfulminant hepatic failure patients, exclud-
ing those 24 patients with failed liver transplantation, was significantly higher in the BAL
group compared with the control group. The company (HepaLife Technologies) has been
planning a new Phase III clinical trial without the inclusion of failed liver transplant
patients. Hepa-Mate consists of two charcoal detoxification filters in series with a poly-
sulphone hollow fiber bioreactor (membrane pore size: 0.15–0.20 mm) with 7 � 109

cryopreserved porcine hepatocytes. Cells are cultured as aggregates on collagen coated
dextran microcarriers in extracapillary spaces while plasma flow in lumens of parallel
fibers. In its completed Phase II/III clinical trials, plasma perfusion was performed 6 h
per day for 14 days unless a matching donor liver was located and the patient went on to
liver transplantation. Porcine endogenous retrovirus (PERV) infection is a risk for using
porcine hepatocytes in BAL. Twenty-eight patients in Phase I clinical trials of HepatAssist
tested negative for PERV using polymerase chain reaction analysis of peripheral blood
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mononuclear cells (PBMC) collected up to 5 years after treatment [110]. However, PERV
infection remains a big concern and many European countries have banned the use of BAL
that employ porcine hepatocytes. A recent in vitro study showed that primary human
hepatocytes and endothelial cells were reproducibly infected by PERV originated from
primary porcine hepatocytes within a BAL [111].

ELAD, Extracorporeal Liver Assist Device, avoided the PERV problem by using a liver
cell line, C3A, derived from hepatoblastoma [112]. ELAD consists of four hollow fiber
cartridges (120 kDa membrane cutoff) with ~100 g oxygenated C3A per cartridge. A cell
filter (pore size: 0.45 mm) was added in the plasma return line to the patient’s vein for safety
in the modified version [113]. The ELAD device design is similar to Hepa-Mate but can be
tailored for children by using 2–3 hollow fiber cartridges. Although hepatoma cells do not
have the same high level of hepatic specific functions as primary hepatocytes, the feature of
their easy in vitro maintenance allows the same ELAD device to be used for a much longer
time than the BAL using primary hepatocytes. Currently, ELAD is under Phase II clinical
trials in patients with FHF using primary outcome measurement of 30-day transplant-free
survival or bridge to transplant/recovery [114].

MELS, Modular extracorporeal liver support, is an integrative BAL consisting of a
bioreactor (CellModule) with primary human liver cells harvested from discarded human
donor livers [115], a single-pass albumin dialysis unit (DetoxModule) presents human
albumin for the removal of albumin-bound toxins in order to reduce the biochemical
burden of the liver cells, and a hemodialysis unit (DialysisModule) provides for continu-
ous venovenous hemofiltration if required in hepatorenal syndrome [116]. In the MELS
liver bioreactor, polyether sulphone (PES) hollow fibers (400 kDa membrane cutoff) are
interwoven instead of parallel. They contain three capillary systems. Two of these are
used for counter directional flow perfusion of the cells with the patient’s plasma and one
capillary system enables integral oxygenation and carbon dioxide removal. Human liver
cells (400–600 g) including parenchymal and nonparenchymal cells form tissue by
spontaneous organization to aggregates immobilized to the surface of the capillaries. In
their Phase I clinical trials using porcine hepatocytes, eight patients were successfully
bridged to transplantation using continuous perfusion over a period of 8–46 h and were
observed over at least 3 years with an organ and patient survival rate of 100% [117].
In one report using MELS with primary human liver cells, the perfusion was successfully
performed for 79 h on a patient suffering from primary non-function of the transplant
until a suitable organ became available [118]. Because of the ban of using porcine
heaptocytes in many European countries, MELS is under clinical trial I using human
primary hepatocytes.

AMC-BAL was developed at the Academic Medical Center (Amsterdam, Netherlands)
15 years ago. It consists of a circularly wound polyester matrix for porcine hepatocytes to
attach with longitudinal polypropylene/polymethylpentane hollow fibers for oxygen deli-
very and to serve as spacers between the polyester matrix. Patients’ plasma is in direct
contact with hepatocytes through flow, and there is no flow of cell culture medium [119]. Its
first clinical trials showed positive results in safety and efficacy in 12 ALF patients in Italy
[120]. However, xenotransplantation legislation in many European countries prohibits the
use of porcine hepatocytes in clinically applied BAL systems. The group has been devel-
oping a human-derived hepatocyte cell line as a biocomponent of BAL systems. Recently,
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cBAL111 has been developed from immortalized human fetal liver cells and has been well
characterized [44]. Although all hepatic functions were expressed in cBAL111, there was
considerable variation in their levels compared with primary mature hepatocytes.

Bioartificial Liver Support System (BLSS) was originally developed in University of
Pittsburgh Medical Center, and now is under development by Excorp Medical, Inc. Hybrid
Bioartificial Liver (HBAL) has been under development at Nanjing University and its Drum
Tower Hospital of Medical College in China. Both BLSS [121] and HBAL are BALs with
the hollow fiber configuration with blood (BLSS)/plasma (HBAL) flow inside hollow fibers
and porcine hepatocyte aggregates in the spaces between capillaries. In BLSS, cells are
encapsulated in a collagen hydrogel. BLSS is under clinical trials I/II and HBAL is under
clinical trial I [122, 123].

Comparison between different BALs that employ porcine hepatocytes, suggest that cell
mass and bioreactor configuration (i.e. whether or not cells are in direct contact with
patient’s plasma without semipermeable membranes) affect the efficiency of toxic clear-
ance. The total bilirubin and ammonia concentrations decreased by 29% and 23% respec-
tively of the initial concentration in a study after HepaAssist treatment with 5 � 109 porcine
hepatocytes [124], while the values were 44% and 31% respectively after AMC-BAL
treatment with 10 � 109 porcine hepatocytes [120]. In AMC-BAL, the direct contact of
patient plasma with porcine hepatocytes may contribute to its higher efficicy of detoxifica-
tion. However, patient plasma provides an unfavorable environment for primary hepatocyte
culture. In AMC-BAL, hepatic functions dropped to 80–90% after 3 days with 180 min
perfusion each day, and 75% after 7 days [125]. Studies have shown that hepatic functions
of hepatocytes exposed to plasma culture changed dramatically, and culture medium with
insulin concentration above the physiological level resulted in fatty cells [126–128].
Recently developed, metabolic preconditioning methods that reduce the fat content in
hepatocytes and perfused fatty liver may find strong applications in BALs [129].

14.3.2
Hepatocyte Transplantation and Transplantable Liver Constructs

In the case of some liver diseases (e.g. certain metabolic diseases) with primary undamaged
liver functions and structure, replacement of a small fraction of the liver or a single liver
function is more desirable than replacing the whole liver using an extracorporeal artificial/
bioartificial liver. Hepatocyte infusion/injection through intraportal or intrasplenic routes
has been investigated in both animal models and human patients. After injection, some of
donor hepatocytes translocate and accumulate in the hepatic sinusoids, causing portal
hypertension. Although the majority of these cells are washed away by blood, a portion
of the cells can translocate into the space of Disse through the sinusoidal endothelium [130].
A transient disruption of gap and tight junctions between host hepatocytes eventually
allows the engrafting of donor liver cells [131, 132]. Studies have shown that cell trans-
plantation of no more than 10% liver mass usually did not cause complications, such as
portal vein thrombosis and migration of cells to lungs leading to pulmonary embolism [133,
134]. However, less than 30% of the transplanted hepatocytes survive in the host liver
[135]. Therefore, the major limitation of hepatocyte transplantation through the portal vein
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or spleen is the number of engrafted donor cells can only reach about 3%of the host hepatocyte
number without causing complications. How much hepatic function may improve from
these 3% transplanted cells is debatable. However, since the host liver may provide the
best microenvironment for the donor cells, the hope lies in the repopulation or prolifera-
tion of the engrafted donor cells if the cell transplantation method remains the same. On
the other hand, the enhanced hepatic function(s) may be achieved by changing the cell
transplantation method using tissue engineering of transplantable and engraftable liver
tissue constructs with a much larger quantity of hepatocytes encapsulated in a biocom-
patible scaffold.

14.3.2.1
Clinical Hepatocyte Transplantation

Currently human liver cell transplantation has been tested in patients with chronic liver
diseases like cirrhosis, in patients with acute liver failure, and in children with inborn
metabolic liver diseases [136, 137]. Table 14.4 summarized the examples of clinical studies
of liver cell transplantation and their outcomes.

Clinical trials of hepatocyte transplantation in patients with chronic liver diseases in
general increased liver functions temporarily, such as controlling hyper-ammonemia, and
could bridge the patients to orthotopic liver transplantation [138–140]. It was also reported
in one patient that the total bilirubin and conjugated bilirubin started decreasing during the
first month after cell infusion [141]. Because of the abnormality of liver architecture and
scar tissue in end-stage liver disease patients, long term engrafting of transplanted hepato-
cytes is challenging.

Clinical trials of hepatocyte transplantation in patients with acute liver failure (ALF)
gave more results that are positive. In one trial, three out of five patients who survived 48 h
after hepatocyte transplantation (HT) had substantial improvement in encephalopathy
scores, arterial ammonia levels, and prothrombin times. All three patients lived substantially
longer than expected after liver cell infusion (12, 28, and 52 days) [142]. In two separate
studies, two patients fully recovered without OLT after intraportal infusion of human
hepatocytes (109–1010 cells) and immunosuppression of 4–12 months [143, 144]. In
another study using fetal hepatocytes in transplantation, three out of seven patients fully
recovered without OLT after liver cell infusion [145]. Despite these positive results, it
should be realized that spontaneous survival rate is about 25% with drug induced or
hepatitis B ALF patients due to improved intensive care [94]. Therefore, it is difficult to
single out the positive effects of hepatocyte transplantation in the case of ALF patients.

On the other hand, data of the studies on patients with inborn metabolic diseases are
easier to comprehend because the other primary liver functions are intact. There have been
more than 14 children with inherited metabolic diseases who have undergone hepatocyte
transplantation (HT) in various clinical trials to treat ornithine transcarbamylas deficiency
[146, 147], a1-antitrypsin deficiency [138, 148], glycogen storage disease type 1a [149],
infantile Refsum’s disease [150], factor VII deficiency [151], bile salt export protein
deficiency (PFIC2, one patient in King’s College, London, 2003) [152]and Crigler-Najjar
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syndrome type 1 [153–155]. Although individual results are encouraging, different treatment
protocols and the lack of a controlled study make it difficult to judge the overall significance
of HT in the treatment of metabolic diseases [156].

14.3.2.2
Development of Transplantable Liver Tissue Constructs

The small number of hepatocytes permitted in direct cell infusion/injection without com-
plications and the low percentage of engrafted donor cells motivated investigators to seek
an alternative cell transplantation method using tissue engineering with three dimensional
porous biomaterials.

Transplantable liver tissue constructs have been in development in rat models for over
15 years. The polymer matrix-based liver tissue could incorporate a larger number of
hepatocytes from 20% of recipient’s liver mass [157, 158] to the whole organ level [159].
Many types of porous polymers have been explored in the development of transplantable
liver tissue engineering, including polyvinyl alcohol sponges [159], polylactic acid (PLA)
or polylactic-co-glycolic acid (PLGA) [157], and polyglycolic acid (PGA). Due to the
introduction of 3D matrix, the microenvironment for transplanted hepatocytes could be
better controlled by defined growth factors [160] and extracellular components [73] to
enhance the hepatic functions. Engineered liver tissue constructs have generally been
subcutaneously implanted into the mesentery of rats. Thus, the problem of portal hyperten-
sion or pulmonary embolism caused by hepatocyte infusion could be avoided. In addition,
the cell matrices could be easily removed if it is required.

Although long-term engraftment, cell proliferation in the matrix and hepatic functions of
heterotopically transplanted hepatocytes have been shown in the glucuronyl-transferase-
deficient Gunn rats [161] and vitamin C deficient ODS rats [158], the immediate cell
survival rate was very low (~1%) 7 days after implantation and recovered to about 26%
of the initial cell numbers in 2.5 months[157]. The possible solutions are prevascularization
of the liver tissue constructs and the use of hepatocytes with higher proliferation ability,
such as fetal liver cells. In a recent study, the transplantation of fibrin gel-immobilized fetal
liver cells in a vascularized arterio-veno-venous (AV)-loop rat model was investigated
[162]. The study showed that fibrin matrix allowed rapid blood vessel ingrowth from the
AV-loop and thus engraftment of fetal liver cells was improved.

The major obstacle for translating successful animal data to human clinical trials using
transplantable liver tissue constructs is perhaps the lack of a less invasive hepatotrophic
stimulation method. Sufficient long-term stimulation of the transplanted hepatocytes is
mandatory in clinical application of heterotopic hepatocyte transplantation. In many rat
models, protocaval shunt operation was used as a standard technique for hepatotrophic
stimulation. The development of efficient and noninvasive techniques for long-term hepa-
totrophic stimulation is essential for clinical applications of transplantable liver tissue
constructs. In one study, it was reported that pancreatic islet cotransplantation in the matrix
could results in a similar hepatocyte proliferation rate and albumin function compared to
protocaval shunt operation over a month [163]. This is a much less invasive stimulation
method.
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The promising potential of hepatocyte-islet cotransplantation in matrix leads to the
current Phase I clinical trial using a formaldehyde-free special matrix consisting of self-
dissolving polymers with human autologous hepatocytic tissue and pancreatic tissue from
liver resection and pancreatic biopsy, respectively [164]. The trial will be performed for
enrolled patients with liver cirrhosis in Baermed Center for Abdominal Surgery, Zürich,
Switzerland, and is currently in the patient recruiting stage.

14.4
Future Directions

It is evident from the above discussion that tissue engineering can have a far reaching
impact in liver diseases. The major challenge is to develop strategies that can generate
highly enriched functional lineage-specific progenitors or mature hepatocytes for cell
transplantation in liver disease models and BAL supporting systems. Considering the
utilization of attractive candidates of differentiated and undifferentiated hESCs/hiPSs for
liver transplantation, further study of the distinct role of early and mature populations is
warranted to determine which stage will ultimately provide the most benefit in animal
disease models by ameliorating liver diseases. The development of stem cell transplantation
therapy and testing the efficacy of such treatments in animal models would aid in preclinical
development of therapeutics. In addition, hepatic stem cells isolated from human livers have
a great immediate potential if the systematic cell expansion and storage can be established
nationwide.

Another challenge is to generate natural/synthetic basement membrane matrices com-
prising ECM proteins, growth factors and biological activity for maintaining functional
human hepatocytes for long term cultures. The cell secreted matrices hold tremendous
potential because of various advantages, such as preservation of protein–protein interac-
tions in their natural state, animal free extraction and reduction of pathogen transmission.
On the other hand, synthetic self-assembling peptide hydrogels mimicking the functional
motifs of ECM proteins is another promising direction for further exploration as matrices
for liver tissue engineering.

A better understanding of host responses to hepatitis viruses and other inflammatory
diseases can be done in a high-throughput platform in microscale cultures. More effort in
this direction will provide an enhanced understanding of drug efficacy, drug–drug interac-
tions and drug toxicity in liver diseases. Currently, there are no in vitro models for studying
the mechanistic aspects of liver diseases under in vitro conditions. More efforts have to be
made in studying human liver diseases using microscale tissue engineering and in the
development of organotypic models in bioreactors. Once an organotypic model has been
generated which mimics the hepatic tissue microenvironment and functionality, then it will
aid in developing novel therapeutics for liver diseases.

Notably, the development of mechanistic understanding of immunomodulation of hepa-
tocytes in vitro using bioreactor and microscale technology holds remarkable promise for
drug screening and liver transplantation and may open new avenues for drug research and
patient specific drug development.
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Abstract This book chapter will explore the area of cardiac tissue engineering and
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cultivation techniques are discussed for the engineered heart patches. Finally, future direc-
tions in the field including finding a suitable cell source and increasing the vascularization
of the patches are suggested.

Keywords Angiogenesis l Cardiomyocyte l Cell therapy l Heart l Heart failure l

Hydrogel l Myocardial infarction l Regenerative medicine l Scaffold

M. Radisic (*)
Institute of Biomaterials and Biomedical Engineering, University of Toronto, 164 College Street,
Room 407, Toronto, ON, Canada M5S 3G9
e-mail: m.radisic@utoronto.ca

J.A. Burdick and R.L. Mauck (eds.), Biomaterials for Tissue Engineering Applications,
DOI 10.1007/978-3-7091-0385-2_15, # Springer-Verlag/Wien 2011

421



15.1
Introduction

Tissue engineering is a non-traditional field, born out of the crossing between life sciences,
medicine, materials sciences and engineering. Y. C. Fung, a pioneer in biomechanics and
bioengineering, first coined the term “tissue engineering” in 1985 [1]. The term was later
officially introduced at a bioengineering panel meeting held by the National Science
Foundation at Washington, DC in 1987 [2]. Later in 1988, the world of research saw the
first scientific meeting devoted to tissue engineering, where the official definition of the
term was unveiled: “the application of the principles and methods of engineering and
the life sciences toward the fundamental understanding of structure/function relationships
in normal and pathological mammalian tissues and the development of biological substi-
tutes to restore, maintain, or improve functions” [2].

This definition outlines the variety of topics that a tissue engineer is involved in. A tissue
engineer begins by first understanding the relationship between structure and function of
cells, tissues and organs. The engineer then utilizes this understanding to develop biological
substitutes that aid in remodeling. In this process, the tissue engineer needs to cycle through
several roles that include a biologist, a material scientist, an engineer and a surgeon [3]. As a
biologist, the tissue engineer must be familiar with the key molecular, chemical and cellular
events that lead to tissue and organ formation. As a material scientist, the tissue engineer
must study the native material properties of tissues and then design tissue substitutes to
match these properties. As an engineer, the tissue engineer must develop systems to
cultivate tissues in the laboratory and formulate models to predict the properties of tissues
(e.g. mechanical properties) as a function of variables such as time. As a surgeon, the tissue
engineer must study the interaction of the engineered tissue, once it is implanted into the
body, with the surroundings and design strategies to minimize the immune response as well
as maximize the integration of the tissue within the host tissue [4].

Interestingly enough, there are reports that suggest that tissue engineering was practiced
even before the term was coined [5]. In 1858, Virchow’s suggestion that regeneration of
tissues occurs through cell proliferation lead various researchers to focus on growing cells
in vitro. Some of these researchers include Thiersch, who grew skin cells into granulating
wounds in 1874 and Loeb, who was the first to report the growth of cells outside of human
body in 1897. Later in 1916, Rous and Jones were able to separate cells through degradation
of extracellular matrix proteins by trypsin. These studies steered the focus of the researchers
towards expanding tissue-specific cells in vitro.

At a tissue engineering workshop held in 1988 at Tahoe City, there were reports of
experimental work on the in vitro culture of T4 lymphocytes for cancer therapy, as well as
indications of early clinical applications such as the use of cultured endothelial cell sheets in
burn therapy [1]. Thirty-one papers were presented at the workshop, spanning the areas of
vascular prostheses, infection caused by biomaterials, skin and connective tissues, and
functional tissue transplant [1].

Since then, the field of tissue engineering has witnessed an exponential growth to finally
arrive at its current booming stage, where it includes studies ranging from designing
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artificial skin grafts to engineering functional heart tissues, which is the topic of this book
chapter.

The classical tissue engineering approach involves incorporating living cells and bio-
molecules into a scaffold, which is then cultured in a bioreactor. This cultivation allows the
engineered tissues to reach some degree of functionality in preparation for the implantation.
The bioreactor cultivation step is often omitted in cases where immediate functionality is
not required. Ideally, the cells proliferate within the scaffold, establish functional connec-
tions to one another and secrete extracellular matrix and necessary growth factors, finally
leading to the development of a whole-tissue. Once this engineered tissue is implanted into
the body, the scaffold further supports cell proliferation, survival and facilitates the infiltra-
tion of host vessels and cells while undergoing controlled degradation. The end result is that
the scaffold fully biodegrades, leaving the originally implanted cells, fully integrated with
the host architecture and restoring the lost function.

Today, a key challenge in tissue engineering is to grow thick tissues in laboratory in the
absence of complex vasculature network that is available to cells in the body [6–8]. The lack
of capillary network to provide blood supply limits the thickness of engineered tissues to
100–200 mm as cells do not receive adequate levels of nutrients, oxygen and waste removal
[9, 10]. Furthermore, tissue engineering experiences many hurdles on the way such as cost,
government regulations, ethics and acceptance by the general population [4]. The ultimate
goal of tissue engineering is to augment or replace part of or entire organs such as bone,
cartilage, liver, pancreas, heart and kidney. This will, in turn, lead to a decrease in the
shortage of organ availability. As an added benefit, tissue engineering will provide models
based on human body that can be effectively used to study and design new drugs [4].

15.2
Cardiac Tissue Overview and Requirements for Successful Tissue Engineering

In this book chapter, we will provide an overview of cardiac tissue engineering [11] with a
specific focus on biomaterial scaffolds and hydrogels for cardiac tissue engineering.
A variety of tissue engineering approaches that can be utilized to achieve the same goal,
namely a beating piece of myocardium, will be described.

15.2.1
The Healthy Myocardium

The myocardium (cardiac muscle) is a highly differentiated tissue, ~1 cm thick in humans.
It is composed of cardiac myocytes (CM), fibroblasts (FB), endothelial cells (EC) and
smooth muscle cells (SMC). CMs comprise only 20–40% of the total cells in the heart but
they occupy 80–90% of the heart volume [12]. The average cell density in the native rat
myocardium is on the order of 5 � 108 cells/cm3 [13]. Morphologically, intact cardiac
myocytes have an elongated, rod shaped appearance. Contractile apparatus of cardiac
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myocytes consists of sarcomeres arranged in parallel myofibrils [14]. The cells are sup-
ported by a dense vasculature and an extracellular matrix that is rich in collagen and
laminin. Electrical signals propagate through a three-dimensional syncytium formed by
cardiomyocytes. Rapid impulse propagation is enabled by specialized junctions between
cells, gap junctions, which are composed of different forms of connexin protein. The most
abundant protein in ventricular cardiomyocytes is connexin-43. Groups of specialized
cardiac myocytes (pace makers), fastest of which are located in the sinoatrial node, drive
periodic contractions of the heart. Majority of the cardiomyocytes in the myocardium are
non-pace maker cells and they respond to the electrical stimuli generated by pace maker
cells. Excitation of each cardiac myocyte causes an increase in the amount of cytoplasmic
calcium, which triggers mechanical contraction. The result is an electrical excitation leading
to a coordinated mechanical contraction to pump the blood forward.

15.2.2
Myocardial Infarction and Heart Failure

Heart disease remains a leading cause of death among the population in North America,
where myocardial infarctions (MI) are estimated to affect approximately eight million
people [15]. MIs occur when there is a reduced blood supply to the heart, most commonly
due to coronary artery blockage. These infarctions cause CM necrosis followed by edema
and inflammation at the site of the infarct. Scar formation occurs during the following
weeks and months with the proliferation of fibroblasts and deposition of collagen. During
this period, biochemical and physical factors affect the myocardium and result in the
remodeling of the ventricles, which adversely affects their function [16].

Remodeling activities include infarct expansion and ventricular dilation and expansion.
Infarct expansion occurs early in the process, before the formation and stabilization of the
scar, and results in the thinning and elongation of the non-contractile infarct. This process is
attributed to the degradation of the collagen matrix as well as the activation of matrix
metalloproteinases [16]. The ejection fraction of a patient, which is the fraction of total
blood in the ventricle that can be pumped out in a heartbeat, is decreased in a manner that is
proportional to the size and severity of the infarct. In order to compensate for this, the left
ventricle (LV) expands to maintain the stroke volume, which is the volume of blood that a
ventricle can pump out in a heartbeat [17]. This process increases wall stresses of
the ventricle and can lead to ventricle enlargement. LV dilation can also be further affected
by the biochemical stimuli of hypertrophic myocytes, which are present during the remo-
deling process [16]. Overall, the dilation of the ventricle has been shown to directly
decrease patients’ survival and may ultimately lead to congestive heart failure. The extent
of remodeling is affected by the size of the infarct, how much the infarct heals and
ventricular wall stresses.

There are currently no methods that can completely prevent these pathological events,
however research is currently under way on the approaches that can stabilize the scar faster,
reduce the expansion of the infarct, and decrease ventricular wall stresses that lead to further
remodeling events. Treatments that limit the remodeling that occurs post infarction will
improve the survival and quality of life of MI patients [18].
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15.2.3
Current Clinical Treatment Methods

Routine clinical treatments attempt to prevent the pathological remodeling that occurs post
infarction. These methods include both pharmacological methods that aim to inhibit
remodeling pathways, as well as targeting the cause of MI, which is usually a blocked or
partially blocked artery.

Reperfusion is a commonly used method that allows the flow of blood, and thus oxygen,
back to the ischemic infarct. Several methods of reperfusion are used and these include
thrombolysis, where a blood clot is broken down, and angioplasty, which widens a blocked
blood vessel, among others. These methods have demonstrated beneficial effects including
partially healing of the infracted myocardium and limiting of LV remodeling [16, 19, 20].

In a study by Baks et al. patients treated with reperfusion within 6 h after acute MI were
shown to have an infarct size reduced by 31% over the year, and they were also observed to
have an increased ventricular wall thickness [21]. Although this method has shown signifi-
cant improvements, the mechanism by which reperfusion benefits the myocardium is not
fully understood. In addition, there are some injuries associated with reperfusion. It can
cause a buildup of free oxygen radicals, calcium overloading of the cells, endothelial and
microvascular dysfunction, as well as altered myocardial metabolism. These can all lead to
irreversible cell damage or necrosis, and can have severe detrimental effects on patients [22].

There are also various pharmacological methods used to treat MI patients. Most of the
drugs currently used clinically show only limited improvements on MI patients and many
are under question as to the safety of the drug when used in the long term. The drugs
nitroglycerin, diltiazem and verapamil contain organic nitrates and are vasodilators that
restore blood flow to the site of infarction [23]. These drugs have been shown to have
beneficial effects in the short term and mixed effects in the long term, with some concern
that they may actually be harmful if used for over 24 h [16, 24]. Another drug, captopril,
aims at inhibiting the growth factor angiotensin II, which has numerous negative effects on
the myocardium, including CM hypertrophy. This drug contains inhibitors for enzymes that
convert benign angiotensin I to harmful angiotensin II and studies have differing conclu-
sions about the effectiveness of this drug [16, 25, 26].

None of the clinical methods currently used are effective at fully preventing infarct
expansion and other remodeling processes. Patients affected by MI have no options for
treatments that bring them back to full health, and thus the need for more effective clinical
treatments is apparent.

15.2.4
Emerging Treatment Options

There are currently a variety of ideas for methods to attenuate the effects of MI, many of
which are still in the preclinical stage. These methods include using cytokines to attract
resident stem cells to the infarct [27], using insulin-like growth factors to protect native
CMs, and inducing the differentiation of resident cardiac progenitors into CMs [28], among
others. Another treatment approach that has undergone both preclinical and clinical trials is
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cell injection. It has been shown that the delivery of various types of healthy cells to sites of
infarction can improve the function of the heart and prevent further degeneration. The exact
mechanism of improvement is still under debate but some researchers suggest that the
transplantation of healthy cells results in the release of growth factors and other molecular
signals. These help with angiogenesis, cell survival and with recruiting progenitors.

In general emerging approaches can be broadly divided into cell transplantation [29–31]
and implantation of tissue engineered heart grafts, which are yet to be fully tested in clinical
trials. The main distinction, as presented in this book chapter is that cell injection included
application or recruitment of reparative cells to the site of injury, while in tissue engineering
the cells are pre-organized into a functional tissue (i.e. one capable of contracting and
propagating electrical signals). We believe that both approaches are viable treatment
options, and that the choice of the appropriate regeneration strategy depends on factors
such as time post-infarction and size of the affected area. Application of cells into the
diseased tissue shortly after MI has the potential to minimize the formation of scar tissue
and attenuate the pathological remodeling process. Tissue engineered cardiac patches may
be more useful in later stages for the complete replacement of non-contractile areas. Tissue
engineering may also provide living patches for repair of congenital malformations [29].
Both approaches will be presented in this book chapter, focusing on the properties of
biomaterials utilized in those approaches.

15.2.5
The Requirements for Successful Myocardial Regeneration

In order to provide a functional cardiac patch, we must accurately mimic the structure of the
native myocardium over several different length scales. At the centimeter scale, tissue
engineering should yield a mechanically stable construct of clinically relevant thickness
(~1 cm). This requirement is hampered by the diffusional limitations of oxygen supply
encountered in most tissue culture vessels, coupled with the high metabolic demand of
cardiomyocytes for oxygen (27.6 nmol/min/mg protein [32]). At the mm scale, the tissue
should consist of elongated myofibers aligned in parallel, of the orientation angle that is
changing along the thickness of the ventricle. At the mm scale, the tissue should also consist
of high cell density (~108 cells/cm3) supported by the rich vasculature with intercapillary
distance of ~20 mm. At the nm scale, cells in the engineered cardiac tissue must be coupled by
functional gap junctions and capable of electrical impulse propagation (e.g. 27 cm/s for a rat
ventricle [33]) in order to prevent arrhythmia upon implantation. Finally, at the sub-cellular
level (nm), the excitation-contraction machinery of individual cardiomyocytes must be
functional.

Additionally, for true myocardial regeneration, both the vasculature and the beating
cardiomyocytes need to be restored in the infarct zone. While neovascularization can be
achieved by injection of various stem cells (e.g. from bone marrow), an autologous source
of large numbers of cardiomyocytes currently cannot be obtained from sources such as bone
marrow. Cardiomyocytes, in significant quantities (millions-a billion), can reliably be
obtained from embryonic stem cells (ESC) or induced pluripotent stem cells (iPS).
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15.3
Review of Previous Work

15.3.1
Cell Injection

15.3.1.1
Brief Overview of Cell Injection Studies

We provide here a brief overview of pre-clinical and clinical cell injection studies and for
more information, we invite the reader to consult reviews devoted to this topic [30, 34–37].
The purpose of this section is to define limitations in cell injection procedures and motivate
the use of biomaterials in enhancing the efficacy of the cell injection.

The first evidence that cell injection may be a viable therapeutic approach for MI came
from the animal studies with injection of fetal or neonatal CMs. CM injection improved left
ventricular function and ventricle thickness, thus attenuating pathological remodeling upon
MI [38–41]. Injected CMs were demonstrated to integrate through gap junctions and inter-
calated discs with the host CMs [42]. Yet the enthusiasm generated by these studies was
hampered when massive death of injected myocytes was demonstrated [43, 44]. In the search
for a clinically relevant cell source, regeneration of MI in animal models was attempted by
transplantation of skeletal myoblasts [45], ESC derived CMs [46–48], bone marrow derived
mesenchymal stem cells (MSC) [49, 50] and hematopoietic stem (HS) cells [51–53]
(reviewed in [30, 34]). Of these, only skeletal myoblasts and bone marrow mononuclear
cells (BMMC, consisting of both HS and MSC) were pursued further in clinical trials.
However, mature skeletal myoblasts do not express gap junction proteins, thus they are
incapable of functionally integrating with the host myocardium. As a result, in the Phase 1
clinical trial of autologous skeletal myoblast transplantation arrhythmias occurred in four out
of ten patients [54, 55]. The initial clinical studies with BMMC (reviewed in [31, 34])
indicated that BMMC transplantation was safe and that in some cases it contributed to the
increase in left ventricular ejection fraction (LVEF) [56–58]. Recent meta-analysis demon-
strated a significant, albeit low 3%, increase in LVEF as well as a significant reduction in
infarct size (�5.6%) and end systolic volume (�7.4 ml) in patients treated by intracoronary
cell injection after acute MI. Dose-response between injected cell volume and LVEF change
was reported [59]. Although these studies are encouraging, modest improvements motivate
investigation of new cell sources and new methods that increase survival and retention of
injected cells. Most recently, a Phase I trial was initiated with the treatment of an acute MI
patient using adult cardiac stem cells derived from his own cardiac biopsies (Marban et al,
Cedars-Sinai Medical Center, newsbrief, July 01, 2009).

Several different routes of cell injection were utilized in the clinical studies described
above. In patients with severe left ventricular dysfunction caused by MI and large non-
viable hypokynetic/dyskynetic scars, skeletal myoblasts were injected into multiple sites
across the scarred segments during standard coronary artery bypass grafting (CABG) [55].
CABG is an invasive procedure involving an open heart surgery. Cell injection in patients
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with acute MI required a less invasive, non-surgical approach. In clinical trials, BMMC
were injected in the left ventricle wall transendocardialy via a NOGA-guided intraventricu-
lar catheter [58], or they were delivered into circulation by an intracoronary catheter with
balloon occluder [56].

In most studies described above, the cells for myocardial regeneration were suspended in
saline or culture medium followed by intramyocardial or coronary injection. The main
challenges associated with that procedure were poor survival of the injected cells [43] and
washout from the injection site [60]. According to some estimates, 90% of cells delivered
through a needle leaked out of the injection site [38, 43]. In addition, a significant number of
cells (~90%) died within days after injection [43, 44]. Thus developing improved delivery
and localization methods (e.g. hydrogels) and effective anti-death strategies could signifi-
cantly improve effectiveness of cell injection.

15.3.1.2
Injectable Biomaterials for Treatment of Myocardial Infarction

Over past 5 years, hydrogels have gained a significant attention as vehicles for delivery of
reparative cells into the myocardium, due to their injectability and ability to control cross-
linking chemistry. General requirements for a hydrogel to be used in myocardial regenera-
tion are: (1) biocompatible, (2) biodegradable, (3) injectable, so that it can be applied with a
syringe in a minimally invasive manner and (4) mechanically stable enough to withstand the
beating environment of the heart. In addition, a biomaterial that can promote the attachment
and survival of cells, and localize them at the infarction site, would address the current
limitations of poor cell retention and survival.

Early studies relied on cell injection using natural hydrogels such as Matrigel [53, 61] or
fibrin [62–64] reporting structural stabilization, reduced infarct size and improved vascu-
larization upon injection of undifferentiated ESC [53, 61] or bone marrow cells [62–64].
Alginate alone was demonstrated to reduce pathological remodeling and improve function
[65], initiating commercialization efforts of this hydrogel. A synthetic material, self-assem-
bling peptide hydrogel (AcN-RARADADARARADADA-CNH) was also used, forming a
nano-fibrous structure upon injection into the myocardium that promoted recruitment of
endogenous ECs and supported survival of injected CMs [66]. Insulin-like growth factor-1
(IGF) bound to the self-assembling peptide was demonstrated to improve grafting and
survival of CMs injected into MI [67]. Laflamme and Murry demonstrated that targeting of
multiple pathways related to cell survival by encapsulating a number of biomolecules in
Matrigel, significantly increased the survival and grafting of the human ESC-derived CM
injected into infracted rat hearts [68].

15.3.1.3
Natural and Synthetic Hydrogels of Relevance to Myocardial Cell Injection

Hydrogels are formed from a crosslinked network of hydrophilic polymers and are termed
“hydrogels” since they have high water content. Despite this high affinity for water,
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hydrogels maintain definite 3D structures that do not dissolve, due to their physical and
chemical crosslinks [69]. Hydrogels have received a significant attention for tissue engi-
neering applications due to this high water content and their biocompatibility [70]. The
main types relevant for myocardial injection include those made from natural polymers,
synthetic polymers as well as biomimetic hydrogels, i.e. synthetic polymers that contain
biological activity [71].

Natural hydrogels are derived from natural sources and include proteins, and polysac-
charides. The main advantages of these materials are that they have very low toxicity and
high biocompatibility due to their natural origins [70]. The disadvantages of these materials
are that their mechanical properties are generally not easy to tailor and xenogenic immune
responses may also have to be considered.

Collagen and fibronectin are proteins found in the mammalian extracellular matrix (ECM)
and they can form weak hydrogels, thus they are often used in cell culture. As both of these
materials are natural proteins, they have amino acid domains that are recognized by the
integrin receptors on the cells, which provides an advantage for cell attachment and survival
within these hydrogels. Due to the weak nature of these hydrogels, modifications have to be
made to increase the degree of their crosslinking [71]. Other disadvantages include their
rapid degradation and large batch-to-batch variability, which affects their immunogenicity
[72]. Gelatin is another natural polymer that has been investigated in the place of collagen.
It is composed mostly of denatured collagen and thus retains its benefits with more stable
mechanical properties. The main drawback is that it also has a variable composition [72].
Matrigel is a mixture of membrane proteins secreted by mouse tumor cells. It has also been
investigated as an injectable hydrogel due to its ability to enhance cell adhesion and support
cell growth. There are however issues related to its immunogenicity, safety in vivo and
weak mechanical properties [72].

Alginate is a polysaccharide derived from brown seaweed that forms reversible ionic
crosslinks in the presence of divalent cations such as calcium [71] to form a weak gel [63].
Hyaluronic acid (HA) is a glycosaminoglycan that is prevalent throughout the body. HA is
associated with natural wound healing processes and retains this biological activity as a
hydrogel [73]. A drawback is that this material requires various modifications in order to be
able to crosslink into a hydrogel. Chitosan is a natural hydrogel derived from chitin, the
most abundant organic molecule and main component in the exoskeletons of crustaceans,
mollusks and insects. Chitosan is a linear polysacchararide that is obtained by de-acetylat-
ing chitin. The polyscaccharide contains D-glucosamine units and N-acetyl-D-glucosamine
groups linked by b(1-4) glycosidic bonds [74]. The content of D-glucosamine determines
the degree of deacetylation, which decreases the amount of N-acetyl-D-glucosamine units
present. The degree of deacetylation can range from 30 to 90% and the molecular weight of
chitosan ranges from 300 to over 1,000 kDa. The crystalline form of chitosan is soluble in
dilute acids with pHs below 6, but becomes insoluble at pHs over 7. At lower pHs the amino
groups on the glucosamine are protonated which allows for dissolution to occur. In general,
chitosan can form a hydrogel in dilute acids due to the hydrogen bonds that are created
between the polysaccharide chains [75]. In general, covalent modification of polysacchar-
ides with bioactive peptides or proteins is required to support the attachment and phenotype
of cardiovascular cells [76].
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Specifically, we have modified chitosan with the peptide QHREDGS derived from
angiopoietin-1, the peptide sequence implicated in the survival response of muscle cells
cultivated in the presence of this growth factor [77]. The chitosan was rendered photo-
crosslinkable by modification with azidiobenzoic acid (Az-chitosan) [78]. Neonatal rat
heart cells cultivated on crosslinked films of Az-chitosan-QHREDGS attached, elongated
and remained viable while they exhibited lower attachment levels and decrease in viability
when cultivated on the chitosan substrates modified with the scrambled peptide sequence
[79]. Interestingly, cells on Az-chitosan-QHREDGS were capable of resisting taxol induced
apoptosis, while those on Az-chitosan-RGDS were not [79].

Synthetic hydrogels have the advantage of precisely defined compositions and mechan-
ical properties that are generally easier to tailor. The major drawback coming with very
diverse chemistries and compositions is that biodegradation products may be cytotoxic,
depending on a specific hydrogel. The most commonly used synthetic hydrogel is polyeth-
ylene glycol (PEG). This material is nontoxic, non-immunogenic and has the added
advantage of a US Food and Drug Administration approval. Modifications can be made
in the block copolymer formations to make it degradable, and the rate of this can be tailored
[70]. Synthetic hydrogels can be blended or covalently modified with natural materials such
as proteins and peptides to incorporate bioactivity, and these gels are termed biomimetic
hydrogels [71].

In general, the cells are first suspended in a liquid solution of the hydrogel to encapsulate
them. An initiator or an initiating environment is then used to create crosslinks within the
material to induce gelation. Therefore, the crosslinking conditions must be mild and
reaction by-products non-cytotoxic in order to maintain cell viability. Commonly used
crosslinking mechanisms in hydrogels used for cell encapsulation include radical chain
polymerization and chemical crosslinking, which can be induced by thermal, redox and
light exposing environments [71].

15.3.1.4
In Vivo Cardiac Tissue Engineering: Injection of Cells with Hydrogels

Injectable biomaterials give cells a temporary matrix while allowing for their placement to
be localized at the sites of infarction with minimally invasive delivery methods. The cells
can subsequently develop tissue and integrate with the host tissue in vivo. Thus, the
injection with hydrogels in vivo, for the purpose of tissue regeneration is also referred to
as in vivo tissue engineering.

The advantage of this method over pre-formed in vitro tissue is that the biomaterial can
adapt to the structural environment and integrate with the myocardium in a more continuous
manner, as it is injected in liquid form and gels in situ [61]. The delivery of this material is
also less invasive. In addition, as the injectable biomaterial is in solution, pharmacological
agents and growth factors can be more easily added [61]. Several in vivo studies have been
completed using various injectable systems and all of them have shown some positive
results for preventing the deterioration of the heart post MI.
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In one study, bone marrow mononuclear cells were implanted into a fibrin matrix and
then injected into rats subjected to cryoinjury to simulate a MI. The rats were assessed after
8 weeks and were found to have more tissue regeneration when treated with fibrin and cells
although this tissue could not be identified as cardiac muscle. The material also degraded in
this time frame and did not illicit an inflammatory response. Another positive result was that
extensive neovascularization was also observed in the treated rats [64].

Christman et al. injected myoblasts into a commercial fibrin glue and injected this at the
site of infraction in rats [63]. After 5 weeks, a significantly greater myoblast density was
seen at the infarct site for the cells injected in fibrin glue, which showed that the gel resulted
in better cell survival. These treated rats also had smaller infarcts and an increased number
of microvessels within the scar.

Undifferentiated mouse embryonic stem cells were combined with Matrigel and injected
into infracted heart [80]. After 4 weeks, the cells survived in the biomaterial and showed
some expression of connexin-43 between cells located where the biomaterial bordered the
host myocardium. The mice treated with the biomaterial were also found to have better heart
function, and thicker lateral and septal walls [80].

Zhang et al. studied the effect of injecting CMs in a mixture of collagen type I and
Matrigel [81], the material used by Zimmerman et al. to create engineered heart tissue [82],
in MI-induced rats. Positive connexin-43 staining was found in the cells in the biomaterial,
and the biomaterial was also seen to improve the thickness and the function of the heart. The
main drawback is that the material takes 1 h to gel, which could allow for significant cell
loss, although no cell retention studies were conducted in these experiments.

Fetal CMs were suspended in an alginate scaffold, which was injected into rats with
induced MIs. After 2 months the animals were studied and those treated with the biomate-
rial were found to have smaller end diastolic and systolic volumes as well as a smaller area
of collagen scar at the site of the infarct [65].

A thermo-responsive chitosan based gel was prepared and injected into the infarcted
hearts of rats with and without mouse ESCs, resulting in cell retention and 4 week graft size
being significantly higher than PBS þ ESC control. In addition, heart function (measured
through echocardiography), wall thickness, and micro-vessel density were all higher in
chitosan alone and chitosan þ ESC groups than PBS þ ESC control, with chitosan þ
ESC showing the greatest improvement 4 weeks after injection [83] (Fig. 15.1a–e).

A self-assembling peptide (RAD 16-II), originally developed by Zhang et al. was
injected into the site of infarct in a rat MI model forming easily detectable nanofiber
microenvironments that promoted endogenous EC recruitment, as well as (potential)
myocyte progenitor recruitment [84] (Fig. 15.1f–g). The nanofiber hydrogel promoted
survival and retention of neonatal CMs injected with the self-assembling peptide and
even augmented the recruitment of endogenous cells [85].

Binding insulin-like growth factor-1 (IGF-1), a CM growth and differentiation factor, to
the self-assembling peptide RAD16-II proved to be anti-apoptotic and increased cell growth
in transplanted (injected) CMs and showed sustained, controlled, and targeted release of
IGF-1 from the nanofibers for 28 days. Furthermore, improved systolic function was
observed when CMs were injected with self-assembling RAD16-II tethered with IGF-1 in
a rat MI study [67].
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15.3.1.5
Injection of Hydrogels Alone

Recent studies collectively indicate that an injection of hydrogel alone, without the repara-
tive cells, may also attenuate pathological remodeling upon MI [65, 86–88]. For example,
injection of alginate or collagen alone improved LV function and reduced cardiac remodel-
ing post infarction [65, 89]. It is suspected that by changing the ventricular geometry and

Fig. 15.1 Vasculogenesis in various injectable biomaterials with and without cells. (a–d) Micro-
vessel density (black arrows) in the myocardial infarction sites 4 weeks after injection. (a) The
microvessel density is low in phosphate buffered saline (PBS)-only group within the infarct
area. (b) Chitosan-only injection can improve microvessel density. (c) Mouse embryonic stem
cells (mESCs) injected in PBS also improved microvessel density. (d) mESCs injected in
chitosan hydrogel improved microvessel density significantly. (e) Graph shows the statistical
results (*p < 0.01 vs PBS only, #p < 0.01 vs. chitosan only, $p < 0.01 vs. PBS + mESCs).
Scale bar, 100 mm [83]. (f, g) Smooth muscle cells populate the peptide microenvironment and
form mature, vessel-like structures. (f) At 14 days after injection, the cells (blue ¼ DAPI) in
the microenvironment stained positively with an a-smooth muscle actin antibody (red) and
showed features of organization. (g) At 28 days after injection, several arteriole-like structures
were seen within the micro-environment in all samples. Scale bar, 10 mm [66]. (h–k) Increased
arteriogenesis and myofibroblast infiltration in the infarct region. Arteriole staining was per-
formed in the infarct area for PBS (h), LVM only (i), and LVM–PPy (j) treatment groups.
Magnification is at �10. The bar represents 100 mm. (k) Graph shows means � SD for
arteriole density [92].
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mechanics, hydrogels reduce the elevated local wall stresses that have been implicated in
pathological remodeling [90]. Finite element modeling of wall stresses indicated that
upon injection of the material of elastic modulus 10–20 kPa in the infarct, the relationship
between ejection fraction and the stroke volume/end-diastolic volume was improved. In
addition, injections of the material in the border zone decreased end-systolic fiber stress
proportionally to the volume and the stiffness of the injected material.

Ischemic mitral regurgitation (MR) is a common complication of coronary artery disease
and relates to the displacement of the papillary muscles from ventricular distortion (post
MI) and limits mitral closure due to apical tethering. An acute ischemic MR model was
produced in sheep and a specially formulated poly-vinyl alcohol (PVA) polymer was
injected into the myocardium under the papillary muscle forming an encapsulated, stable,
and resilient gel. Supporting the infracted myocardium and simultaneously repositioning
the papillary muscles (to reduce apical tethering), injection of the PVA gel significantly
decreased MR while not adversely affecting left ventricular function and mechanical
properties, thereby presenting an alternate strategy for relieving acute ischemic MR vs.
traditional surgical methods [91].

Two alginate biopolymers were modified to assess the therapeutic potential in rat MI
models. Alginate modified with 0.025% v/v polypyrrole, a conductive polymer, injected
into the infarct zone showed improved arteriogenesis at 5 weeks post treatment and
significantly enhanced infiltration of myofibroblasts into the infarct area when compared
to saline and alginate only controls [92] (Fig. 15.1h–k). Also, RGD conjugated alginate, and
alginate alone, injected into the infarct zone showed improved LV function and increased
arteriole density 5 weeks post injection when compared to BSA in PBS control [93]. Results
from both studies again show the potential for non-cell based therapies to treat chronic heart
failure. In addition, many of the above mentioned studies reviewed in Sect. 15.3.1.4 used a
control group with just the acellular biomaterial and found that the material was able to
produce some of the beneficial effects, but not all of those achieved with the cellular
treatment.

We believe that properly tuning mechanical properties of a hydrogel and providing
bioactive molecules, may offer new cell-free treatment options of myocardial infarction.
The death of CM by necrosis and apoptosis peaks at 6 h upon acute MI [94]. However, the
persistent and progressive loss of CM in neighboring areas of the infarct continues up to
60 days after the onset of MI. During this process, up to 35% of cells at the borders of
subacute and old infarcts may become apoptotic [95], in comparison to only 1% in the
remote regions of myocardium [96]. Studies in rats and dogs demonstrated that CM loss
by apoptosis persists for 1–4 months upon MI, correlating with the progressive worsening
of the pump function. Thus, developing hydrogels which specifically prevent apoptosis of
the heart cells (e.g. QHREDGS peptide modified chitosan) may result in new treatment
options in the future, where hydrogel injected alone in the border zone, without the
reparative cells, would act to both mechanically stabilize the ventricle and prevent further
apoptosis of cardiomyocytes.

For example, it was shown that EC induced CM protection post-infarction occurs
through PDGF-BB signaling. Thus, binding PDGF-BB to the self-assembling nanofibers
of RAD16-II hydrogel was evaluated as a potential therapeutic option. Sustained, targeted
release of this signaling molecule to host myocardium was observed up to 14 days after
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injection. Injection of nanofibers with PDGF-BB at the site of infarct in rats decreased CM
death and preserved systolic function post MI, and showed (separately) a decrease in infarct
size after ischemia/reperfusion [97].

Since the studies conducted thus far used different cell sources, hydrogels, animal
models, delivery times post-infarction and experimental time frames, a direct comparison
between the methods cannot be accurately achieved. While all reported studies have
shown some form of improvement, complete myocardial regeneration has not been
achieved. Perhaps, a valid question to be answered in the future is: What is the required
level of myocardial regeneration in terms of survival and attenuation of symptoms?
Complete regeneration is an ambitious goal that may not be required. Future studies
must also increase their time frames, to better assess the long-term effects of these
treatments.

Relative contribution of cells vs. the injected biomaterial to the attenuation of pathological
remodeling also needs to be assessed and the mechanism by which various cells induce
functional improvements needs to be elucidated. While with the injection of contractile
cardiomyocytes, the expectation is that the cells will functionally couple to the host
myocardium and contribute to contractile function, the same is not possible for non-
cardiomyocytes. The exact mechanism by which non-myocytes impart the improvement
in function and attenuation of pathological remodeling is still under debate but some
researchers suggest that the transplantation of healthy cells results in the release of growth
factors and other molecular signals, i.e. the paracrine effect. These help with angiogenesis,
cell survival and recruitment of progenitors.

15.3.2
In Vitro Cardiac Tissue Engineering

Overall, three different cardiac tissue engineering approaches can be identified: (1) the
seeding of cells onto preformed porous or fibrous scaffolds followed by bioreactor
cultivation, (2) cultivation of cells encapsulated into hydrogels, and (3) a matrix-free
approach that relies on cardiomyocyte self-assembly or stacking of confluent cell
sheets. Since the first two approaches rely on the utilization of biomaterials to create
a cell instructive microenvironment, they will be covered in more detail in this book
chapter.

15.3.2.1
Cardiac Tissue Engineering Based on Biomaterial Scaffolds and Bioreactors

Scaffolds offer the advantage of control over their size, shape and mechanical properties.
Scaffold structure alone can be effectively used to guide orientation of cardiomyocytes and
yield anisotropic morphology similar to the native myocardium even in the absence of
specific physical cues such as electrical or mechanical stimulation.
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Porous Scaffolds

Three dimensional cardiac tissue constructs have been successfully cultivated in dishes
using a variety of scaffolds amongst which collagen sponges have been widely reported. In
the pioneering approach of Li and colleagues, fetal rat ventricular cardiac myocytes were
expanded after isolation, inoculated into collagen sponges and cultivated in static dishes for
up to 4 weeks [98]. The cells proliferated with time in culture and expressed multiple
sarcomeres. Adult human ventricular cells were also used in a similar system, although they
exhibited no proliferation [99].

Fetal cardiac cells were cultivated on porous alginate scaffolds in static 96-well plates. The
cells formed spontaneously beating aggregates in the scaffold pores after 4 days in culture
[100]. Cell seeding densities on the order of 108 cells/cm3 were achievable by using
centrifugal forces during seeding [101]. Similarly, neonatal rat cardiomyocytes formed
spontaneously contracting constructs when inoculated into collagen sponges (Tissue Fleece)
within 36 h after seeding [102] and maintained their activity for up to 12 weeks. Furthermore,
the contractile force could be increased upon addition of Ca2+ and epinephrine.

Fibrous Scaffolds

In a classical tissue engineering approach, fibrous polyglycolic acid (PGA) scaffolds were
combined with neonatal rat cardiomyocytes and cultivated in spinner flasks and rotating
vessels [103]. Scaffold consisted of non-woven PGA fibers 14 mm in diameter and the
scaffold porosity was high, at 97%. Being FDA-approved for biodegradable sutures, this
material has an advantage from a clinical perspective. Neonatal rat or embryonic chick
ventricular myocytes were seeded onto PGA scaffolds by placing a dilute cell suspension
in the spinner flasks and mixing for three days (50 rpm) [103]. Constructs cultivated
in well-mixed flasks exhibited significantly higher cellularity index and metabolic
activity compared to the constructs cultivated in static flasks. After 1 week of culture,
constructs seeded with neonatal heart cells contained a tissue-like region at the periph-
eries (50–70 mm thick) , which stained positive for tropomyosin and contained cells
organized in multiple 3-D layers [104]. Electrophysiological studies conducted using a
linear array of extracellular electrodes showed that the peripheral layer of the construct
exhibited relatively homogeneous electrical properties and sustained macroscopically
continuous impulse propagation on a centimeter-size scale [104]. Constructs containing
cardiomyocytes that were enriched by preplating exhibited lower excitation threshold
(ET), higher conduction velocity, higher maximum capture rate (MCR), and higher
maximum and average amplitude of contraction.

PGA constructs cultivated in rotating bioreactors showed improved behavior, which can
be attributed to the laminar flow conditions. The cells in the peripheral layer expressed
tropomyosin and had spatial distribution of connexin-43 comparable to the neonatal rat
ventricle. However, the expression levels of cardiac proteins connexin-43, creatine kinase-
MM and sarcomeric myosin heavy chain were lower in rotating bioreactors cultivated
constructs compared to the neonatal rat ventricle but higher than in the spinner flask
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cultivated constructs [105]. It is important to note that the center of the constructs remained
mainly acellular in both spinner flasks and rotating bioreactors due to diffusion limitations
in oxygen and nutrient transport.

In the past 5 years, electrospun scaffolds have gained significant attention because of
their attractive ability to control cell structure at sub-micron levels as well as offer control
over mechanical properties, both of which are important for cell attachment and contrac-
tile function. Entcheva and colleagues synthesized oriented biodegradable non-woven
poly(lactide) (PLA) scaffolds using electrospinning [106]. Neonatal rat cardiomyocytes
were cultivated on these PLA matrices and exhibited remarkably well-developed contrac-
tile apparatus and electrical activity. Rockwood et al. grew primary cardiac ventricular
cells on electrospun polyurethane scaffolds with either aligned or unaligned microfibers
(Fig. 15.2a). After 2 weeks of culture, the cells were observed to organize according to the
aligned fibres (Fig. 15.2b). In addition, the atrial natriuretic peptide (ANP) content of
cultures grown on electrospun scaffolds was lower than cells grown on tissue culture
flask, indicative of a more mature phenotype in these cells. The ANP content of cultures

Fig. 15.2 Scaffolds for cardiac tissue engineering. (a) Electrospun polyurethane fibers synthesized
by Rockwood et al. [107]. (b) Cardiomyocytes align to the fibres in (a). Connexin-43 gap junction
have been stained as green [107]. (c) Cardiac progenitors derived from the red-positive and green-
positive (R+G+) regions of the heart by Domian et al. are grown on fibronectin-patterned
surfaces. R+G+ cells give rise to the maximum number of cardiomyocytes (labeled green with
sarcomeric a-actinin), rather than differentiating into other types of cells such as smooth muscle
cells (labeled red with smooth muscle myosin heavy chain). Blue indicates cell nuclei. Scale bar,
40 mm [114]. (d) Aligned, cross-striated cardiomyocytes grown on the DTMRI/soft-lithography
patterned fibronectin surfaces by Badie et al. Scale bar, 50 mm. Red represents sarcomeric
a-actinin, green represents connexin-43 and blue represents cell nuclei [116].

436 D. Odedra et al.

15



grown on aligned fibres was even lower than those grown on unaligned fibres. Hence,
aligned fibres were able to induce cell alignment, as well as, shift their phenotype to a
more mature stage [107].

In order to better understand the effect of scaffold properties on cell morphology,
Fromstein et al. seeded embryonic stem cell-derived cardiomyocytes on collagen IV-coated
scaffolds generated using two different techniques: thermally induced phase separation
(TIPS) and electrospinning. Scaffolds generated with TIPS were thicker (1 mm) and exhi-
bited a larger pore size (~20 mm). Scaffolds generated by electrospinning were thinner
(~70 mm) and contained smaller pores (~5 mm). TIPS scaffolds promoted a rounded mor-
phology for the seeded cardiomyocytes, whereas electrospun scaffolds demonstrated an
elongated morphology. Despite the observed differences in the morphology, the cells on
both scaffolds stained positively for cardiac markers (sarcomeric myosin heavy chain) and
gap junctions (connexion-43), and were able to contract [108].

Thin Films and Microfabrication Approaches

A significant step towards a clinically useful cardiac patch was the cultivation of ES cell
derived cardiomyocytes on thin polyurethane films. Cells exhibited cardiac markers (acti-
nin) and were capable of synchronous macroscopic contractions [109]. The orientation and
cell phenotype could further be improved by microcontact printing of extracellular matrix
components (e.g. laminin) as demonstrated for neonatal rat cardiomyocytes cultivated on
thin polyurethane and PLA films [110, 111].

We have used microfluidic patterning of hyaluronic acid on glass substrates to create thin
(10–15 mm diameter) several millimeter long cardiac organoids that exhibited spontaneous
contractions and stained positive for troponin I, a cardiac marker [112].

Freed and colleagues created an accordion-like scaffold using laser boring of 250 mm
thick poly(glycerol sebacate) layer [113]. The accordion-like honeycomb was designed by
overlapping two 200 by 200 mm squares at the angle of 45�. The pore-walls and struts were
~50 mm thick. The scaffolds were pretreated with cardiac fibroblasts followed by seeding of
enriched cardiomyocytes. During pre-treatment, rotating culture was used, while static
culture was used upon cardiomyocyte seeding. At the end of cultivation, the authors
obtained contractile cardiac grafts with mechanical properties closely resembling those of
the native rat right ventricle. In addition, the cells in the pores were aligned along the
preferred direction.

In a recent study, Domian et al. identified distinct transcriptional signatures, including the
expression of unique subsets of miRNAs, specific for the first and second heart fields in
mouse embryos as well as embryonic stem cells. The mammalian heart is composed of a
diversified set of muscle and nonmuscle cells that are differentiated from the progenitor cells
in either first or second heart fields, or a combination of the two. Using the fluorescence
profiles of progenitor cells governed by the expression of Isl1-dependent enhancer of the
Mef2c gene or cardiac-specific Nkx2.5 enhancer, the authors were able to isolate cells that had
the maximum potential for differentiation into cardiomyocytes. These cells were able to align
on micropatterned surfaces and were subsequently used to engineer beating muscular thin
films in vitro that could be paced by field stimulation at 0.5 and 1 Hz [114] (Fig. 15.2c).
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In another study, Feinberg et al. seeded a layer of neonatal rat ventricular cardiomyo-
cytes on a polydimethylsiloxane membrane that could be detached from a thermo-sensitive
poly (Isopropylacrylamide) layer at room-temperature. Called Muscular Thin Films, these
cell-covered sheets could be designed to perform tasks such as gripping, pumping, walking
and swimming by careful tailoring of the tissue architecture, thin-film shape and electrical-
pacing protocol [115].

Badie et al. investigated yet another method to generate microstructure of heart tissue
in vitro. The two-step method first involves imaging the heart using diffusion tensor
magnetic resonance imaging (DTMRI). From the 3-D reconstructed image, a specific 2-D
plane is chosen and the cardiac fibre directions on this plane are converted into soft-
lithography photomasks, and later into fibronectin-coated polydimethylsiloxane sheets.
Fibronectin patterns consisted of a matrix of 190 mm2 subregions, each comprised of
parallel lines 11–20 mm-wide, spaced 2–8.5 mm apart and angled to match local DTMRI-
measured fibre directions. By adjusting fibronectin line widths and spacing, cell elongation,
gap junctional membrane distribution, and local cellular disarray were altered without
affecting the cell direction (Fig. 15.2d). This approach enables the systematic studies of
intramural structure-function relationships in both healthy and structurally remodelled
hearts [116, 117].

Decellularized Native ECM Based Scaffolds

In a pioneering study, Taylor and colleagues utilized the ECM of the native rat heart as a
scaffold for cardiac tissue engineering [118]. This approach enabled them to preserve the
underlying geometry and create an ideal natural template for tissue engineering of the heart.
The authors decellularized adult (12 weeks old) cadaveric Fisher rat hearts by coronary
perfusion with detergents. In addition to ECM, the vasculature was also preserved and it
was perfusable. The structure of the ventricles, atria, and heart valves were all preserved.
Cardiomyocytes were then isolated from the neonatal rats and reseeded onto the structure.
Vascular perfusion with the oxygenated media was provided via the peristaltic pump. In a sub-
group of samples, rat aortic endothelial cells were injected into the patent aorta, in order to
recellularize the vasculature. Macroscopic contractions were observed by day 4 of cultivation,
while pump function of about 2.4 mmHg was generated at day 8 under electrical stimulation.

Badylak et al. implanted ECM derived from porcine urinary bladder into surgically
created 2 cm2 defect in the left ventricular free wall of dogs. Eight weeks following the
implantation, the ECM patches showed higher regional systolic contraction compared to the
control group where a material currently used for myocardial defects, Dacron, was
implanted into the defects. Histological analysis suggested that cardiomyocytes accounted
for about 30% of the remodeled tissue in the ECM scaffolds [119]. In a recent study, it was
found that this improvement in the heart function can be attributed to an increase in the
myocyte content in the ECM patches between week 2 and 8. The relationship between the
myocyte content and the extent of mechanical function was observed to be linear. There was
also some evidence (decrease in cardiomyocyte diameter and increase in the overall area
occupied by cardiomyocytes over time) that suggested a possibility of cardiomyocyte
proliferation in the patches [120].
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Cultivation Systems

Perfusion: While the human ventricle is ~1–1.5 cm thick, viable grafts cultivated in dishes,
spinner flasks and rotating vessels [103] are limited in thickness to ~150 mm due to the
inability of diffusion to meet the oxygen demands of highly metabolically active cardio-
myocytes at physiologic cell densities [121] (Fig. 15.3a, b). Since cardiac myocytes have a
limited ability to proliferate, we developed a technique for seeding cells at high densities
while maintaining cell viability [121]. Cell inoculation onto collagen sponges with Matrigel™

was immediately followed by medium perfusion with alternating direction of flow. These
perfusion bioreactors provided convective-diffusive oxygen transport, thereby allowing
cells to maintain aerobic cell metabolism. The constructs developed by this method
exhibited high viability, density and spatially uniform distribution of cells, leading to
improved contractile performance [121, 122]. Moreover, perfusion acted to remove dead
cells from the environment, a task normally carried out by macrophages in healthy tissues in
order to prevent secondary apoptosis.

In the native environment, tissues are vascularized by capillary networks ~20 mm apart
to provide oxygen from the blood [123] (Fig. 15.3c). Hemoglobin, a natural oxygen carrier,
acts to increase the oxygen carrying capacity of blood by 65 times. We used porous collagen
and poly(glycerol sebacate) scaffolds in combination with biomimetic cultivation systems
to develop functional contractile cardiac patches [9, 124] (Fig. 15.3d, f). In order to mimic
the blood flow in native capillary, parallel array channeled scaffolds, pre-seeded with
cardiac fibroblasts and inoculated with cardiomyocytes, were perfused with culture medium
supplemented with perfluorocarbon (PFC), a synthetic oxygen carrier. Constructs showed
more mature cell morphology, higher cell density and viability, and improved contractile
properties, indicative of increased electrical coupling. Open channels were present through-
out the construct (Fig. 15.3e), and mathematical modeling of the oxygen transport sug-
gested that PFC particles acted as an oxygen reservoir in the culture medium [124]
(Fig. 15.3f, g). Kofidis et al. supplied pulsatile flow to cardiomyocytes encapsulated in
fibrin glue around a rat artery in vitro [125]. Dvir et al. designed a novel perfusion
bioreactor that employs a distributing mesh upstream from the construct to provide homo-
geneous fluid flow and maximum exposure to perfusing medium [126]. This convective
supply of oxygen led to increased cell viability in alginate scaffolds seeded with physiolog-
ically relevant cell [126].

Electrical stimulation: Excitation-contraction coupling is critical for development in
the native heart. Consequently, it is essential that cells become electromechanically
coupled and are capable of synchronously responding to electrical pacing signals [127].
Cardiac constructs prepared by inoculating collagen sponges with neonatal rat ventricular
cells were electrically stimulated using supra-threshold square biphasic pulses (2 ms
duration, 1 Hz, 5 V). The stimulation was initiated after 1–5 days after cell inoculation
(3 day period was optimal) and applied for up to 8 days. Over only 8 days in vitro,
electrical field stimulation led to cell alignment and coupling, increased amplitude of
synchronous contractions by a factor of 7 and a remarkably high level of ultrastructural
organization. Development of conductive and contractile properties of cardiac constructs
was concurrent, with strong dependence on the initiation and duration of electrical
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Fig. 15.3 Biomimetic approach to cardiac tissue engineering. (a) Cultivation of neonatal cardiomyo-
cytes at high density 108 cells/cm3 in porous collagen scaffold results in uneven distribution of live
cells. Live cells (green) are found at the periphery of the scaffold, while dead cells (red) are found in
its interior. One half of scaffold cross-section is shown. (b) The distribution of live cells correlates to
the oxygen concentration profile in the scaffold. (c) In the native heart, a dense capillary network
provides oxygen and nutrients to the surrounding muscle fibers, cross-section shown. (d) A parallel
array of channels of laser-bored within the poly(glycerol-sebacate) porous scaffolds, to mimic some
aspects of the capilary network. (e) After cultivation of heart cells, a contractile construct is obtained
and the channels remain open. (f) Perfusion of the channels with synthetic oxygen carriers ensures
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stimulation. Aligned myofibers expressing cardiac markers (e.g. b-myosin heavy chain)
were present in stimulated samples and neonatal heart (Fig. 15.3h). Stimulated samples
had sarcomeres with clearly visible M, Z lines, H, I and A bands (Fig. 15.3h). In most
cells, Z lines were aligned, and the intercalated discs were positioned between two Z lines.
Mitochondria (between myofibrils) and abundant glycogen were detected. In contrast,
non-stimulated constructs had poorly developed cardiac-specific organelles and poor
organization of ultrastructural features.

Hence the in vitro application of a single, but key in vivo factor, progressively enhanced
the functional tissue assembly and improved the properties of engineered myocardium at
the cellular, ultrastructural and tissue levels.

15.3.2.2
Hydrogel Encapsulation and Mechanical Stimulation

Within the context of cardiac tissue engineering, disadvantages of the scaffolds that have
been suggested to date include limited development of contractile force due to inherent
stiffness of the scaffold, incomplete biodegradation, and poor cell alignment and morphol-
ogy. Hydrogels, on the other hand, exhibit no mechanical or spatial restrictions. In a
pioneering study, Eschenhagen et al. cast suspensions of embryonic chick cardiomyocytes
in gels consisting of collagen I and culture medium into wells to generate spontaneously
contracting engineered heart tissue (EHT) lattices [128]. Cyclic mechanical stretch was
found to improve EHT structure and function. The EHTs exhibited elongated cell morpho-
logy and parallel organization. The forces of contraction (~2 mN/mm2) were comparable to
that of the native heart muscle [128].

In an improved setup, Zimmermann et al. cast encapsulated cells in circular molds and
applied unidirectional phasic stretch. Mechanical loading was more equally distributed over
the new circular geometry compared to previous square lattices [128, 129]. EHT displayed
functional and morphological properties of differentiated heart muscle including highly
organized sarcomeres arranged in myofibrils, specialized cell-junctions, T tubules and a
well-developed basement membrane surrounding cardiomyocytes. In addition, primitive
capillary formation was also observed [129].

In order to decrease the potential immunogenicity of their EHT, Zimmerman and collea-
gues discarded all xenogenic components from their culture [130]. This included cultivating
the EHTs in serum-free and Matrigel-free conditions. Mixed heart cell populations rather than
cardiomyocyte-rich populations were utilized, and the culture medium was supplemented
with triiodothyronine and insulin [130]. Other studies have also established the need for

Fig. 15.3 (continued) that the entire tissue space around one channel received adequate supply of
oxygen. (g) Oxygen concentration profile is shown for one half of the channel and tissue space
surrounding the channel assuming 6.4 vol% of perfluorocarbon oxygen carrier in the culture
medium. (h) Electrical field stimulation using suprathreshold pulses enables cultivation of engi-
neered myocardium with highly differentiated cardiomyocytes, similar to those found in the native
heart. Sarcomeres and staining for b-myosin heavy chain are shown.

◂
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nonimmunogenic media. Schwarzkopf et al. used autospecies sera, in this case rat, for
culturing of rat cardiomyocytes [131]. The metabolic activity of cells was significantly higher
than cells cultivated in conventional culture medium with Fetal Bovine Serum.

In addition to engineering the patches of myocardium, Zimmermann and colleagues
designed the first biological assist device [132]. The authors mechanically stimulated a
hollow-spherical construct consisting of collagen I and neonatal rat cardiomyocytes until a
beating pouch-like structure was created. The pouch was then placed over uninjured rat
hearts in such a manner that the right and left ventricles were covered. Fourteen days after
implantation, the pouch covered the epicardial surface of the heart and exhibited blood
vessel ingrowth.

15.3.2.3
Matrix-Free Approaches

In a novel technology developed by Shimizu et al., contractile cardiac grafts were fabricated
without the use of traditional matrix materials by stacking cell monolayers [133]. Surfaces
coated with a temperature responsive polymer (poly-N-isopropylacrylamide), which is
nonadhesive below 32�C, were used to culture layers of neonatal cardiomyocytes. Upon
lowering of the temperature, pulsatile cell sheets detached spontaneously, while preserving
cell junctions and adhesive proteins. These cell sheets were then stacked to form grafts.
ECM produced by cells acted to adhere cell sheets together. Electrical and morphological
communication between sheets was confirmed [133, 134]. This new cell sheet technology
allows manipulation to form various graft shapes. A major limitation of this technology,
however, is that the oxygen diffusion is constrained in the absence of a vascular network;
graft thickness in vitro is limited to 3–4 cell layers only [134]. To overcome this limitation
Shimizu et al. performed repeated transplantations of triple layered grafts into rat dorsal
subcutaneous tissue, resulting in ~1 mm thick myocardium with well-organized vascular
networks [135]. Complete graft vascularization was observed in constructs implanted over
AV loops [135]. Although capable of generating a thick myocardium in vivo, this poly-
surgery approach is not very clinically relevant due to the level of invasiveness required for
multiple surgical interventions. Other matrix-free self-organization approaches include
spontaneous wrapping of confluent monolayers around a poly(glycolic acid) string [136]
and cultivation of myocardial spheroids from primary rat and mouse cardiac cell cultures
via a refined hanging drop method [137].

15.3.2.4
Repair of Infarcted Myocardium Using Engineered Cardiac Tissue

The in vivo assessment of cardiac grafts is conventionally performed in rat infarction
models mainly induced through two methods: cryoinjury [98] or left descending coro-
nary artery (LAD) ligation [100]. In a pioneering study conducted by Li et al., neonatal
rat cardiomyocytes seeded on collagen sponges were implanted onto damaged hearts of
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Lewis rats [98]. After 5 weeks in vivo, cell survival and vascularization of constructs
was measured. Leor et al. observed attenuation of the pathological remodeling process
following implantation of cardiac grafts based on neonatal rat cardiomyocytes and
porous alginate scaffolds onto injured myocardium of Sprague-Dawley rats [100].
Zimmermann et al. demonstrated integration and electrical coupling of a complex
multi-loop graft to native myocardium in rats with LAD ligation. Functional improve-
ment was suspected to be not merely a result of scar stabilization or paracrine effects.
Functional integration of cardiac cell sheets to the heat-injured myocardium was also
demonstrated [138].

15.4
Future Directions

Despite of the valuable achievements in the field of cardiac tissue engineering, there still
remain several hurdles and challenges that need to be addressed. A central requirement is
the identification of an appropriate human cell source, since adult cardiac myocytes are
terminally differentiated and hence, cannot be sampled and proliferated for tissue engineer-
ing. Embryonic stem cells (ESC) are an attractive cell source because their differentiation
leads to the generation of cardiomyocytes [29] at potentially unlimited quantities, and the
resulting cells can graft with the host myocardium upon implantation [46, 139]. However,
besides the ethical issues surrounding ESCs, there is a possibility that the presence of
undifferentiated cells may lead to the formation of teratomas upon implantation [30].
Several recent studies report cultivation and implantation of cardiac grafts based on
mouse and human embryonic stem cells [109, 140]. Recent evidence suggests that multi-
potent cardiovascular progenitors (isl1þ or flk1þ or c-kit/Nkx2.5þ), capable of giving rise
to cardiomyocytes, endothelial cells and smooth muscle cells, can be selected and expanded
from ESCs [141–143], thus potentially enabling the engineering of a multi-cell type cardiac
tissue from a single cell source [141].

It has been reported that the heart may contain resident progenitor cells [144, 145]. Not
only do these cells represent an excellent source of autologous cells, but they may enable
detailed analysis of the process in cardiac cell lineage formation, tissue maturation and the
development of disease [146]. However, it appears that there are multiple sub-populations
that fit the description of a cardiac progenitor: c-kitþ [146], Sca-1 [147], and islet 1 (isl1+)
[144]. It remains to be determined whether these cells can be obtained from adult human
biopsies and subsequently expanded in vitro.

Recently-introduced induced pluripotent stem (iPS) cells hold a great potential as they
give rise to patient specific cells while avoiding the ethical issues surrounding ESCs [148].
It remains to be determined if cardiac patches can be engineered using iPS cells as a source
of cardiomyocytes.

New and improved bioreactors will also need to be developed for large scale production of
such cells (>108 cells/patient/patch). Careful consideration is required so that all non-human
components (i.e. serum, Matrigel) during cultivation are replaced. Additionally, it will be
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useful to generate different subtypes of human cardiomyocytes, with pacemaking-, atrial-,
ventricular-, or Purkinje-like phenotypes, so that regenerative therapies can be extended over
a wide range of heart diseases.

Besides finding a more suitable cell source, developing vasculature in thick patches to
support cell survival in the deeper regions, remains a central issue in the field of cardiac
tissue engineering [149]. A majority of the patches reported to date rely on diffusion for
supplying the seeded cells with oxygen and nutrients. This limits the patch size to the
maximum thickness that can be supplied with diffusion, about 100–200 mm, far from the
clinically required thickness of ~1 cm [149]. Although, cell-seeding strategies to improve
the cell distribution and survival within the patch, and medium perfusion strategies to
ensure improved distribution of the nutrients to the cells have been reported, the key to
circumvent this issue is to develop a vascular network within the patch prior to the
implantation.

Endothelial cells (EC) are primarily involved in the development of vessel structures.
It has been shown that ECs also support the survival and proliferation of CMs [150]. Hence,
a viable option is to utilize ECs to develop the vascular network in the patch in order to
prepare the patch for CM survival in later stages. Immobilized growth factors in combina-
tion with EC cell seeding represent an attractive option due to their long-lasting effects
compared to soluble factors. Our lab has previously shown that immobilized vascular
endothelial growth factor (VEGF), a key player in the migration, proliferation and assembly
of ECs into vessels, on collagen scaffolds leads to improved EC survival and proliferation
throughout the thickness of the scaffold [149]. We also demonstrated that covalent co-
immobilization of VEGF and angiopoietin-1 enabled creation of tube-like structures in the
scaffold in vitro [151] (Fig. 15.4a). These scaffolds were able to recruit endothelial cells in
the chicken chorioallantoic membrane assay when the growth factors were freshly immo-
bilized (Fig. 15.3b), as well as after aging the growth factor immobilized scaffolds in PBS
for 28 days [151] (Fig. 15.3c). Currently, our lab is investigating the effects of scaffolds with
immobilized growth factor gradients on EC migration and assembly (Odedra, Shoichet,
Radisic in progress). Specifically, using microinjection and micropatterning methods,
concentration gradients of VEGF, are created in the 3-D collagen scaffolds using the
well-known carbodiimide chemistry. Strategies like this will bring us one step closer to
the goal of creating engineered tissues that mimic the native tissues, by overcoming the
challenge of cell-death in thick tissues and by providing the cells with vasculature-mediated
nutrient and oxygen supply.

In addition, immobilization of growth factors on substrate surfaces could be applied to
direct the differentiation of progenitor cells. Yamashita et al. previously reported that flk1+
cells derived from embryoid bodies after 3 days of spontaneous differentiation were in fact
vascular progenitors and had the potential to further differentiate into endothelial and smooth
muscle cell types with appropriate growth factor cues [152]. However, the soluble growth
factors, only had the capability to control differentiation in a temporal manner. In order to
control the spatial distribution of vascular cells on a surface, it is necessary to engineer the
substrate surfaces with spatial control of growth factor presence (Fig. 15.4d). Tethered
growth factors may also enhance cellular responses compared to the soluble growth factor
conditions [153]. It its thought that growth factors tethered to substrate surfaces prevented
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internalization and degradation of the ligand/receptor complexes, which enabled prolonged
signaling by the growth factors [153].

We previously described a strategy for site-specific differentiation by first covalently
binding VEGF to Collagen IV, and subsequently micropatterning this VEGF-Collagen IV
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Fig. 15.4 Covalent immobilization of growth factors enables control of cell response on substrates
for cardiovascular tissue engineering. VEGF and angiopoietin 1 were immobilized onto porous
collagen scaffolds using corbodiimide chemistry. The control scaffolds were treated with PBS
alone. (a) Live (green)/dead (red) staining of H5V endothelial cells after 7 days of cultivation
demonstrated tube formation on growth factor immobilized scaffolds. Tubes were more pronounced
on the VEGF +Ang1 scaffolds compared to the use of single growth factor alone. Scale bar 200 mm.
The cell-free growth factor scaffolds were implanted on top of the chorioallantoic membrane of a
chick embryo. Three days later, the scaffolds were retrieved and the percent area staining for
endothelial cell marker vonWillebrand factor was measured. (b) Implantation of a fresh scaffolds,
immediately upon growth factor immobilization. (c) Implantation of a scaffold aged for 28 days in
PBS after growth factor immobilization. (d) The principle of site-specific differentiation of Flk1+
vascular progenitor cells. Thin layer of photocrosslinked VEGF will render the entire surface non-
cell adhesive. Islands of collagen IV will enable site-specific cell attachment. On some islands,
VEGF is covalently tethered to collagen IV driving the differentiation towards endothelial cell
lineage. (e) Immobilized VEGF drives differentiation towards CD31+ endothelial cells, while the
application of VEGF neutralizing antibody abolishes the response. (f) The mESC derived vascular
progenitors were engineered to express Flk1 (VEGF receptor 2) under control of GFP promoter.
Immunostaining shows progenitors differentiated on the lanes of VEGF-collagen IV, co-staining
positive for GFP (demonstrating the presence of VEGF receptor 2) and endothelial cell marker
CD31. Scale bar 50 mm.
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solution onto a non-cell adhesive surface [154] (Fig. 15.4d). This allowed for differentiation
of vascular progenitor cells into desired cell types within a confined area (Fig. 15.4e, f).
We utilized the carbodiimide chemistry to covalently immobilize VEGF with Collagen IV
molecules. The non-cell adhesive surface was first prepared with a thin layer of photo-
crosslinkable chitosan. Micro-contact printing stamps with 100 mm wide lanes were inked
in the VEGF-Collagen IV immobilization solution, and the pattern was transferred to a
surface coated with photocrosslinked chitosan. This micropatterning of differentiation cues
was able to direct differentiation of embryoid body-derived flk1+ cells. After 3 days of
culture on VEGF-patterned surfaces, approximately 55% of the cells were CD31+, indicat-
ing an endothelial cell lineage, which was comparable to conditions with soluble VEGF
(Fig. 15.4f). These findings were further confirmed by blocking the engineered surface with
neutralizing antibody against both soluble and immobilized VEGF. By neutralizing the
VEGF, majority of the progenitor cells followed the default differentiation pathway into
smooth muscle cells (Fig. 15.4e). In future studies, tethering of different growth factor cues,
such as PDGF or Dkk, can be used to enhance differentiation towards smooth muscle or
cardiomyocytes from a progenitor population.

Progress in this research field will inevitably be accelerated by the design of several new
analytical techniques that allow real time monitoring of cell and tissue function to gain
insight into the complex mechanisms of cardiogenesis and myocardial repair. Additionally,
novel scaffolds and improved bioreactors capable of simultaneous application of multiple
biochemical (e.g. growth factors) and physical (e.g. electrical, mechanical, perfusion)
stimuli will be required. Bioreactor systems can also be used for rigorous studies of cardiac
development and function to evaluate parameters such as the relative importance of each
stimulus, when it should be applied and at what level. For these studies, we anticipate that
microfluidic and BioMEMS (Micro-Electro-Mechanical Systems) techniques will be
invaluable.

Engineered myocardium will be a useful tool to study the interactions among different
cell populations within the heart during embryonic development and to learn the mechan-
isms by which transplanted cells promote cardiac repair. For example, we recently
demonstrated that engineered myocardium allows the study of the differentiation and
integration of ESC derived cardiomyocytes and progenitor cells in the cardiac environ-
ment in vivo [155]. With the availability of stem-cell derived human cardiomyocytes, the
engineered heart tissue will become a useful model system for in vitro drug screening.
In contrast to cultivating grafts of clinical size for cardiac repair, the basic pre-requisite for
developing effective, high-throughput methods for pharmacological and developmental
studies is the miniaturization of engineered tissue. We anticipate that advanced bioreactor
technologies in conjunction with integrated microfluidic devices will facilitate this down-
scaling.

A central question to the design of engineered cardiac tissue is whether native adult tissue
structure needs to be reproduced exactly in order to achieve adequate function. The central
dogma in tissue engineering is that sufficient function can be provided using simpler
compositions and structures that can remodel and integrate into more complex structures
upon implantation. Indeed, it is through this notion that clinically relevant tissue engineering
therapies will emerge.
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15.5
Summary

Myocardial Infarction (MI) affects about 8 million people in North America. During MI, a
specific region in the heart experiences ischemia due to a fully or partially obstructed blood
vessel, which compromises the oxygen supply to the region. The result is a rapid death of
cells in this region, followed by pathophysiological remodelling and scar formation.
Cardiovascular disease is the most significant cause of death worldwide. Drastic shortage
of organs available for transplantation and limited improvements resulting from the reper-
fusion and pharmacological agents, motivate the need for an alternative and novel therapy.
Cell injection and tissue engineering are amongst the emerging treatment options.

Biomaterials are critical as delivery vehicles for cell injection, or to act as scaffolds
during in vitro cultivation of engineered cardiac tissues. Various natural, synthetic and
biomimetic biomaterials have been studied for cell injection purposes with varying results.
Natural materials such as collagen, gelatin, Matrigel and fibrin provide exceptional bio-
compatibility but lack in mechanical stiffness and exhibit high inter-batch variability.
Hydrogels are especially attractive choice of biomaterial due to their high water content
and biocompatibility. Natural hydrogels, like alginate and chitosan, have been used as
biomimetic materials with some chemical modifications to enable cross-linking or aug-
mented with biomolecules such as peptide sequences to enhance biological responses such
as cell recruitment or attachment. Synthetic biomaterials, such as polyethylene glycol, have
also been used as injectable biomaterials since they allow better control over physical and
chemical properties compared to natural materials. A number of in vivo studies have been
reported utilizing different combinations of biomaterials, cell type, and parameters such as
the volume of cells and biomaterial injected and time course. Interestingly, in some studies
the biomaterial alone was shown to lead to improved heart function. The exact mechanism
behind the improvement following injection of biomaterial, either with cells or without, is
not clearly known. The biomaterial serves to provide mechanically stabilize the scar as well
as a transient environment for the cells to attach to and grow into.

The underlining approach for engineered heart patch involves seeding cells onto a
biomaterial, culturing this tissue in vitro and then implanting the biomaterial onto the
infarct. Porous scaffolds made of materials such as alginate and collagens have been used
for this purpose with seeded cardiomyocytes. Fibrous scaffolds, such as woven polyglycolic
acid or electrospun polyurethane, have also been explored for fabricating engineered heart
patches especially due to their ability to align cells, as they are aligned in the native heart.
Thin films, with precise micropatterned biomolecule distribution have been used to provide
spatial control over cell morphology. Finally, decellularized scaffolds that contain only the
extracellular components and intact vascular organization have been studied for their
potential to support growth and integration of cells in vivo. Cultivation of these scaffolds
in vitro is an important aspect of fabricating a functional heart patch and perfusion,
electrical and mechanical stimulation bioreactors are required tools in this process. The
in vivo results indicated that functional coupling of the engineered cardiac patch to the host
myocardium is possible.
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The field of cardiac tissue engineering is rapidly advancing. The quest for a suitable cell
source is ongoing but is expected to reach a viable and ethically-accepted endpoint with the
advent of induced pluripotent stem cells. On the other hand, strategies to guide the
differentiation of currently used stem and progenitor cells in the in vivo infarct site itself
will maximize the yields and minimize the undesired human interference associated when
differentiating the cells in vitro before implantation. Finally, the challenge of increasing the
vascularization of the patches in vitro continues to limit the cell distribution and survival in
thick patches. However, with novel strategies such as immobilized growth factors, we are
moving closer to mimicking the native environment in vitro and achieving the goal of
reaching native-like vasculature.
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Abstract Creating functional vasculatures remains one of the fundamental challenges
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tissue engineering include differentiation of vascular cells, delivery of angiogenic
factors, in vivo and in vitro prevascularization, as well as microfabrication of complex
vascular networks. This chapter will discuss the processes involved in vascular network
assembly; these processes inspire the design of biomaterials to fit tissue vascularization.
Previous work in this field will be described to allow discussion of the current state of
the art and to provide insights into its future directions.

Keywords Endothelial cells (ECs) l Extracellular matrix (ECM) l Hydrogels l

Smooth muscle cells (SMCs) l Vascular morphogenesis

16.1
Introduction

16.1.1
The Importance of Vascularization

A major purpose of tissue engineering is the therapeutic replacement of damaged organs or
tissues with equivalent substitutes. Most tissues in the human body depend on the blood
supply contained within blood vessels. Among its numerous functions, blood assists in the
interstitial fluid exchange of nutrients, as well as in the delivery of oxygen to organs. Thus,
in order to assimilate the different facets of tissue engineering within the body, the
integration of blood must be considered. Vascularization involves the incorporation of
blood as part of the tissue-engineered constructs and usually occurs spontaneously imme-
diately after their implantation. Both the inflammatory wound-healing response and the
hypoxic state of the implant contribute to this spontaneous vascularization [1]. The wound
left by the surgical procedure induces an innate immune response, which results in the
formation of fibrous tissues and microvasculature. At the same time, the encapsulated cells
within the engineered tissue scaffold experience low oxygen tension, stimulating the
release of angiogenic factors, such as VEGF [2]. Nonetheless, this spontaneous induction
of vasculature is insufficient to supply the transplanted tissue with adequate oxygen and
nutrients. Additional prevascularization within engineered constructs for skeletal muscle
[3], cardiac patch [4–6], and skin graft have been reported to promote stem cell (SC)
differentiation, to enhance the survival of the engineered constructs, and to facilitate their
integration into host tissues. Clearly, additional strategies are required to induce vasculari-
zation within the engineered tissue constructs. Various vascular tissue engineering
approaches endeavor to generate vascular networks within the engineered tissue constructs;
these approaches encompass the differentiation of vascular cells, the delivery of angiogenic
factors, in vitro and in vivo vascularization, as well as microfabrication of complex
vascular networks. All of these approaches require a reliable source of vascular cells,
angiogenic growth factors (GFs), and a scaffold design that serves as a temporary extra
cellular matrix (ECM).
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16.1.2
Cell Sources

Blood vessel formation occurs via either vasculogenesis or angiogenesis. Vasculogenesis
takes place mainly in the embryo and involves the development of blood vessels de novo
from the mesoderm layer. Angiogenesis involves the formation of blood vessels from an
already established blood vessel network. The formation these blood vessels begins with
the formation of nascent endothelial tubes by angiogenesis or vasculogenesis [7]. Most
blood vessels are composed of endothelial cells (ECs) and supporting pericytes or
vascular smooth muscle cells (SMCs), and fibroblasts. Endothelial cells form the inner
surfaces of blood vessels; then, vascular smooth muscle progenitor cells are recruited to
concentrically surround the endothelial layer [7]. Fibroblasts, primitive neuroectoderm-
derived or mesodermally originated cells [8], are precursor cells that are able to make the
ECM [8].

Vessel formation involves cell-to-cell communication, cell-to-matrix communication,
and cytokine-regulated interaction [8]. Vascular tissue engineering also requires sources
for ECs, vascular SMCs, and fibroblasts. Cells that have the potential to form networks of
blood vessels are commonly infused into tissue constructs because of their potential to
vascularize them (Fig. 16.1). For the most part, SCs do not have a predetermined fate;
therefore, they are often used in vascularization. During the process of differentiation,
SCs are induced by their microenvironment to form different types of cells in an
organism. Advantages of using SCs include the ability to self-renew, the production of
unaltered daughter cells, and the ability to provide specialized cell types. Additionally,
cultured SCs often proliferate continuously, beyond the proliferating limit of primary
cultured cells. SC sources are categorized as pluripotent SCs, multipotent SCs, and
progenitor cells.

Pluripotent Cells

hESCs, iPSCs

Hemangioblast

VEGFR-2+, Tie-2+ 
CD34+, CD133+

Endothelial
Progenitor Cells

VEGFR-2+, VE-CAD+,
CD34+, CD45-

Pericytes/
Smooth Muscle Cells
alpha-SMA+, SM22+, 
SM-MHC+, Calponin+

Endothelial Cells

VEGFR-2+, VE-CAD+,
CD45-, CD31+, CD144+

Hematopoietic
Stem Cells
VEGFR-2-, 

CD34+, CD133-

Angioblast

VEGFR-2+, VE-CAD+,
CD34+, CD133-

Blood Cells

CD34-, CD14+, CD15+

Bone Marrow

hMSCs

Fig. 16.1 Sources of cells for vascular engineering. Pluripotent cells, such as hESCs and iPSCs, can
give rise to hemangioblast, which is precursor for both hematopoietic stem cells and angioblast.
Vascular engineering utilizes endothelial cells and pericytes/smooth muscle cells to form stable and
functional vascular networks
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16.1.2.1
Embryonic Stems Cells and Induced Pluripotent Stem Cells

Pluripotent SCs have the ability to form all three germ layers of the body, i.e., the
mesoderm, endoderm, and ectoderm. Pluripotent SCs can be derived from early embryos
or induced from other SCs or terminally differentiated cells. Human embryonic SCs
(hESCs) are derived from an embryo in its early stages as a blastocyst [9]. Hemangioblasts
are cells from the mesoderm of the blastocyst that are precursors to blood islands [10]. In the
embryo, hemangioblasts aggregate and migrate towards the yolk sack. In these aggregates,
peripheral cells flatten and subsequently differentiate into ECs, while the cells located in the
center of the hemangioblast aggregates differentiate into hematopoietic cells [11]. Vascular
endothelial growth factor (VEGF) induces blood network formation of the hemangioblast
cells by inducing migration, proliferation, and tube formation [10]. VEGF receptor
2 (VEGFR-2) is upregulated during early embryo development by VEGF [12], and has
been considered the earliest differentiation marker for vascular cells [12, 13]. In vitro,
vascular progenitor cells can be induced to differentiate into ECs and vascular SMCs with
exposure to VEGF and platelet-derived growth factor (PDGF), respectively [13, 14]. We
have recently reported a robust and efficient derivation of v-SMCs from hESCs using
PDGF-BB and transforming growth factor-beta 1 (TGF-b1) [15]. Induced pluripotent SCs
(iPSCs) are derived by the transfer of transcription factors involved in pluripotency into
adult stem cells or somatic cells. Induced pluripotent SCs maintain the developmental
potential to differentiate into cell types from all three germ layers and could allow the
generation of patient-specific pluripotent cells for regenerative medicine [16, 17]. Consid-
erable research effort is focused on determining the sequential expression of vascular genes
during differentiation, to elucidate the mechanism involved in vascular development, and to
enable the derivation of vascular cells from a pluripotent population.

16.1.2.2
Mesenchymal Stem Cells

Mesenchymal SCs (MSCs) are multipotent SCs derived mainly from bone morrow or
adipose tissue. Unlike pluripotent SCs, MSCs are easily isolated and expanded, and they
differentiate into cell types of mesodermal lineages, including vascular cells [18]. VEGF and
basic fibroblast growth factor (bFGF) have been shown to induce differentiation of bone
marrow (BM) MSCs into vascular endothelium-like cells [19]. MSCs have also been shown
to differentiate in vitro into SMCs and have been engineered to form blood vessel walls
similar to native vessels [20]. Adipose tissue also represents a source of MSCs. The MSCs
found in the stromal vascular portion of subcutaneous adipose tissue are known as processed
lipoaspirate (PLA) cells. PLA cells secrete multiple blood vessels forming cytokines and
GFs such as VEGF and hepatocyte growth factor (HGF) at bioactive levels [21]. The
adipose-derived SCs are positive for endothelial and SC markers CD34, AC133, and
ABCG2 [21]. An advantage of using adipose-derived SCs is that they represent a practical
and abundant source of cells. Miranville et al. found that the stroma vascular fraction of
adipose tissue contained CD34+/CD31� cells characteristic of endothelial progenitor
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cells (EPCs) [21]. Traktuev et al. found that CD34 positive cells found in adipose tissue
were resident pericytes that interacted with ECs (CD34+, CD31+, CD144+) [22]. The
structural and functional interactions of the pericytes and the ECs played a role in vascular
stabilization [22].

16.1.2.3
Progenitor Cells

Unlike SCs, progenitor cells differentiate into a predetermined cell type and are incapable of
indefinite self-renewal. However, since progenitor cells are already committed toward a
specific cell lineage, their differentiation into mature ECs is more easily attainable than
directing the differentiation of ESCs or MSCs. Endothelial progenitor cells isolated from
human peripheral blood and BM, are capable of differentiating into mature ECs in response
to various stimuli, such as GFs, cytokines, and mechanical shear stresses [23]. Researchers
have also demonstrated the isolation of EPCs from additional sources (besides the periph-
eral circulation and BM), including umbilical cord blood, liver tissue, or vascular walls
themselves [24–27].

Recently, EPCs were redefined as endothelial colony-forming cells, which are rare
circulating EPCs with robust proliferative potential and vessel-forming activity in vivo
[28, 29]. The utilization of hEPCs to engineer blood vessels has mostly been investigated in
the context of their ability to generate networks within scaffolds in vitro and to enhance
network formation in vivo [30]. A recent study compared the formation and functions of
tissue-engineered blood vessels generated by peripheral-blood- and umbilical-cord-blood-
derived EPCs in a model of in vivo vasculogenesis. The study found that adult peripheral
blood EPCs formed blood vessels that were unstable and regressed within 3 weeks. In
contrast, umbilical cord blood EPCs formed normal functioning blood vessels that lasted for
more than 4 weeks [24].

16.1.3
Angiogenic Growth Factors

The incorporation of GFs has been established as an effective method of promoting the
formation of blood vessels. The major GFs important in vascularization include isoforms of
VEGF, angiopoietins (Ang), PDGF, isoforms of fibroblast growth factor (FGF), TGF, HGF,
and interleukin-8 (IL-8) [31].

The biological activity of VEGF, a homodimeric heparin-binding glycoprotein, is
primarily focused on ECs during blood vessel formation [31]. VEGF has six isoforms,
including VEGF121, VEGF165, VEGF189, and VEGF206 [31]. VEGF binds to two tyrosine
kinase receptors, VEGF receptor-1 (VEGFR-1) and VEGF receptor-2 (VEGFR-2). EC
migration and sprouting is upregulated by VEGF [31]. Seven days after implantation of
cells in severe combined immunodeficiency mice, blood vessel density was experimentally
observed to be an order of magnitude greater with the use of VEGF than with samples that
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did not contain the GF [32]. VEGF is produced by many cell types, such as ECs, fibroblasts,
and keratinocytes [31].

Angiopoietins are important partners of VEGF [31]. The angiopoietin-1 (Ang-1) and
angiopoietin-2 (Ang-2) isoforms both bind to the receptor tie-2, and both are important in
vascularization [31]. Ang-1 has the ability to phosphorylate the tie-2 receptor. Ang-2 is an
antagonist of Ang-1 and cannot phosphorylate the tie-2 receptor [31]. Ang-2 blocks inter-
actions between Ang-1 and tie-2. Ang-1 and VEGF are GFs specific for ECs. Ang-1 leads to
the migration of ECs and the sprouting and formation of blood vessels in vitro [31]. Ang-
2 is believed to have a role in destabilizing existing blood vessels [31].

PDGF stimulates the growth and movement of fibroblasts and SMCs [33]. The PDGF
receptors are found mostly on ECs that occur in tube formation during angiogenesis [33].
During tissue repair, PDGF also assists with the formation of vascularized connective tissue
[33]. The dual delivery of VEGF and PDGF B (PDGFB) in mouse hindlimbs was observed
to produce a significantly higher proportion of mature blood vessels than the use of VEGF
alone or PDGF alone [34].

The FGF family has 20 members. The first two of the GFs, FGF1 (acidic fibroblast
growth factor or aFGF) and FGF2 (also known as bFGF), are important in blood network
formation. Both bFGF and aFGF are single nonglycosylated polypeptides that have similar
biological behaviors [31]. Both molecules interact with heparin sulfate proteoglycans in the
ECM and are synthesized by inflammatory cells, dermal fibroblasts, and vascular ECs [31].
Both also support EC proliferation and migration during early stages of wound repair by
clot formation and fibrin deposition [31]. They also induce EC differentiation [31].

TGF-b plays an important role in blood network formation by controlling cell prolifera-
tion, capillary tube formation, and ECMdeposition [31]. Three isoforms of TGF-b (TGF-b1,
TGF-b2, TGF-b3) all bind to the same receptors and have the same biological responses
in cell cultures, but they play distinct biological roles in vivo [31]. TGF-b is able to stimulate
EC migration differentiation, tubule formation, and ECM deposition during blood network
formation [31]. Additionally, it can induce blood network formation by indirectly recruiting
inflammatory cells that release VEGF, PDGF, and FGF [31].

16.1.4
Scaffold Design

Three-dimensional (3D) scaffolds are used in vascularization because they imitate cells’
natural surroundings. Additionally, scaffolds also provide a delivery vehicle for GFs and
cells. Almost all tissue cells and blood vessels are surrounded by an ECM, a complex 3D
fibrous meshwork [35]. The ECM contains different fibers that provide biochemical signals
and sites for GFs storage. The ECM also serves as a scaffold, maintaining the structure of
blood vessel wall shape and absorbing themechanical forces generated by the pulsatile blood
flow in the vessels [36]. The ECM around blood vessels is composed of three layers; the
tunica intima, the tunica media, and the tunica adventitia. The EC layer of blood vessels is
anchored on a basement membrane, which is the major component of the tunica intima [36].
The basement membrane contains network-organizing proteins, such as collagen IV, colla-
gen XVIII, laminin, nidogen, entactin, and the proteoglycan perlecan. The tunica media
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contains elastic tissue and vascular SMCs, while the tunica adventitia contains fibroelastic
connective tissue [36]. Since the ECM surrounds cells and blood vessels in vivo, the
incorporation of 3D scaffolds in tissue constructs is therefore essential in vascularization in
order to emulate the body’s ECM. Three-dimensional scaffolds are generated using either
natural or synthetic polymers. Common natural polymers include collagen, gelatin, hya-
luronate, glycosaminoglycan, chitosan, alginate, silk, fibrin, dextran, and Matrigel [35].
Common synthetic polymers include polyglycolic acid (PGA), polylactic acid (PLA),
polylactic-co-glycolic acid (PLGA), poly-L-lactic acid (PLLA), poly-e-caprolactone
(PCL), polyethylene glycol (PEG), polyvinyl alcohol (PVA), polypropylene fumarate
(PPF), and polyacrylic acid (PAA) [35]. Selection of materials for 3D scaffolds depends
on biocompatibility, wettability, mechanical properties, and biodegradability. The natural
ECM is a hydrated gel, and so hydrogels, which are networks of hydrophilic polymer
chains, are commonly used as 3D scaffolds [35]. However, setbacks, such as weak cell
adhesion caused by both the hydrophilicity of hydrogels and the lack of cell-binding
motifs, arise when utilizing hydrogels [35]. Recent advances in biomaterials design has
allowed the development of synthetic hydrogels which mimic the native ECM to direct
vascular morphogenesis [37].

16.2
Concepts in Material Development and Tissue Requirements

16.2.1
Biomimetic Materials: A Lesson from Postnatal Angiogenesis

In contrast to vasculogenesis during embryonic development, postnatal angiogenesis occurs
throughout adulthood, allowing the formation and regeneration of new blood vessels. More
recent studies have suggested that adult neovascularization and therapeutic vascularization
include postnatal vasculogenesis, angiogenesis, and arteriogenesis. BM-derived endothelial
progenitor cells (EPCs) can mobilize to the site of vascularization in response to cytokines,
tissue ischemia, and injury. This process involves a complex and co-regulated interaction
between vascular cells and their surrounding environment. In recent decades, our under-
standing of neonatal angiogenesis has been vastly expanded, primarily due to well-defined
in vitro models. The most common models are cultures of ECs in gels made of different
ECM components, such as collagen, fibrin, fibronectin, and Matrigel. As part of the native
tissue, these complex ECM architectures provide instructive physical and chemical cues
that direct vascular morphogenesis, which involves several steps: (1) proteolytic degrada-
tion of basement membrane proteins by both soluble and membrane-bound MMPs, (2) cell
activation, proliferation, and migration, (3) vacuole and lumen assembly into a tube with
tight junctions at cell–cell contacts, (4) branching and sprouting, (5) synthesis of basement
membrane proteins to support the formation of capillary tube networks, and (6) tube
maturation and stabilization by pericytes (Fig. 16.2). It is evident that these complex
processes require a delicate balance between various immobilized factors and soluble
GFs, as well as endothelial and prevascular cell interactions. Since every step of vascular
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morphogenesis has a unique requirement, each of the cellular cues must be presented with
the correct spatial and temporal context to allow vascular morphogenesis to progress. The
challenge is to design synthetic biomaterials that capture those microenvironments which
are conducive to the formation of vasculatures.

16.2.2
Natural and Synthetic Biomaterials

The choice of material is the first crucial step in designing constructs for vascular engineer-
ing. Naturally derived materials have major advantages such as having desired adhesive and
degradation sites preferable to guide cellular cues and tissue remodeling, yet their mechani-
cal properties are not easy to control [37]. The first type of natural biomaterial, are
macromolecules that can be found abundantly in the body and include glycosaminoglycans
(GAGs), glycoproteins, and proteoglycans. Depending on their spatial and temporal distri-
bution throughout the body, various ECM components have different effects on promoting
or inhibiting angiogenesis. For example, hyaluronic acid (HA) and fibronectin, which are
major components of the embryonic ECM, have been shown to be vital regulators for

Smooth Muscle Cells,
Pericytes

Endothelial Cells

(i)  Proteolytic degradation of basement membrane proteins 
(ii) Cell activation, proliferation, and migration 

(iii)   Vacuole and lumen assembly

(iv)   Branching and sprouting  

(vi)   Tube maturation and stabilization by pericytes (v)   Capillary tube networks supported by basement membrane proteins 

Biomaterials scaffolds

PDGF-BB
VEGF

Fig. 16.2 Molecular regulation in vascular morphogenesis. Biomaterials scaffold for vascular engi-
neering sought to support vascular morphogenesis, which involves several stages. (1) proteolytic
degradation of basement membrane proteins by both soluble and membrane-bound MMPs, (2) cell
activation, proliferation, and migration, (3) vacuole and lumen assembly into a tube with tight
junctions at cell–cell contacts, (4) branching and sprouting to form complex vascular networks,
(5) synthesis of basement membrane proteins to support the formation of capillary tube networks,
and (6) tube maturation and stabilization by pericytes or smooth muscle cells
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vascularization during embryogenesis [38]. In particular, fibronectin is a unique glycopro-
tein which contains cell adhesion and heparin-binding sites that synergically modulate the
activity of VEGF to enhance angiogenesis [39]. Various lineage studies have shown
developmental abnormalities in embryonic hearts and vessels in fibronectin-null mice,
suggesting its crucial role in mediating EC interactions [40, 41].

In contrast, the adult ECM consists mostly of laminin-rich basement membrane, which
maintains the integrity of the mature endothelium, and interstitial collagen I, which pro-
motes capillary morphogenesis [42]. Although collagen I is present during development, its
role becomes increasingly important in postnatal angiogenesis after its reactive groups have
been cross-linked to further stabilize the interstitial matrix [43]. Matrigel, isolated from
cancer cells, is a solubilized basement membrane protein which is enriched in laminin and
contains various GFs. Due to its biological properties, which mimic those of ECM,Matrigel
has been used as a model to study both in vitro and in vivo angiogenesis. Within a few hours
after seeding ECs on Matrigel, ECs are known to form capillary-like structures (CLSs),
which mimic the process of in vivo angiogenesis. In vascular tissue engineering, Matrigel
has been widely used to facilitate cell adhesion and to promote vascularization of tissue
constructs [3–5]. Therefore, depending on the desired tissue microenvironments to be
engineered (e.g., adult versus embryo and skin versus brain), the choice of material is
crucial in promoting or inhibiting angiogenesis.

The second type of natural biomaterial are macromolecules that cannot be found in
the body but can be easily isolated from plants (i.e., dextran and alginate) or animals
(e.g., chitosan). Unlike the ECM components, these polysaccharides are inert and do not
actively interact with cells; thus, they can be used as blank templates to engineer a cell-
instructive scaffold to promote vascularization. In the absence of cell-adhesive ligands, the
interactions between cells and these inert biomaterials are mediated primarily by adsorbed
proteins through surface topography and hydrophilicity [44]. For instance, basic chemistry
can be used to modify dextran, which is naturally resistant to protein adsorption and cell
adhesion, into a bioactive scaffold for vascular tissue engineering with various VEGF
release profiles [45]. Furthermore, introducing different functional groups into the sugar
backbone alters the affinity and conformation of the adsorbed proteins, leading to enhanced
integrin binding and cellular response [46].

Although this type of modification seems attractive, the approach still requires the
addition of ECM components to facilitate their bioactivity, which raises many issues,
such as a complex purification process, pathogen transfer, and immunogenicity. Therefore,
a greater need exists to engineer a purely synthetic biomaterial which is xeno-free and
instructive for vascular engineering. This synthetic biomaterial can be engineered from
natural biomaterials (excluding ECM components), artificial protein polymers, self-
assembling peptides, and synthetic polymers to form scaffolds which mimic the native
ECM. For example, dextran and chitosan are natural biomaterials which have similar
structures and do not possess any inherent cross-linking ability. However, a simple chemical
modification, like introducing double bonds into the repeating unit, allows the cross-linking
of these polysaccharides to form hydrogels. Alginate is another natural material which can
be physically cross-linked by the addition of cations (i.e., Ca2+ or Mg2+). Another option is
to use a purely synthetic material, like PEG or PLGA. The pioneering work of the Hubbell
research group turned PEG, a cell-resistant material, into instructive scaffolds for in vivo
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vascularization [47, 48]. Furthermore, the synthetic material of choice must be biodegrad-
able and biocompatible, and such physical properties as pore size, degradation kinetics, and
elasticity, must be easily tunable to favor vascular morphogenesis. Instead of incorporating
the ECM components to make it bioactive, certain synthetic peptides important for vascular
morphogenesis can be incorporated into this inert synthetic material. The most common
template is fibronectin, which contains binding domain arginine-glycine-aspartic acid
(RGD), heparin-binding sites to regulate angiogenic GFs (VEGF, bFGF, etc.), and degrad-
able sequences to allow vascular morphogenesis [42].

16.2.3
Cell Adhesion Regulates Vacuole Formation

Vascular cells sense their surrounding microenvironments through integrin receptors, which
represent the first crucial step in vascular morphogenesis. Integrin is a transmembrane
receptor which not only maintains cell adhesion to ECM but also controls cell proliferation,
migration, differentiation, and cytoskeletal organization. Since blood vessels must be able
to assemble in diverse tissue environments (e.g., adult versus embryo; and skin versus
brain) which have different ECM components, it is evident that both b1 and av integrins can
support vascular morphogenesis. For example, a1b1 and a2b1 integrins control vascular
morphogenesis in collagen-rich ECM, like adult tissue, while a5b1 and avb3 integrins
involve in fibronectin- and fibrin-rich ECM, like in embryonic tissue and healing wounds
[42]. Regardless of the types of integrin involved, the binding of integrins onto RGD
triggers several downstream signaling events mediated by Rho GTPase, particularly Rac1
and Cdc42 [49]. Extensive work by Davis and his colleagues has revealed the molecular
mechanism that regulates this EC morphogenesis in fibrin and collagen gels. Fibrin hydro-
gels consist of polymerized fibrinogen, which, when thrombin is added, form nanometer
scaled fibers that, to some extent, mimic those of ECM. Because they have binding sites for
angiogenic GFs, fibronectin, and von Willebrand factor, fibrin hydrogels have been widely
used to study the mechanism of angiogenesis in vitro [50, 51]. Using fibrin and collagen
hydrogels as an in vitro angiogenesis model, Davis et al. showed that RGD-dependent
pinocytic events resulted in formation of vacuoles, which further coalesce into a developing
lumen [52]. The model of highly dynamic vacuoles fusing into an open lumen has been
further confirmed in vivo [53]. Consequently, in the context of engineering a synthetic
biomaterial, both the amount of RGD and the method of presentation can determine the
extent of vascular morphogenesis. The RGD-binding peptides ought to be presented at a
level sufficient to facilitate cell binding and vacuole formation but not in excess, such as to
inhibit branching and sprouting. Using an in vitro angiogenesis model, Folkman and Ingber
were able to show that, when cultured on a moderate coating density that only partially
resisted cell traction forces, ECs were able to retract and differentiate into branching
capillary networks [54, 55]. High ECM density was saturated with RGD adhesion peptide,
which allowed the cells to spread and proliferate, while low ECM density resulted in
rounded and apoptotic cells. Interestingly, in medium ECM density, with the appropriate
RGD adhesion peptide, ECs collectively retracted and differentiated into branching capil-
lary networks with hollow tubular structures. It is evident that ECs exerted mechanical
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forces on the surrounding ECM to create a pathway for migration and branching in forming
vascular structures [56]. Hence, both the quantity of RGD peptide and the method of
presentation within the engineered synthetic biomaterials determine the first morphogenetic
event in angiogenesis.

16.2.4
Cell-Mediated Degradation Allows Lumen Formation

Scaffold degradation can control both structural integrity and temporal properties, which
include the presentation of chemical and mechanical cues at various stages of angiogenesis.
Ideally, the scaffold degrades over time to allow cellular infiltration, lumen formation, and
ECM synthesis and distribution, all of which occur within 3–5 days in collagen and fibrin
hydrogels. Through a comprehensive understanding of cell-mediated degradation in vascu-
lar morphogenesis, biomaterials properties (i.e., pore size, mechanics, and degradation
profile) can be exploited to enhance tubulogenesis. Once ECs and the supporting prevas-
cular cells are able to bind into the engineered scaffolds, they have to migrate and remodel
their surrounding ECM in order to form, stabilize, and induce regression of the vascular
networks. Matrix metalloproteinase (MMP), a family of zinc-dependent endopeptidases,
digest specific ECM components and activate other type of MMPs and GFs in order to
control angiogenesis [57]. Soluble MMPs are secreted as proenzymes, which can be
activated by multiprotein complexes of membrane type-MMPs (MT-MMPs) and urokinase
plasminogen activator (u-PA) to localize matrix degradation to the close vicinity of the cells
[58]. For instance, circulating VEGF induced the expression of MMP-9 in BM, which
resulted in mobilizing endothelial and mast progenitor cells to the site of vascularization,
further increasing the expression of VEGF [59]. At this initial stage of vascularization,
MMPs mediated the breakdown of basement membrane, exposing quiescent EC to collagen-I
and fibrin-enriched interstitial matrix, which resulted in EC proliferation, invasion, and
migration. We and others have shown that MT1-MMP activates pro-MMP-1, -2, and -9,
which enable EC migration and tube morphogenesis in collagen [60, 61], fibrin [62], and
hyaluronic acid/gelatin hydrogels [63]. In order for the intracellular vacuoles to coalesce
into a lumen, ECs require adhesive ligands for traction [37] and utilize MT1-MMP to create
physical spaces which facilitate the directed migration of cells to align with neighboring
cells [56, 60, 64]. Unlike ECM components, that inherit these proteolytic degradation sites,
most synthetic biomaterials are designed to degrade by ester hydrolysis, a process which is
uncommon in vivo. Therefore, ECs can only invade this synthetic scaffold if the minimal
pore size is larger than the cell diameter (e.g., a soft self-assembling peptide) [65] or if the
scaffold bears an MMP-degradable sequence [66]. The Hubbell research group has pio-
neered this approach by incorporating an MMP-degradable sequence as a cross-linker into
PEG scaffolds to promote vascular healing and therapeutic angiogenesis [67, 68]. When
grafted in vivo, ECs were able to invade, remodel, and vascularized this MMP-sensitive
scaffold [67, 69]. Hence, incorporating MMP-degradable peptides is essential to direct
vascular morphogenesis in 3D synthetic biomaterials.
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16.2.5
GFs and Oxygen Tension

A complex series of soluble GFs are needed to recruit and differentiate vascular progenitor
cells, as well as to orchestrate the process of tube formation and stabilization. The challenge
is to design synthetic biomaterials to deliver these regulatory factors with controllable
pharmacokinetics. During embryogenesis, the earliest blood vessels originate from a
mesoderm lineage and differentiate into hemangioblasts in response to bFGF and VEGF.
Then, VEGFR-2+ cells can further differentiate into either ECs or SMCs in the presence of
VEGF or PDGFB, respectively [13]. VEGF, a key angiogenic factor, stimulates EC
survival, migration, and proliferation [70]. In the early stage of angiogenesis, VEGF and
bFGF have been shown to synergically stimulate EC sprouting and tube assembly [52].
Since VEGF has a half-life of less than 90 min in the circulation [71] and a narrow
therapeutic concentration range, which if exceeded can cause leaky and unstable capillary
walls [72], designing synthetic biomaterials with the right temporal and spatial presentation
of VEGF is crucial for angiogenesis [73]. One strategy is to design a cell-demanded release
of VEGF by chemically immobilizing VEGF with an MMP-degradable sequence within the
scaffold. Two weeks after implantation, grafted scaffolds were found to be highly vascular-
ized, indicating that host vascular cells remodeled the scaffolds and formed vascular net-
works in response to the sustained release of VEGF [67].

In the next step in angiogenesis, tube stabilization is regulated by GFs secreted by
both ECs and prevascular cells. A nascent blood vessel secretes PDGFB to promote the
proliferation, migration, and recruitment of mural cells. Once recruited, mural cells
secrete Ang1 to suppress EC apoptosis, coordinate vascular polarity, and promote vessel
stabilization. TGF-b, Ang2, and placental-like growth factor (PlGF) are also known to
further induce ECM production, growth arrest, vessel stabilization, and maturation.
Hence, the concept guiding the design of materials should be to deliver VEGF in tandem
or sequentially with other GFs [44]. The work of the Mooney research group elegantly
captured this dynamic balance between tube formation and stabilization. Due to the
different affinities for alginate hydrogels, encapsulated VEGF and PDGF showed distinct
release kinetics profiles that can be used therapeutically to form mature blood vessels
supported by SMCs and to restore cardiac function in a rat model of myocardial
infarction [74]. A recent study has improved this strategy by immobilizing the GFs
within the scaffolds [75]. Covalent immobilization can prolong GF bioactivity by protect-
ing against cellular inactivation and receptor/ligand complex internalization, and can
better control local vascularization within the scaffolds. One week after implantation,
mature and stable blood vessels were found in collagen gel with covalently immobilized
VEGF and Ang-1 [75].

Another consideration in designing synthetic biomaterials is the distribution of oxygen
along the scaffolds. Oxygen is much less able to diffuse across a thick scaffold and tissue
than across stirred medium in a bioreactor. Consequently, cells encapsulated inside scaffolds
will have different affinities toward oxygen than those distributed around the perimeter of
the scaffolds. Vascular cells, and in particular ECs, are known to have a molecular mecha-
nism to compensate for lower oxygen consumption. Hypoxia-inducible factor-1a (HIF-1a)
is a transcription factor which is selectively stabilized under physiological oxygen tension
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(20%) and which becomes activated under hypoxic conditions (3–5%) [76]. HIF-1a plays
a critical role in both angiogenesis and vasculogenesis by mediating the hypoxia-induced
production of VEGF and other angiogenic cytokines/GFs – such as stromal-derived factor
1 (SDF1), stem cell factor, placental GF, angiopoietin 1 and 2, and PDGF-BB – which
are involved both in the local activation of ECs and the mobilization and recruitment
of EPCs, MSCs, and other BM-derived angiogenic cells [77–80]. Hence, a precise control
over the oxygen gradient across tissue-engineered constructs could, in turn, enhance
vascularization.

16.2.6
Tube Stabilization by Prevascular Cells

The next step in angiogenesis is tube stabilization, which is tightly controlled by the
interaction between ECs and mural cells, such as pericytes in capillaries and SMCs in
arteries. Once a nascent tube has been established, MMP activity must be inhibited to
avoid prolonged matrix degradation, tube leakage, and vascular regression. The adven-
titia region of blood vessels is enriched not only by the supporting ECM but also by
fibroblasts, which can migrate and differentiate into pericytes through heterotypic
interaction with ECs [81–83]. The D’Amore research group has intensively studied
the interaction between ECs and 10T1/2 mesenchymal precursor cells through PDGF
and TGF-b signaling, that mediates pericyte and SMC differentiation [82]. In addition
to secreting Ang-1 to act on the Tie-2 receptor on ECs, these pericytes also secrete
tissue inhibitor matrix complex-3 (TIMP-3) to inhibit MT-MMPs, MMPs, and VEGF-
R2, which will stop EC invasion and morphogenesis [42, 60, 84, 85]. These
EC-pericyte interactions further induce ECs to secrete TIMP-2 – which inhibits MT-
MMPs, MMPs, and disintegrin – and metalloproteinases (ADAMs) to stabilize tube
assembly. To capture this delicate balance, synthetic biomaterials ought to integrate
both MMP-degradable sequences, to allow vascular morphogenesis, and nonproteolytic
degradable sequences, to support vascular stabilization and structural integrity prior to
in vivo implantation.

Moreover, coculture of ECs and prevascular cell precursors is also required to form a
stable blood vessel within the engineered scaffolds. A coculture of human umbilical vein
ECs (HUVECs) and 10T1/2 mesenchymal precursor cells in a fibronectin-collagen gel
scaffold has been shown to form a long-lasting blood vessel in vivo [24, 86, 87]. A similar
approach has been used to coculture HUVECs and embryonic fibroblasts into porous
PLGA/PLLA scaffolds coated with Matrigel to induce vascularization in skeletal muscles
[3] and in cardiac constructs [4, 5]. These perivascular cell precursors are suggested to play
a vital role in forming stable blood vessels in three ways: (1) secreting ECM to direct
vascular morphogenesis, (2) supporting vessel walls by differentiation into SMCs, and (3)
expressing angiogenic factors to support EC survival. Collectively, these studies suggest
that such perivascular cell precursors as 10T1/2 mesenchymal precursor cells and embry-
onic fibroblasts are active partners of ECs in forming stable and functional vessels within
the engineered tissue construct.
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16.2.7
Biomechanical Control Over Vascular Morphogenesis

It has become increasingly evident that the biomechanical properties of ECM, such as
matrix orientation and mechanics, play a profoundly influential role in controlling vascular
morphogenesis. Due to its versatility and mechanical properties (i.e., cross-linking density,
pore sizes, and topography), ECM has powerful features that can be exploited to further
direct vascularization.

16.2.7.1
Matrix Orientation

Native ECM provides an instructive template for ECs and perivascular cells to orient,
interact, and organize into tubular structures. Perivascular cells, such as fibroblasts, are
primarily responsible for laying down ECM components in early embryogenesis and
continue to do so throughout adulthood. Various studies using fibroblast-derived matrix
have revealed the 3D complexity of these ECM networks [88–90]. A recent study by Soucy
and Romer showed that a fibroblast-derived matrix alone is sufficient to induce HUVECs to
undergo vascular morphogenesis independent of any angiogenic factors. Further colocali-
zation analyses suggested that fibronectin with a distinct structure and organization was
uniquely distributed among other secreted matrix components, such as collagen, tenascin-C,
versican, and decorin. Cell matrix adhesions andMT1-MMP activity were reported to orient
and localize within this fibrous fibronectin, which is indicative of integrin-mediated vascular
morphogenesis [91]. The unique orientation, organization, and nanotopography of fibrous
fibronectin represent features that can be integrated into synthetic scaffolds. Synthetic
polymers, like PLGA and PCL, can be electrospun to produce various fiber sizes with
micro- to nanoscale features that resemble fibrous fibronectin. We have previously shown
that surface nanotopography enhanced the formation of CLSs in vitro [92]. When grown on
600 nm width grooves, EPCs showed reduced proliferation and enhanced migration, but no
changes in expression of ECmarkers. Moreover, after 6 days of culture, EPCs organized into
superstructures along the nano goorves, in significant contrast to EPCs grown on planar
surfaces (Fig. 16.3). The addition of Matrigel further induced the formation of CLSs with
enhanced alignment, organization, and tube length compared to a flat surface. This under-
scores the increasingly important role of nanotopography in guiding and orienting vascular
assembly. When integrated into the tissue-engineered construct – for instance, using
filamentous scaffold geometry [93] and micropatterning [94] – the orientation and structure
of the engineered vasculature can be controlled.

16.2.7.2
Matrix Mechanics

Changes in ECM mechanics can lead to focal changes in GF availability [54, 75], drive
capillary morphogenesis [95], and stimulate angiogenesis in vivo [96]. By altering matrix

470 D. Hanjaya-Putra et al.

16



adhesivity and mechanics, Ingber and Folkman illustrated how FGF-stimulated ECs can
be switched between growth and differentiation during angiogenesis. Recently, bio-
mechanical cues from the ECM and signals from GF receptors have been implicated as
regulating the balance of activity between TFII-I and GATA2 transcription factors,
which govern the expression of VEGFR2 to instigate angiogenesis [97]. Matrix stiff-
ness not only regulates cell response to soluble GFs, but also cell morphogenesis during
angiogenic sprouting. The tip of a new capillary sprout has been found to become
thinner, primarily due to MMP activity, to locally degrade the basement membrane
proteins. This region, with a high rate of ECM turnover and a thin basement membrane,
becomes more compliant and stretches more than the neighboring tissue. Consequently,
the decrease in matrix stiffness changes the balance of forces across cell integrin
receptors, increases cell tension, and results in cytoskeletal arrangement to form
branching patterns that are characteristic of all growing vascular networks [95]. We
and others have shown that a decrease of matrix stiffness in collagen gels [98, 99],
fibrin gels [100, 101], self-assembling peptides [65], and HA hydrogels [63] resulted in
an increase of capillary branching, elongated tubes, and enlarged lumen structures. On a
relatively compliant matrix, EPCs do not have to produce as many MMPs in order to
degrade, exert mechanical tension, and contract the matrix for vascular morphogenesis
to occur. On the other hand, on a stiffer matrix, EPCs have to produce more MMPs to
overcome the extra mechanical barriers; even then, this local decrease in substrate
stiffness cannot support vascular morphogenesis (Fig. 16.4) [63]. This model also
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graphy began to form supercellular band structures aligned in the direction of the features (as
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explains the rapid appearance of large functional vessels in granulation tissue as a
response to the wound healing mechanism [96]. Soon after the engineered vascularized
tissue construct has been implanted in vivo, the process of wound healing begins with
an initial inflammation reaction, the deposition of fibrin matrix, and an immediate
reaction from the host’s immune system [102]. Together with neutrophils and macro-
phages, activated fibroblasts appear in the wound within 2–3 days after surgery. These
activated fibroblasts differentiate into myofibroblasts that express a-smooth muscle
actin (a-SMA), which is responsible for secreting ECM components and contracting
the surrounding tissue. Recently, fibroblast invasion has been shown to result in a
compliant, contracted matrix, which is responsible for the large vascularization found
at the site of implantation [96]. In light of this, the cross-linking density of a synthetic
biomaterial, which in turn controls matrix stiffness, can be easily manipulated to vary
GF availability and to direct vascularization. Collectively, these findings highlight the
relevance of engineering a synthetic scaffold with mechanical elasticity suiting the
specific needs of tissue vascularization.

16.3
Review of Previous Work

16.3.1
Hydrogels to Control Vascular Differentiation

16.3.1.1
Alginate

Alginate is a polyanionic copolymer derived from sea algae and has 1,4-linked b-D-
mannuronic (M) and a-L-guluronic (G) residues [103]. The M and G residues vary in
proportion and distribution along a polymer chain [103]. The polymer is biocompatible
and forms hydrogels when exposed to such multivalent cations as calcium and barium
ions. Hydrogels are formed when the multivalent ions and the carboxylic acid group on
the alginate backbone form ionic bonds [103]. When used for cell immobilization and
microencapsulation, alginate hydrogels typically have small pores in the nanometer range
in order to prevent cell movement out of the hydrogel [103]. Calcium-binding alginate
polymers have been used in the encapsulation and transplantation of pancreatic cells with
the retention of normal function and with greater viability than nonencapsulated trans-
plants in vivo in animal models [104, 105]. Human embryonic SCs have also been
encapsulated; however, differentiation is nonspecific after transplantation in mice [106].
As a consequence of their biocompatibility and their ability to entrap cells, alginate
scaffolds are readily used for vascularization. For successful vascularization, alginate
scaffold pores should be interconnected and large enough to incorporate the ingrowth
of blood vessels after implantation (i.e., on the order of several hundred micrometers in
size) [1]. In alginate scaffolds with 90% porosity and pore sizes ranging from 50 to
200 mm, we observed hESCs aggregation and formation of embryoid bodies after 48 h
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[107]. Alginate did not hinder differentiation, because embryoid bodies derived from the
scaffolds differentiated into all three germ layers [107]. Evidence of vasculogenesis
within scaffolds has also been reported, with the observation of the formation of voids
and tubelike structures and with the majority of cells positive for the CD34 marker [107].

Experimentally, delivery of the bFGF encapsulated in 3D scaffolds accelerated vascu-
larization after the implantation of the scaffolds in the mesenteric membrane of the rat
peritoneum [108]. Lambert et al. observed that alginate scaffolds containing encapsulated
bFGF had nearly four times more capillary ingrowth after implantation compared to
alginate scaffolds not containing bFGF [108].

16.3.1.2
Hyaluronic Acid/Hyaluronan

HA, or hyaluronan, makes up a major part of the ECM in connective tissues, and the
human body is estimated to contain 20 g of HA [109]. HA is ubiquitously distributed and
facilitates cells adhesion, proliferation, motility, and morphogenesis [38, 110–112]. HA is
a glycosaminoglycan composed of a nonsulfated polysaccharide of (1-b-4) D-glucuronic
acid and (1-b-3) N-acetyl-D-glucosamine [109]. The carboxylic and hydroxyl groups
make the HA molecule easy to modify. HA chains are semiflexible in solution and,
consequently, HA is a useful space-filling molecule with the ability to deform [109]. Cells
can be encapsulated in HA-based scaffolds using photopolymerization, i.e., the use of
light to initiate the formation of cross-linked HA hydrogel networks [113]. Advantages of
HA scaffolds include biocompatibility and noninvasive implantation of prepolymer con-
structs by exposure to low intensity visible or ultraviolet light [113]. We previously
reported that HA matrices support self-renewal of hESCs and direct their vascular
differentiation [114].

16.3.1.3
Dextran

Dextran is a polysaccharide derived from bacteria and degraded by dextranase. Dextran
coatings limit cell adhesion and spreading [115]. Dextran-based hydrogels are biocompati-
ble and are comparable to the synthetic polymer PEG [115]. Dextran hydrogels can be
generated by physical or chemical cross-linking by covalent attachment of polymerizable
groups. Hydrogels developed from methyacrylated dextran and PEG produce macropores
in the gels ranging from 10 to 120 mm, which is preferable for cell migration [116].
Acrylated dextran hydrogels that can encapsulate cells have also been developed [117].
Ferreira et al. conducted a vascularization study in which hESCs were encapsulated
in a dextran-based hydrogel using microencapsulated VEGF165 and a tethered RGD
peptide [118].
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16.3.2
Biomaterials for GFs and Gene Delivery

It is well established that the stimulation of new vessel formation in vivo can be
achieved by delivering angiogenic factors, either as GF proteins or via gene transfer,
directly to the targeted site. This strategy, also known as therapeutic angiogenesis, can
be integrated into engineered tissue constructs to stimulate different stages of blood
vessel formation and to enhance their vascularization after implantation. At the first
stage, VEGF and bFGF can induce the mobilization, recruitment, and activation of
EPCs to undergo vascular morphogenesis [56, 59, 63, 82, 119]. The delivery dosages
of these GFs must be tightly controlled to enhance angiogenesis without creating
vascular leakage, hypotension, and hemorrhage [120]. Therefore, a more promising
approach delivers a cocktail of angiogenic molecules – such as VEGF, PlGF, Ang-1,
PDGF, and TGF-b – involved in vessel formation and stabilization [120]. The methods
of delivering VEGF, whether dual versus sequential release or soluble versus immo-
bilized with other combinations of GFs, could strongly affect the degree of vasculari-
zation [73–75]. Sequential delivery of VEGF and PDGF in alginate hydrogels induced
mature vascular networks in a hindlimb ischemia model [34]. Covalently immobilized
VEGF and Ang-1 in collagen gel increased vascular ingrowth into the scaffolds [75].
Coupling GFs with MMP-degradable peptides could turn a synthetic polymer into
bioactive scaffolds to promote vascularization [67, 68]. In addition to the delivery of
GFs to directly stimulate angiogenesis, various strategies have focused on delivering
small transcription factors, such as HIF-1a [121], sonic hedgehog homolog (SHH)
[122], or bone morphogenetic protein (BMP)-2, -4, or -6 [123], all of which induce
surrounding cells to secrete angiogenic GFs. Particularly, gene delivery has been
explored to generate populations of cells that constitutively express either VEGF or
a stabilized form of HIF-1a. Since it lacks the oxygen-sensitive degradation domain
present in the native form, the stabilized form of HIF-1a is able to translocate to the
nucleus to initiate a hypoxic response involving upregulation of angiogenic GFs under
normoxic conditions. When packed within fibrin hydrogels and applied to a dermal
wound model, the stabilized form of HIF-1a was able to enhance angiogenesis and
produce a mature vessel in vivo [124]. Nonviral delivery of GFs and angiogenic-
inducing genes represents a powerful approach in inducing vascularization in tissue-
engineered constructs.

16.3.3
Biomaterials for Inducing Prevascularization

Although therapeutic vascularization using GFs and gene delivery have proven effective,
they have a few associated problems [120]. First, this strategy relies heavily on vessel
ingrowth from the host, which quite often is neither rapid nor sufficient to support the
engineered tissue constructs. Second, finding the minimum number of molecules neces-
sary and delivering them with the right release pharmacokinetics remains a challenging
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problem. Third, the delivered factors, such as HIF-1a, SHH, and BMP, might harm the
engineered tissue construct. Consequently, an alternative strategy which can be used both
in vivo and in vitro is required to induce prevascularization of the engineered tissue
constructs.

16.3.3.1
In Vivo Prevascularization

This strategy seeks to utilize the body as a bioreactor for the engineering of a vascularized tissue
construct. In order to induce in vivo prevascularization, the engineered tissue construct must be
implanted into a region that is enriched in blood vessels, such as the omentum. Attached to the
greater curvature of the stomach, the omentum comprises adipose tissue interspersed compact
tissue containing lymphocytes, macrophages, and hematopoietic cells. Vascularization of
tissue constructs implanted in the omentum occurs as a result of the presence of high
concentrations of VEGF and bFGF within this region. When compared to other organs, the
omentum has been reported to have a ten- to hundredfold higher concentration of VEGF,which
is responsible for the recruitment of endothelial progenitor cells during angiogenesis [125].
Kim et al. used the omentum to culture canine cells in vivo [126]. After 1 week, the canine cells
seeded on porous PLGA proliferated in the canine omentum: the cell-polymer constructs
maintained their original dimensions, and the formation of multicell layered structures contain-
ing abundant blood vessels was observed [126]. This strategy could even be extended to induce
vascularization of a complex construct, such as cardiac graft. Recently, Dvir et al. used a porous
alginate scaffold seeded with neonatal cardiomyocytes (CMs) in a mixture of Matrigel with
prosurvival and angiogenic factors, such as IGF-1, VEGF, and SDF-1. Once tissue organiza-
tion was achieved, the engineered cardiac graft was transplanted into the omentum, a blood-
vessel enriched membrane, for further maturation and vascularization. A sustained release of
angiogenic factors was able to attract ECs and perivascular cells, resulting in a highly
vascularized engineered cardiac graft. When explanted and then transplanted onto an infarcted
heart, the graft was able to integrate into the host myocardium. However, this strategy requires
the implantation to the omentum region, an invasive procedure which is not practical for
clinical application. Alternatively, in vivo prevascularization can be induced using arteriove-
nous (AV) loops to connect the host blood vessel with the tissue-engineered construct. Avein or
synthetic graft is used to form a shunt loop between an artery and vein and is enclosed within
the scaffolds to be vascularized [127–129]. When integrated into fibrin hydrogel [127],
collagen-GAG hydrogel [130], and Matrigel [131], this AV loop culture chamber was able to
induce perfused vascular networks within 7–10 days. Utilizing this AV loop approach with
neonatal CMs seeded intoMatrigel,Morritt et al. were able to obtain a highly vascularized graft
2 mm in thickness [131]. Similarly, this approach has been applied successfully to induce
vascularization in cardiac [131], bone [132], and skeletal tissue [133]. Although this approach
can yield perfused and functional vascular networks, it requires two separate surgeries: first to
implant the construct at the vascularization site and second to implant the vascularized
construct into the final defect site. In addition, many cells may die during the first implantation,
due to a limited supply of oxygen and nutrients coupled with the slow process of in vivo
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vascularization. Hence, this approach can be improved by inducing in vitro vascularization
prior to implantation [2].

16.3.3.2
In Vitro Prevascularization

Introducing vascularization in vitro prior to implantation of the engineered tissue constructs
has gained interest recently due to its versatility and its utility for integration into various
tissue-engineered constructs. The basic principle of this strategy is to provide the right
culture conditions and microenvironment in vitro to induce ECs to form stable and
functional vascular networks. A combination of coculture cells, GF cocktails, and biomi-
metic biomaterials is required to orchestrate this intricate process of vascular morphogene-
sis (as reviewed in the Sect. 16.2). Due to its angiogenic features, ECM components – like
fibronectin, collagen, and Matrigel – have been widely used as the materials of choice to
induce in vitro vascularization. As a proof of concept, in vitro prevascularization was first
reported using a triculture of human keratinocytes, human dermal fibroblasts, and HUVECs
in a collagen hydrogel scaffold to reconstruct prevascularized skin [134]. The ability of
fibroblasts to secrete a large amount of human ECM in the 3D scaffolds and the ability of
keratinocytes to secrete VEGF are responsible for the spontaneous formation of capillary
networks [135]. Upon implantation, these engineered networks can then anastomose to the
ingrowing host vasculature and supply the constructs with nutrients and oxygen. Since the
host vasculature does not need to grow into the entire construct, this approach could speed
up the vascularization process from weeks to days. The prevascular network in a skin
construct could anastomose to the host vasculature within 4 days, compared to 14 days for a
nonprevascularized construct [135]. Moreover, with the proper perfusion method, this
strategy could enhance the survival and functionality of the tissue-engineered constructs.
Levenberg et al. utilized a triculture of myoblasts, HUVECs, and mouse embryonic
fibroblasts (MEFs) to engineer a vascularized skeletal muscle. A porous scaffold of
PLGA/PLLAwas used to provide structural integrity to the constructs, while the tricultured
cells were mixed with Matrigel, which facilitated cell adhesion and vascular morphogene-
sis. Prevascularization was shown to increase blood perfusion and survival of the engi-
neered constructs [3]. A similar approach has been used to prevascularize more complex
tissue constructs, like cardiac grafts. Once implanted, the engineered cardiac graft must not
only be fully anastomosed and perfused, but must also synchronize with the electrical
syncytium of the existing myocardium. Lesman et al. have reported that prevascularized
cardiac constructs were able to induce CM maturation into elongated and multinucleated
myotubes which contained gap junctions and organized anisotropically [5, 6]. These
findings were supported by other studies that linked vascularization and tissue differentia-
tion [120], which is crucial in engineering a complex and highly vascularized organ.

Another crucial aspect of engineering a prevascularized construct in vitro is the source of
ECs and prevascular cells. Human pluripotent SCs can be differentiated into vascular
progenitor cells using hydrogels (as discussed in Sect. 16.3.1). Similarly, a more clinically
relevant cell source, marrow-derived stem cells, like EPCs, can form functional blood
vessels (as reviewed in Sect. 16.1.2) and can be stabilized by pericytes derived from
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MSCs. Coculture of EPCs and MSCs in a Matrigel plug was able to induce robust and
functional networks [136]. After 4 weeks of implantation, a coculture with 20% EPCs and
80% MSCs was shown to exhibit superior vessel density with patent vascular networks. In
response to PDGF, MSCs migrated into ECs and differentiated into SMCs by expressing
myocardin and SM22a [87]. These findings add to the growing body of evidence showing
the role of mesenchymal prevascular cells in supporting stable and long-lasting functional
vasculatures [86, 87].

16.3.4
Microfabrication of Vascular Networks

Recent technology in microfabrication and biodegradable microfluidics allow the design of
complex vascular networks. Vacanti and Borenstein pioneered the concept of engineering a
vasculature using a microelectromechanical system (MEMS). To mimic the natural vascu-
lature, as well as oxygen and nutrient delivery, these capillary networks can be perfused and
endothelialized. Traditionally, etching and lithographic techniques are used to produce a
desired polydimethylsiloxane cast with micron-sized precision. To fit various tissue needs,
3D scaffolds with complex vascular microchannels can be produced by subsequently
stacking single-layer microfluidic networks, with consideration for oxygen limitations
[137, 138]. Biodegradable and biocompatible elastomers, such as poly(glycerol sebacate)
(PGS) [137], and natural protein biopolymers, such as silk fibroin [139, 140], have been
explored to form 3D scaffolds with complex vascular microchannels. More recent technol-
ogies involve direct-write assembly [141], laser-guided direct writing [142], and soft
lithography [143], which can be applied to various hydrogels, including alginate, collagen,
and fibrin. A soft lithography technique was used to fabricate microfluidic channel networks
within cell-encapsulated calcium alginate hydrogel [144]. Two independent networks were
incorporated into the hydrogel, maintaining steady-state gradients throughout the hydrogels
for both reactive and nonreactive solutes. As a result, the diffusion of molecules, cell
viability, and metabolic activity could be quantitatively measured. A similar approach has
been used to micropattern collagen and gelatin gels to produce micron-sized cavities, which
could be seeded with ECs within a fibroblast-seeded hydrogel to form a rudimentary
vascularized tissue [145]. Collectively, these approaches allow the fabrication of complex
vascular networks with precise control over oxygen and nutrient transport – essential to the
design and engineering of a vascularized tissue construct.

16.4
Future Directions

Creating functional vasculatures remains one of the most fundamental challenges to
be addressed before large tissue-engineered constructs can be used in clinical applications
[1, 63, 120]. Recent developments in biomaterials that have allowed multiple strategies for
improving vascularization include using biomaterials for the differentiation of vascular
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cells, GF delivery, and in vivo and in vitro prevascularization, as well as microfabrication of
complex vascular networks. While each strategy has unique advantages, at present it is
unclear which method will work best to improve in vivo vascularization. For clinical
application, delivering angiogenic factors is the simplest method that has proven effective
at restoring blood flow in ischemic and other disease models [71, 74]. However, this
strategy relies mainly on vessel ingrowth from the host vasculature – a time-consuming
process which may not be suitable when rapid vascularization is needed to support and
integrate the tissue-engineered constructs.

Various studies have shown that both in vivo and in vitro prevascularization within
tissue-engineered constructs can improve the survival, integration, and functionality of the
newly implanted constructs [3–6]. While in vivo prevascularization resulted in mature,
organized, and perfused vasculatures, this strategy required multiple surgeries, which are
deemed impractical for future clinical use. On the other hand, in vitro prevascularization has
not been able to fully duplicate the in vivo process that used the body as bioreactor. Despite
efficient in vitro induction of vasculatures, vessel perfusion and functionality remain major
problems for in vivo integration. Moreover, to facilitate cell adhesion and promote vessel
morphogenesis, most studies utilized ECM components (e.g., collagen, fibrin, and Matri-
gel), which are irrelevant for clinical use. Therefore, the current challenge is to design a
synthetic biomaterial which can capture the biological complexity of native tissue: to
differentiate vascular progenitor cells into functional vascular cells and to induce their
morphogenesis into vascular networks and their integration into the host vasculature. Since
each stage of vascular cell differentiation and morphogenesis has unique molecular reg-
ulators, these synthetic biomaterials ought to have precise temporal and spatial controls to
mimic the native tissue [37]. At first, biomaterials should be able to maintain the self-
renewal and undifferentiated state of SCs; then, only when needed, the scaffold trigger cells
to differentiate into vascular cells. Much progress in biomaterials design has been made in
controlling vascular cell differentiation, both through physical constraints (i.e., porosity)
[107] and GF delivery (i.e., soluble and immobilized) [114, 118]. Next, the scaffold ought to
induce vascular morphogenesis by controlling RGD ligand density, cell-demanded degra-
dation, and GF profiles. Recent innovations in biomaterials design have created scaffolds
sensitive to light [114], pH [146], temperature [147], and cytokines [148], which can be
integrated to control vascular morphogenesis. Of particular interest, light-sensitive hydro-
gels can be used to create scaffolds with distinct cross-linking density to promote and inhibit
the spreading and migration of cells [149]; these scaffolds, in turn, can be used to pattern
complex vascular networks. Since vascular morphogenesis is sensitive to tissue stiffness
[63], orientation [92], and polarity [150, 151], creating elasticity, GFs, and an oxygen
gradient along the 3D scaffold could also induce vascular assembly into a tube [152].
The recent invention of photodegradable hydrogels, whose mechanical and chemical
properties are controllable during the timescale of cellular development [153], could in
turn be useful to promote various stages of vascular assembly. Combined with other
strategies (e.g., angiogenic delivery and microfabrication of GFs), GF presentation and
oxygen tension within a novel biomaterials design could be quantitatively modeled to
control prevascularization of the tissue-engineered constructs.

Once implanted, the prevascularized tissue must be perfused with blood and connected
to the host vasculature. At this stage, biomaterials should be able to attract an immune
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response and stimulate the ingrowth of the host vasculature. Blood perfusion into the
scaffolds could happen by the spontaneous ingrowth of the host vasculature or with the
help of microsurgery, using the AV loop approach. The functionality of the newly formed
vessels must be tested not only through histology analysis but, more importantly, through
vessel perfusion and their ability to restore blood flow in disease models [1, 120]. Despite
the great progress made in the field, engineering functional vascularized tissue constructs
remains a challenge for biomaterials design. An integrated approach that incorporates the
strength of each strategy could provide a real solution in the near future.
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Abstract Biomaterials have played a role in the nervous system as drug delivery
vehicles and scaffolds. The nervous system, both the peripheral and central, are capable
of repair and regeneration when the appropriate environment is presented and this
suggests that biomaterials could fundamentally change treatment following injury and
disease by building a permissive environment for repair. Yet, when engineers have used
materials particularly as scaffolds, one of the most striking findings is how similar many
of their results have been across types of materials and approaches. Clearly, there is much
still to learn. Part of that learning process comes from looking at what has succeeded
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in the clinic and using that to design the next generation of translatable approaches to
treatment.

Keywords Drug delivery l Nerve grafts l Stem cells l Translation

17.1
Introduction

As scientists who spend our time making and testing polymers, it seems obvious that we
should look at the role polymers play in nerve repair and regeneration. Long defects do not
regenerate effectively in the peripheral nervous system (PNS), and there is even less repair
and remodeling in the central nervous system (CNS). In both cases, though, there is
evidence that building a new environment can promote repair. Our materials have the
power to build new environments. We have the right tools, and a challenge that needs a
solution. So, we build new environments, and we promote repair. It seems like a clear path
forward, and celebration seems imminent.

If there is such a simple formula, we have not found it yet. But, there are things to
celebrate and learn from in the field, and there are paths that are hopeful. There are also a lot
of caveats along the way, and we need to be cognizant of them as well. We also need to
remember our goal: to promote recovery and improvement in people. The technologies we
develop need to be amenable to the surgeons and their current techniques and approaches,
and they need to be safe and effective enough that patients will want to use them. Taking
new approaches in the field from the idea to the patient is an incredibly collaborative and
tough enterprise, but it is the one that matters. Success at the bench is not enough.

I asked one of my colleagues, a neurosurgeon, what drives him to do research? I think I
expected him to say something about his passion for science or the like. He told me that he
was tired of walking into the ER and having to tell patients he had nothing to help them. He
needed new tools.

The purpose of the field of neural tissue engineering is to assist in developing those
tools. Both in the clinic and at the bench, materials are a critical part of our toolkit and allow
us to modify the environment through scaffolding to guide repair, supports to augment or
direct cellular function, and as drug delivery vehicles.

17.2
The Tissues in Question and How They are Damaged

Neurons are the cells that carry the electrical signals throughout the nervous system. Each
has a nucleus called a cell body or soma, and extends axons, or neurites which form
synapses with other neurons. The nervous system can be broken down into the central
nervous system (CNS) and the peripheral nervous system (PNS). The CNS includes the
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brain, spinal cord, optic nerve, retina, and the olfactory bulb. The PNS includes the
remaining portions of the nervous system. The cell bodies of the neurons are all within
the CNS. The axons of the neurons exist both within the CNS as well as in the PNS. The
neural components of the PNS involve the axons and synapses.

Glia are all the non-neural cells of the neural system, and include oligodendrocytes,
astrocytes, and microglia in the CNS. Oligodendrocytes produce the myelin sheaths which
insulate the axons of the neurons. Their equivalent within the PNS are the Schwann cells.
Schwann cells differ from oligodendrocytes in that they surround and myelinate individual
axons, whereas oligodendrocytes extend processes to myelinate several axons. Since there
are fewer cells responsible for myelination in the CNS, more efficient packing of axons is
possible [1]. Astrocytes are involved in potassium ion and neurotransmitter concentration
regulation, as well as in nutritional support for the neurons. They play a pivotal role in
forming the blood–brain barrier. The microglia are phagocytic cells that respond to infection
and injury in the CNS.

The PNS can be damaged through trauma leading to the crushing or severance of axons.
There is significant regeneration in the PNS of the axons if the damage is not too extensive
[2]. The rule of thumb in the field is that axons can regenerate up to 1 cm [3]. Beyond this,
regeneration and recovery is typically very limited and requires intervention. The axons of
the PNS can also be damaged through drug regimes including chemotherapy and diseases
including diabetes which can lead to peripheral neuropathy [4]. In cases such as this, it
would be attractive to have interventions that not only promote repair but also halt the
degeneration.

While axons within the PNS exhibit regeneration when the damage is limited, there is
little endogenous axonal regeneration or repair in the region of the CNS [5]. Damage to the
CNS can occur as the result of trauma including spinal cord injury (SCI) and traumatic brain
injury (TBI), as well as strokes and a myriad of diseases including Huntington’s, Amyo-
trophic lateral sclerosis (ALS), Parkinson’s and Alzheimer’s disease (Fig. 17.1).

Neuroprotection and neural repair are approaches that have the potential to ameliorate
aspects of these conditions, and neural tissue engineering may help to provide tools for
these approaches.

17.3
Technologies in Clinical Use and in Clinical Trials

17.3.1
Nerve Grafts: Autografts and Allografts

When a nerve is severed or crushed, the first approach is to trim the damaged components
and suture the nerve end to end. However, when the damage is significant, this may not be
possible. In cases where nerve repair is pursued at later time points after an injury, there is
often retraction of the nerve ends and the tension applied can exacerbate the damage and
lead to poor outcomes [6]. The first approach, then, is to remove a nerve segment from
another region and perform an autograft. However, there are limited numbers of nerves than
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can be harvested, and in many cases, autografts are not possible [7]. The next option is using
allografts, nerve grafts from donors, typically cadavers [6].

Both autografts and allografts contain Schwann cells which are capable of endocytosing
debris and remyelinating the regenerating axons. When either graft is used, the graft itself
experiences Wallerian degeneration leading to the loss of the axonal segments in the grafts,
and Schwann cells promote the formation of tubes called bands of Bunger which support
regenerating axons [7]. The major difference with an allograft is the immunological
mismatch between the graft and host [6]. For allografts to be successful, immunosuppres-
sion of the host is required [6]. Without immunosuppression, the graft Schwann cells die
limiting the efficacy of the grafts [8]. Even with immunosuppression, there is turnover from
donor to host Schwann cells in the graft, but properly timed dosing leads to temporary
residence of donor Schwann cells and more regenerating fibers. The need for temporary
immunosuppression is one of the major concerns with allografts.

initial mechanical damage
(by a bone fragment)

expansion of the injury
over time due to secondary

mechanisms (hemorrhaging, ishemia, hypoxia
lipid peroxidation etc.)

Potential Interventions to Halt 
Injury/Degeneration:

Delivery vehicles containing drugs 
for neuroprotection

Micro- and nanospheres
liposomes

Materials to limit scar formation
self assembling materials

photopolymerizable hydrogels

Chronic Phase of Injury
Axonal damage/severage

Cell Loss
Cyst formation

Scar tissue formation

Promoting repair:

Replacing lost cells

Providing scaffolds for cell mirgation/axonal regrowth

Drugs and cells to promote regrowth/remyelination

Reduction of scarring via scaffolds/enzymatic delivery

Examples of Materials 
in these approaches

Microspheres: 
degradable polyesters

hydrogels

oriented scaffolds
for axonal guidance

Fig. 17.1 Schematic outlining the phases of spinal cord injury, some of the points of intervention, and
some of the interventions that have been pursued. The initial mechanical injury is followed by an
injury cascade that leads to further degeneration. In the acute phase post injury, interventions have
focused on limiting injury. These interventions, in particular, must be minimally invasive, and
ideally, would be delivered systemically and immediately following injury before substantial
degeneration has occurred. Targeted interventions (such as nanoparticles or liposomes) may be
attractive carriers of neuroprotective drugs in this phase. Materials such as self assembling ones
have been shown to reduce injury and lead to better outcomes [124] and may also have a role. In the
chronic phase, approaches to treatment often focus on repairing the tissue that is present, for
example by promoting remyelination of spared axons, or trying to build new tissue. Spinal cord
injury often leads to a cystic cavity at the center of the injury, and materials have long been thought
to be suitable for scaffolds across the cyst. Successful therapy will most likely require multiple
interventions such as providing a scaffold and digesting scar tissue
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Nerve grafts have been used clinically primarily in the PNS. However, nerve grafts
have been used following CNS injury to bridge from above the CNS injury to specific
peripheral targets such as the bladder to try and improve specific functions [9]. There have
also been reports regarding the use of nerve bridges to bridge the lesion following SCI
[10, 11]. The number of patients is extremely small in these reports (a single case in each
publication) and the goal in each was to demonstrate surgical feasibility and safety. There
have been more patients studied, but with limited presentation in scientific settings. In
1996, a group published an approach using nerve grafts to bridge the lesion in a full
transection rodent model of SCI [12]. The lead author, H. Cheng, followed up the paper
with a poster about the clinical results of the procedure in ten patients [13], but the results
have not been published. The poster suggested that there may be been modest improve-
ments, but the pre- and post-treatment assessments were not always the same for each
individual making it impossible to know whether there were benefits to the approach.

17.3.2
Decellularized Nerve grafts

While nerve grafts are clinically extremely useful, the limited autografts and immunosup-
pression associated with allografts have driven clinical development of alternative, comple-
mentary therapies. This is where biomaterials begin to find a footing, although the first ones
are biologically derived biomaterials. Allografts are essentially a scaffold. The Schwann
cells in them die, and host cells replace them. Can one build a scaffold that is everything in
the allograft besides the cells? The caveat to this is that the death of the donor cells may play
an important role in stimulating repair, but if one can obtain some of the benefits of
allografts without using immunosuppression, one may have an important approach for
patients where immunosuppression is ill advised. The approach is to take the allografts and
remove all of the cellular components through a decellularization process.

Decellularized grafts involve treatment with either detergents, repeated freeze-thaw
cycles, or a combination of the two approaches to remove the cellular components while
maintaining the extracellular matrix (ECM) [14]. This is not a simple thing. One has to
balance removing cells with preserving the ECM. Harsh detergents will remove the cells
effectively and alter the ECM making it less well suited to supporting axonal extension.
Gentle methods may not remove all of the cells. Once the approach is optimized, the ECM
scaffolding can support the ingrowth of cells and axons, and it has been shown to be an
effective scaffold for axonal regeneration in the PNS [15].

The Avance nerve grafts by AxoGen Inc. are based on decellularized nerve grafts and are
sold in lengths up to 50mm for the repair of nerve discontinuities. They have approval by the
FDA as a Human Cellular and Tissue-based product. The attraction of this approach is that it
avoids the immune response to the Schwann cells, and the theory is that since the decel-
lularizing process maintains the ECM, the host Schwann cells can migrate into the graft
efficiently and build a permissive environment for regeneration [16]. They are less effective
than autografts especially over long gaps, but they provide an alternative treatment.
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17.3.3
Tubes and Conduits

The decellularized nerve grafts still involve the potential risks associated with human tissue
products. The next step are more purely materials-based systems. The clinical alternatives
available include porous collagen tubes, the Integra NeuraGen system [3, 17], and silicone
tubes [18–20]. The porous collagen tubes have been used in the clinical setting and results
are comparable to silicone tubes [21, 22]. Both can promote limited repair. The thought with
the silicone tubes is that they contain and concentrate the growth factors produced after the
injury which may augment repair while impeding the ingrowth of scar tissue. Likewise, the
collagen tubes are thought to impede scar tissue while facilitating transport.

Essentially, in each step, we move further away from the biological system and closer to
a synthetic system with the advantages and disadvantages associated with each. In general,
the biological approach gives the best results, but the synthetic systems avoid immunosup-
pression, are readily available, and lead to functional improvements for patients.

17.3.4
Cellular Therapies

There are a number of clinical trials throughout the world looking at using cells to promote
repair or recovery in the CNS. Olfactory ensheathing cells (OECs) have drawn a great deal
of interest and ire. OECs are glial or supporting cells within the olfactory bulb. They are
intimately associated with the olfactory neurons which are one of the few neural cell types
that are constantly replenished and replaced through a patient’s lifetime. OECs are thought
to play an important role in directing the integration, differentiation and synaptogenesis of
the new neurons of the olfactory bulb [23]. They also promote the regeneration of axons
from the PNS into the CNS which makes them extremely intriguing for the regeneration
community since regeneration is very limited in the CNS [5]. OECs lie at the interface
between the PNS and CNS. There are a set in the olfactory epithelium of the PNS and a set
in the olfactory nerve layer of the CNS [23] and these may have distinct functions [24].
OECs can be isolated from patients olfactory bulbs but there are a host of questions that
arise as to which OECs are isolated, whether they can be expanded, and if so, which ones
expand preferentially, and what are the most promising phenotypes [25].

Nonetheless, there are a number of human trials involving the administration of
different flavors of OECs. One of the largest and most controversial is the trial in China
by Dr. Huang. The trial has involved more than 400 patients with SCI and 100 with
amyotrophic lateral sclerosis (ALS) who received OECs. Dr. Huang and his colleagues
published a paper in 2003 documenting some of the findings from 171 patients [26]. In the
paper, the OECs are cited as being cultured from the glomerular layer of fetal olfactory
bulbs. OECs are present in the olfactory nerve layer of the CNS which is adjacent to the
glomerular layer [23]. It is assumed that these are the cells isolated, but without further
details as to the isolation or characterization procedures, it is hard to know the specific
nature of the cells used.
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In 2006, Dobkin, Curt, and Guest wrote a summary of seven of the patients who received
transplants [27]. The seven patients studied had already decided to have the transplants and
agreed to pre- and post-surgical follow-ups with the authors. The majority of patients felt
they had some, limited improvements, but the authors note that these improvements could
not be quantified with the standard scales used for spinal cord injury, in particular, the
American Spinal Cord Injury Association (ASIA) tools. At least five of the patients had
serious complications from the procedures including meningitis, confusion, and gastroin-
testinal bleeding.

Much has been written about Dr. Huang and his procedures [28–30] with warnings to
patients that the procedures have not been shown to exhibit demonstrable improvements
and involve significant complications. It is also the largest study of its kind, and even if the
procedure shows no benefit, it would be helpful for the results to be made available so one
can learn from what has been encountered during the procedures. The study has stimulated
the call to develop clearer guidelines for clinical trials for SCI [31], as well as the
development of China SCINet which aims to continue to do large patient studies but with
greater planning for the trials, more robust follow up after the treatments, and better
dissemination of the findings [32].

OECs have been studied in clinical settings by other groups on a smaller scale. In 2008,
an Australian group published their findings from administration of OECs in six patients
with complete SCI [33]. They used the ASIA testing and imaging modalities to assess pre-
and post-operatively. They compared the treated patients to a control group who did not
receive the surgery and followed patients for 3 years. The OECs were autologous which is
one of the potential attractions of OECs, and the study showed no impact on olfaction from
the biopsies to obtain cells. There were no functional motor differences as a result of the
treatment, but the patients did appear to exhibit small improvements in sensory function
although the authors note that quantification of such function is more difficult to assess.

In the U.S., the major cell based trial has been the Stem Cells Inc. trial for Batten disease,
a rare liposomal storage disorder, in the group of disorders known as neuronal ceroid
lipofuscinosis (NCL) [34]. Batten disease is an orphan disease affecting less than 200,000
people in the U.S., and the trial involved delivering neural stem cells which have been
shown in a rodent model of Batten disease to replace the enzyme that is not produced in
patients which leads to the lipid build up that affects neuronal function and leads to death.
The disease is a childhood disorder, and most children die in their teens [35]. Phase I has
been completed with patients tolerating the procedure and no reported adverse events thus
far [34], but bioethicists question the appropriateness of a trial in children when there is
likely to be no benefit to them [36].

There are a number of things to consider with these cell-based therapies. The first is that
most of the cells die very soon after transplantation. This has been seen in many animal
models, and it is assumed to be conserved in humans. Cells can have dramatic impacts on a
transient basis, but if one’s goal is to use the cells as a drug delivery vehicle or as a
functional component of a tissue, then one needs to address cell survival. The second is that
even when told by many different authorities in the field that these approaches may not have
any benefit to the patients, the patients and their families are seeking out these trials. There
are few therapies available for a large number of neurological injuries and diseases. There is
a strong need and desire for therapies.
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17.3.5
Pharmacological Therapies

Biology makes drug therapies in the nervous system exceptionally challenging. The
nervous system is protected by the blood–brain barrier which includes the blood–spinal
cord barrier and blood–retina barriers as well [37]. Typical routes of administration
including oral and intravenous delivery often do not lead to relevant concentrations of
the drug of interest in the neural tissue. After injury, and as a result of many diseases of
the CNS, the barrier can become leaky [38–40]. However, transport across the barrier,
even when it is disrupted, can be limited. As a result, many of the therapies pursued
using traditional delivery vehicles have been limited by the substantial doses needed
to have a neurological impact. These doses can often lead to significant side effects
and call into question the cost-benefit ratio of the approaches as has been the case in
some of the steroid approaches to treating injury including methylprednisolone follow-
ing SCI [41, 42].

As a result, alternative approached that deliver drugs directly to the nervous system
have been used. One of the most well known drug delivery products in the nervous
system is the Gliadel wafer. The Gliadel wafer is a polyanhydride based polymer that
delivers bis-chloronitrosourea (BCNU), a chemotherapy agent, over three weeks [43] and
is implanted following resection of the primary tumor in glioblastoma multiforme
(GBM), one of the most deadly brain cancers due to their malignant nature. The FDA
approved it in 1996. In a paper on 10 years of use of the Gliadel wafer, the authors report
similar incidences of complications and median survival time of 13.5 months with the
wafer with 20% surviving 2 years [44]. As a point of comparison, 10% of the patients
who received radiotherapy following surgery, a common treatment paradigm, survived
2 years or more [45].

Other well known pharmacological interventions for neurological disorders include the
delivery of glial cell line derived neurotrophic factor (GDNF) for Parkinson’s disease. In
this trial, patients received a pump with catheters into the putamen of the brain to deliver
GDNF to reduce the death of dopaminergic neurons associated with the progression of
Parkinson’s [46]. The trial was discontinued in 2004 much to the ire of patients who
formed advocacy groups to lobby for GDNF and sought to sue Amgen, the maker of the
GDNF in the studies [47]. In 2006, Lang et al. published that in a second trial, there were
no benefits, and there was significant toxicity with 10% of the patients making antibodies
to GDNF [48].

This is a very brief overview of some of the approaches being taken on the
pharmaceutical front. There are excellent reviews of some of the ongoing trials in
SCI [42], ALS [49], and stroke [50, 51] as a starting point to gaining insight into the
current state of trials and therapeutic approaches involving pharmaceuticals. The major-
ity of drugs currently being tried for neurological injuries and disease are previously
approved for other conditions and have a strong record of safety. One of the challenges
of developing new drugs for the nervous system is many of the conditions affect
relatively small numbers of people and the investment required to develop the drugs
is tremendous.
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17.4
Neural Tissue Engineering

Clearly, drugs, drug delivery paradigms, cells, and scaffolds can and do play roles clinically
in treating disorders and diseases of and injuries to the nervous system. What role, then, can
neural tissue engineering play? Using drug delivery, cellular therapy and polymer science,
we can begin to build new environments. Repair is possible in both the PNS and CNS with a
permissible environment [52, 53]. So, how do we build this environment?

It will depend on the tissue and injury or disease state. To focus the remainder of the
discussion, we will concentrate on neural tissue engineering strategies for SCI since there
are a number of different approaches that provide a coherent sense of how the field is
moving and how the next set of approaches fit with what is currently in the clinic and
clinical trials.

17.4.1
Early Approaches: Leveraging the Regeneration Seen in the PNS

As noted before, axons in the CNS exhibit very little regeneration while the PNS, in
comparison, exhibits substantial regenerative capacity. Within the PNS, a number of
scaffolds have been seen to promote regeneration, and following from this, many
groups have used scaffolds to create an environment that is permissive for repair and
regeneration following SCI. Techniques involving carbon fibers [54], collagen [55], and
Matrigel, an ECM substitute derived from mouse sarcoma, in poly(acrylonitrile): poly
(vinylchloride) (PAN/PVC) tubes [56–63] have been studied with respect to axon
extension and guidance in the spinal cord. The logic in the Schwann cells/guidance
tube approach is to build the more regenerative environment of the PNS within
the CNS.

The Bunge group at the Miami Project to Cure Paralysis has pursued the use of guidance
tubes seeded with Schwann cells in Matrigel to promote the regeneration of axons in the
spinal cord. First, Xu et al. [59] showed that axon regeneration was greatly improved when
Schwann cells were seeded into a guidance tube filled with Matrigel as compared with just
the guidance tube and Matrigel alone. Extending this work, Xu et al. [60] showed that the
ingrowth of CNS axons was virtually doubled by the introduction of the neurotrophins, NT-3
and BDNF, and the treatment stimulated the regeneration of the axons associated with the
vestibulospinal and raphespinal tracts, which are important in motor control. Chen et al. [64]
in a related study, found that similar results could be achieved with the same grafts and the
introduction of methylprednisolone.

In the above studies, the distal end of the guidance tube was blocked, and only ingrowth
was studied. However, in more recent work, the Bunge group used a guidance tube which
was open on both ends and repeated the initial study using Schwann cells. They found that
the axons formed a bridge across the transection, but exhibited no ingrowth into the distal
end of the spinal cord [62].
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The lack of ingrowth into the distal end of the cord is not surprising based on the
understanding of the inhibitory nature of the damaged white matter [65, 66]. However, these
inhibitory effects appear to be quite complicated. While regeneration in very limited lesions
such as the transection of the corticospinal tract has been achieved using IN-1 has been
achieved [66–68] even in a chronic injury model [69], the antibody appeared to be
incapable of producing a similar response in the larger injury model. Introduction of the
antibody to the myelin inhibitory protein, IN-1, in this model induced sprouting of the
corticospinal tract, but no ingrowth into the distal end of the cord [56].

Ingrowth into the spinal cord from implants is clearly extremely challenging but not
impossible. While there is much to inhibit ingrowth, there is evidence that the CNS,
even the white matter, can support regeneration. Davies et al. [70] showed that axons
could regenerate in uninjured white matter. They further showed axons regenerated not
only in uninjured white matter but in degenerating white matter of the spinal cord [71].
It appears that the injury site itself is inhibitory, but if axons traverse the injury site,
they may regenerate beyond the injury. Glial scar formation occurs, even in severe
spinal cord injury, after the initial impact during the secondary injury processes [72].
Some of the ECM components produced by astrocytes after injury that form the glial
scar are inhibitory to repair including the chondroitin sulfate proteoglycans [73–75]. If
one can overcome the inhibitory environment of the injury site and suppress glial scar
formation, at least temporarily, one may be able promote regeneration and functional
recovery.

In fact, building on the combinatorial approach using a scaffold, Schwann cells, and
growth factors, and adding OECs and chondroitinase ABC to digest the inhibitory chon-
droitin sulfate proteoglycans, the Bunge group has promoted some functional recovery and
regeneration following SCI [76, 77]. It is clear that one can use a scaffold-based system, and
in a combinatorial manner, modify the environment to promote repair.

17.4.2
Leveraging the Regeneration Seen in the Neonate to Promote Repair in the Adult

In contrast to the limited capacity for repair in the adult, the neonatal spinal cord exhibits
significant endogenous regeneration following SCI [78]. Several groups have sought to use
the capacity of younger tissue to promote repair by grafting fetal tissue following SCI. The
grafts have been shown to be permissive substrates for axonal growth [79], and augmenta-
tion of the growth and some functional recovery has been achieved with the addition of
neurotrophic factors [80, 81]. Fetal tissue holds promise for treating a variety of diseases of
and injuries to the CNS, but beyond the controversy regarding its use, it is an extremely
limited supply, and a large amount of tissue may be needed for a single viable transplant. In
Parkinson’s disease, for example, it takes six fetuses to provide enough viable tissue for one
transplant because 90–95% of the neurons in the transplant die shortly after grafting [82].
While much may be learned from fetal transplants, an alternative must be sought to create a
truly viable treatment. Therefore, it may be wise to consider what may be learned from the
neonate and applied to developing new treatment approaches.
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17.4.2.1
Neural Progenitor and Stem Cells

Neonatal tissue has a large number of neural progenitor cells (NPCs) or what some call neural
stem cells (NSCs) which can replace lost cells and remyelinate axons [83]. NPCs and NSCs
can be expanded following isolation, avoiding the fundamental limitation of fetal tissue.
NPCs have shown the capacity to replace cells lost to injury [84, 85] and disease [86–88] and,
in some cases, restore some function [89, 90]. Neural progenitors have been found to form
multipolar neurons in a healthy spinal cord but only bipolar neurons when injected after
transection of the cord [91]. It was hypothesized the cell–cell contacts are essential for
differentiation into complex morphologies. Other work has suggested that NPCs are capable
of forming neurons, even motor neurons, following injury [92]. Following a crush model of
SCI, NPCs have been seen to become glia but not neurons [93]. The formation of glia may be
an important aspect of regeneration. Not only can they insulate the axons and provide the
appropriate supporting structures and trophic factors, but it has been shown that glia appear to
be essential to the formation of functional synaptic connections for developing neurons [94].
Remyelination following spinal cord injury has also been shown to lead to functional
improvement [95–97].

The key questions for using NPCs in the spinal cord are how to improve their survival
and direct their differentiation. The environment following injury is potentially a challeng-
ing one into which to transplant progenitor cells [98, 99]. The critical issue, then, is how to
work with or alter that environment. Altering or building an environment that augments the
behavior of promising cell types including NPCs is the playing field on which those in the
neural tissue engineering community thrive.

17.4.2.2
Polymers and NPCs

Polymer scaffolds have been shown to improve the survival [100] and differentiation [101,
102] of progenitor cells. By choosing a polymer system that promotes survival and
differentiation as the foundation for building growth factor delivery and surface molecule
presentation into the environment, one may be able to achieve much more robust survival
and differentiation of NPCs and harness their capacity for repair.

However, before one starts building onto the scaffold, one may be able to choose a
scaffold that in itself influences NPC behavior. Scaffolds based on collagen and Matrigel
may be attractive for engineering many tissues since they contain components or are the
basis of the extracellular matrix of most tissues, with the striking exception being the ECM
of the CNS which is based on hyaluronic acid (HA) network functionalized with a range of
proteoglycans [103]. NPCs make those proteoglycans while their differentiated progeny
down regulate them [104] meaning that NPCs can stick to unmodified HA but their progeny
will not. As NPCs differentiate in these materials, expressing more mature markers, the
mature cells do not attach unless the HA gels are modified with other molecules to promote
attachment [105].
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The scaffold can play an important role in NPC behavior, and that has been demon-
strated using both architectural cues as well as mechanical cues to influence NPC migration
and differentiation. Electrospun scaffolds based on degradable polymers have been shown
to promote elongation of NPCs and subsequent differentiation into neuronal phenotypes,
particularly when the fibers are aligned [106–109]. In vivo, the architecture has been shown
to guide axons making them attractive candidates for repair.

The caveat to the oriented nano- and microfiber scaffolds is that they must be made and
then implanted. From a translational point of view, this is very challenging. There are cysts
that form in the spinal cord following injury, and many, including myself, have wondered
whether one might be able to remove scar tissue and implant a scaffold, but it is clear from
many, many conversations with neurosurgeons, that they do not want to do something like
this for fear that it will exacerbate injury. Thinking back to the complications involved in
some of the cell delivery trials, even the delivery of cells following SCI which involved
limited invasiveness runs the risk of infection and other complications. Removing tissue has
a much higher potential set of complications including further damage.

In light of this, many groups have moved to systems that can be set or gelled in place.
The majority of these have been based on hydrogels consisting of HA, poly(ethylene gycol)
(PEG), collagen, peptides, or some combination of all of these. Hydrogels have drawn a
great deal of interest in the nervous system due to their high biocompatibility, mechanical
properties which parallel those of soft tissues, and their ability to be injected as a liquid
which gels in situ [110].

One of the major limitations of hydrogels until recently was that their properties,
including their mechanical and chemical properties, could not be easily tailored. A number
of crucial steps have now been made which permits the necessary modifications and
tailoring required to build well-controlled microenvironments for the CNS. Several groups
have synthesized libraries of hydrogels and investigated the role of the materials properties
on NPC differentiation [111–116]. One of the interesting findings that appears to be
conserved between the different groups and materials studied is that a modulus that is
close to what is estimated to be brain tissue stiffness (approximately 3,000–5,000 Pa [117])
seems to be optimal for promoting neuronal differentiation of NPCs.

17.4.3
Polymers for SCI More Broadly

17.4.3.1
Scaffolds for Guidance and Inhibition of Scar Tissue

Both polymer scaffolds which are made and implanted and those which gel in situ have
been studied for their ability to reduce the formation of scar tissue and promote axonal
guidance following SCI. To promote axon guidance, groups have used scaffolds as diverse
as carbon fibers [54], collagen modified with peptides [118, 119], PLGA [120], hydrogel
guidance tubes [121, 122], and fibrin gels [123]. Most of these were done in some flavor of a
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transection model where a cavity was made and the material placed in the site. It is striking
in that with this very diverse set of materials, there are only small differences in outcomes.
Most supported sprouting of axons into the injury site, but there was rarely much regenera-
tion, and when seen, it typically seemed to involve small numbers of fibers. However, all of
these materials seemed to have an important impact on the spinal cord environment. In
every case where it was characterized, a reduction in glial scarring was seen. This is a huge
step in promoting repair.

The big question becomes what happens when these materials are introduced in a more
minimally invasive manner following a more clinically applicable crush or contusion spinal
cord injury. Is glial scarring still reduced? The answer, gratefully, seems to be yes. A
number of groups have started to administer materials that gel in situ following contusion
injuries. Tysseling-Mattiace et al. have shown that administration of a hydrogel based on
self assembling peptides one day post injury reduces glial scarring and increases neurite
outgrowth and sprouting [124]. Wolery et al. saw a similar outcome with a collagen gel
based system [125]. Both groups reported better functional outcomes with the administra-
tion of their respective polymers.

17.4.3.2
Delivering Growth Factors

Materials may be able to help build a more permissive environment for repair and
healing. To augment this, several groups have started to look at these materials as drug
delivery vehicles as well. A number of growth factors are upregulated in the neonate
following injury which exhibits regeneration that are not seen in the adult at the
concentrations and duration seen in the neonate [52, 53]. These factors include GDNF,
brain-derived neurotrophic factor (BDNF), and neurotrophic-3 (NT-3). If one can emulate
the presentation of one or more of these growth factors, one may be able to promote
repair. Drug delivery technology provides a means to replicate the temporal delivery
profiles of growth factors identified in the neonate in the adult spinal cord following
injury.

Gels and materials delivering NT-3 have been shown to promote more robust
sprouting and axonal elongation in a number of models coupled with improved func-
tional outcomes in some of the work [126, 127]. Likewise, delivery of BDNF has also
led to improved outcomes [128–131]. GDNF has also been correlated with more
outgrowth [132].

This is a far from complete list, but the key point is that the materials can have an
impact, and the combination of materials and growth factors leads to better outcomes. We
have not begun to look at dosing or the impact of delivery time, but it is impressive how
much has been achieved with relatively simple systems. Part of the current discussion in
the field is what level of success is necessary to justify considering translating the
findings. With the side effects seen in the GDNF-Parkinson’s trial, it is clear that a
positive effect and exceptional safety testing are needed before considering the potential
clinical application.
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17.5
Future Directions

If our goal is to develop new approaches for people, we need to start at the end and figure
out for the condition we hope to treat exactly what is and is not possible from the patient’s
and physician’s perspectives. We also need to be cognizant of how the FDA might receive
the technology and to that end, many officials at the FDA advocate talking to them early and
often if one things one’s technology might have clinical value.

One of the fundamental challenges of tissue engineering approaches is that they are often
multicomponent systems with polymers, cells, and drugs involved. Such combination
systems have been more challenging to get approved because of their complexity and the
number of branches of the FDA that are likely to be involved. They also scare potential
investors, which limits one’s options for raising the tremendous capital needed to pursue
new therapies. The ideal system is a simple one, but the reality is that for a number of
complex neurological conditions, successful treatment is likely to involve a combination
system.

Nonetheless, there are significant inroads being made into developing and testing new
therapies based on single component systems in the nervous system whether they are
cellular, pharmacological, or scaffold-based systems. We can learn from everything that
has been done in the clinic and target our research to the most translatable technologies with
the greatest chance of success. There have been tremendous steps forward clinically with
relatively simple approaches.

Biomaterials can have tremendous impact in focal injuries and insults including
stroke, SCI, and TBI. They can modulate the environment dramatically, especially
when introduced acutely after injury. That is not to say that cells will not improve the
results. They will, but the big question right now is what cells for which indication. With
the advent of iPS cells and new insights into stem cell microenvironments broadly, we
can begin to see how some of these technologies, if successful, might be able to be
translated.

For more diffuse disorders, some of the technologies that combine imaging with local
delivery are tremendously exciting. The blood–brain barrier is still a formidable challenge,
but some of the targeting paradigms are starting to look like they may be able to make it
through [133–138].

17.5.1
The Role of Collaborations in Achieving These Goals

I have a colleague who believes an MD/PhD in neuroscience is the perfect person to tackle
these challenges. It seems unlikely to this author that any one person, no matter how gifted,
is the solution. The successes thus far have been based on intense collaborations and a
certain amount of courage to try new approaches. The systems we are tackling are
tremendously complex. We are more likely to be successful if we bring our diverse expertise
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together and share our different perspectives and insights. There is no perfect person for this
work, only great groups who work well together.

17.6
What We Have Not Covered

This chapter covers only a small part of the greater field. We have not looked at the role of
remyelination in disease and injury processes, the role of embryonic stem cells, the
contribution of angiogenesis to building neural tissue, or the role of other technologies
that can work in a synergistic fashion such as electrical stimulation approaches. All of these
have tremendous clinical potential and some are in or very close to clinical trials.

There are huge challenges in promoting protection and repair in the nervous system.
There are at least as many potential approaches. By working together and leveraging the
successes of each approach, we can and will develop new therapeutic paradigms.

Acknowledgements I am grateful to Andrew Shoffstall who read drafts of this chapter and offered
suggestions and insights.
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Abstract Stem cell engineering has enormous potential to study developmental processes,
disease progression, drug screening, and to provide new therapeutics. The interaction of
stem cells with their microenvironment plays an important role in determining the stem cell
fate. One of the most important environmental factors is the extracellular matrix, which
defines the biochemical and biophysical niche from which the stem cells receive various
regulatory signals. Artificial matrices based on natural and synthetic materials have been
developed to direct stem cell fate such as proliferation and differentiation. Some of these
approaches are being currently explored clinically and other more sophisticated multi-
functional biomimetic materials with defined properties are currently under development.
In this chapter we discuss some of the recent trends in the development of biomaterials and
their applications in directing self-renewal and differentiation of stem cells.
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Stem cells

18.1
Introduction

Stem cells are characterized by their ability to self-renew, proliferate without phenotypic
alteration, and differentiate into tissue specific progeny [1]. The normal homeostasis and
repair of native tissues are maintained by the stem cells residing within the adult tissues,
which expeditiously replace the dysfunctional ones. These characteristics render them the
most promising cell source for regenerative medicine ranging from cell therapy to func-
tional tissue/organ replacements. Although the ability of stem cells to differentiate and
contribute to tissue repair offers great potential to treat various debilitating diseases, before
such an approach can be translated from the “bench to the bed side”, many fundamental
biological and engineering challenges need to be surmounted. Some of these challenges
include ex vivo expansion of stem cells without phenotypic and karyotypic alterations,
controlled and efficient differentiation into the targeted cell/tissue, and integration with the
host tissue upon transplantation. Each of these aspects requires development of defined
culture conditions that involve matrices with defined material and interfacial properties,
and defined medium components. To this end, research in biomaterials and stem cell
engineering has made many advances. Some of these advancements have led to clinical
and preclinical trials (http://www.clinicaltrials.org). Advances in biomaterials have focused
on developing temporary tissue replacements and devising strategies to regulate cellular
functions so as to promote their growth and/or differentiation both in vitro and in vivo. In
this chapter, we will be discussing these advancements in the context of stem cell engineer-
ing and regenerative medicine.

The cell/tissue culture techniques developed for nerve fiber by Ross Harrison in 1907
have been considered as a paradigm shift in medicinal engineering laying the foundation
to in vitro cell and tissue cultures [2]. Since then, numerous studies have focused on
developing various in vitro cell culture environments to direct cellular functions such as
growth, differentiation, and structural organization. The optimal cell culture system
should be able to regulate proliferation and tissue/lineage specific differentiation of
stem cells efficiently and reproducibly in a spatial and temporal manner. In native tissue,
cells are surrounded by multi-functional extracellular matrices and the chemical and
physical signaling arising from the microenvironment plays a pivotal role in maintaining
the tight regulation of various cellular activities [3]. Figure 18.1 depicts the various
functions of native ECM. Such a multifunctional and dynamic nature of the extracellular
matrix (ECM) presents a challenge in creating artificial matrices that recapitulate the
spatio-temporal characteristics of native ECM.

Biomaterials play a central role in the pursuit to develop well-defined and robust in vitro
artificial matrices. This includes both naturally-derived and synthetic materials. Many of the
material developmental methods integrate principles from biochemistry, material science,
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biology, biophysics, engineering, and polymer sciences [4–6]. Such artificial matrices
would have enormous applications in regenerative medicine as excellent model systems
for dissecting cellular functions, signaling pathways, disease progression, and tissue mor-
phogenesis and as scaffolds for tissue and cell engineering. The specific focus of this
chapter is to examine various biophysical and biochemical cues of the biomaterials (or
scaffolds) that influence stem cell proliferation and differentiation.

18.2
Biochemical Cues

18.2.1
ECM-Derived Biomaterials

ECM, which surrounds the cells in native tissue, is a well-hydrated structure of various
proteoglycans and proteins in most of the tissues. Due to their inherent ability to mediate

Fig. 18.1 Multifunctional ECM and its interaction with cells [3] (Reprinted from Rozario et al.,
Develop Biol 2010;341:126–140 with permission from Elsevier)
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cell attachment and undergo cell-mediated degradation, ECM-derived materials have been
extensively explored to support the in vitro growth of stem cells. Some of the early and
continuously explored approaches for mimicking the tissue specific environment involve
utilization of decellularized tissues as scaffolds for controlling the tissue specific differenti-
ation of progenitor/stem cells [7–9]. This is mainly due to the tissue specific biochemical
cues that the decellularized matrix offers in addition to the geometry and structure. A recent
study by Ott et al. demonstrated that decellularized whole hearts maintaining the geometry,
ECM structure and composition, and vascular architecture not only supported differentia-
tion of neonatal cardiac cells but also resulted in the formation of functional tissue (beating
heart) [7]. Decellularized native tissues have also been adapted to engineer anatomically
shaped bone grafts from adult stem cells such as bone marrow derived mesenchymal stem
cells (MSC) [8]. Here the complex architecture of the temporomandibular joint (TMJ)
condylar bone was generated from decellularized trabecular bone using digitized clinical
images. The human mesenchymal stem cells (hMSC) seeded within the decellularized
tissue underwent osteogenic differentiation resulting in neo-bone tissue when the MSC-
laden decellularized tissue was cultured in a bioreactor with interstitial flow of culture
medium.

Adapting a similar approach, physicians in Spain have recently carried out a successful
trachea replacement, which restored the functionality of the respiratory tract of a 30-year-old
woman suffering from end-stage airway disease. This was achieved by decellularizing the
donor trachea along with removing major histocompatibility complex (MHC) antigens from
the tissue using detergent enzymatic procedures, followed by recellularizing the decellular-
ized tissue with autologous cells such as epithelial cells and MSC-derived chondrocytes.
Utilization of autologous cells limited the immune response and thereby the associated
complications [9]. Although using decellularized tissue to direct tissue specific differentiation
of progenitor/stem cells is very attractive, the approach is limited due to the lack of donor
tissues, associated donor site morbidity (when harvested from the patient/or a living donor),
immunological response to allografts and xenografts, and the specialized techniques required
to decellularize the tissue while preserving ECM composition, geometry and vascularization.
The biggest obstacle however could be the availability of the donor tissue.

The limitations posed by the donor tissue can, however, be partially addressed using
tissue engineering approaches. Indeed there exist few reports demonstrating the possibility
of directing tissue specific differentiation of stem cells using tissue engineered ECM. Datta
et al. have examined the potential of in vitro engineered osteogenic ECM to induce
osteogenic differentiation of MSC [10, 11]. The tissue engineered ECM was generated by
differentiating the osteoblastic cells in vitro for 12 days and decellularizing the neo-ECM by
rapid freeze-thaw cycling. The ECM that was laid down by the osteoblastic cells promoted
osteogenic differentiation of rat MSC. Beyond promoting differentiation, the tissue engi-
neered bone-like ECM also promoted cell proliferation [10]. In addition to demonstrating
the in vitro effect, the same research group also evaluated the performance of decellularized
tissue engineered ECM in vivo [11]. Although the implant was found to be vascularized, no
bone formation was observed in vivo. Additionally, the implant was infiltrated with
fibroblasts and fat cells from the host.

In another study, Hoshiba et al. employed tissue engineered ECM to understand the stage
specific changes in ECM on regulating stem cell differentiation [12]. This study was
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motivated by the fact that in native tissue, ECM undergoes constant remodeling to regulate
various stages of cellular/tissue morphogenesis. To examine the stage specific effect of ECM
on proliferation and differentiation of stem cells, the authors adapted ECM laid down by
hMSC in vitro. The ECM from stage specific osteogenic differentiation was determined based
on the duration of differentiation in osteogenic inducing culture where ECM after 1 and 3
weeks were identified as early and late stages of osteogenesis, respectively. Although the
tissue engineered “osteogenic-ECM” supported the adhesion and proliferation of newly
seeded MSC, they exhibited a differential effect on the osteogenic differentiation of these
cells. The early stage osteogenic ECM promoted the osteogenic differentiation of newly
seeded hMSC as compared to late stage osteogenic ECM. In contrast, expression for PPARG
– an adipogenic marker was higher in hMSC cultured on late stage osteogenic ECM.

One of the most widely used ECM-derived biomaterials for in vitro cell culture is
Matrigel (invented almost 2 decades ago), which is extracted from mouse tumors and is
available commercially from BD Biosciences. It is a multi-component, highly hydrated
ECM based matrix enriched with laminin and collagen, thereby anticipated to resemble the
complex extracellular environment found in many soft tissues [13]. The utilization of
Matrigel as an in vitro artificial matrix for cell culture has been an invaluable tool for
stem cell and matrix biologists in understanding cell behavior within complex multi-
component systems [14]. Matrigel has extensively been used for in vitro stem cell culture,
and is found to support self-renewal of pluripotent stem cells such as embryonic stem cells
(ESC) and induced pluripotent stem cells (iPSC) in the absence of feeder cells [14].

Besides such multi-component ECM-based materials, single component ECM materials
are also widely used for in vitro stem cell culture. Indeed, the first successful feeder-free
culture of human embryonic stem cells (hESC) was realized by employing cell culture
dishes functionalized with ECM proteins such as laminin [14]. While Matrigel and laminin-
coated plates supported self-renewal of hESC (H1, H7, H9, and H14), the fibronectin and
collagen type IV-coated plates could not support the undifferentiated state of hESC.
A combination of Matrigel and conditioned medium from mouse embryonic fibroblasts
(MEF) supported in vitro growth of hESC up to 130 population doublings without
introducing any karyotypic changes. In contrast, similar culture on gelatin-coated culture
plates showed a spontaneous differentiation.

Harnessing the beneficial effects of ECM to support in vitro self-renewal of pluripotent
stem cells, Brafman et al. have employed a cellular microarray to identify the ECM compo-
nents that support self-renewal of hESC [15]. Strikingly, their finding demonstrated an
interesting aspect of embryonic stem cells: cell dependent outcome! Brafman et al. observed
that the responses of two cell lines (Hues 9 and Hues 10) were different to each ECM
components or certain combinations of ECM components, although both cell lines were
derived by the researchers under almost similar culture conditions [16]. The Authors studied
the effect of individual and combinations of ECM components (collagen I, collagen III,
collagen IV, collagen V, laminin and fibronectin) on proliferation and pluripotency of hESC in
MEF conditioned medium as well as in defined medium. In conditioned medium, no single
component supported proliferation with retained pluripotency. Higher cell proliferation was
observed only in the presence of either laminin or fibronectin in combination with other ECM
components. Among all components, only laminin showed positive effects on both prolifera-
tion and pluripotency of ESC. Of the various combinations studied, a combination of collagen
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I, collagen IV, laminin and fibronectin showed better proliferation than any individual
component or combination of ECM components or even Matrigel in conditioned medium.

Further, the same combination of ECMwas studied in defined medium with and without
growth factors. In the absence of conditioned medium, ESC showed reduced proliferation
and pluripotency reinstating the fact that soluble components in the presence of ECM
components are required for proliferation of cells with their retained differentiating ability.
In defined medium the aforementioned ECM combination supported both proliferation and
pluripotency of ESC. However, the presence of growth factors such as bone morphogenic
protein 4 (BMP-4) and retinoic acid (RA) in defined medium reduced the pluripotency of
ESC. Further, this ECM combination showed proliferation and pluripotency of ESC for
long term culture (up to ten passages) in both conditioned and defined medium supplemen-
ted with basic fibroblast growth factor (bFGF).

In another study, Braam et al. have demonstrated that proliferation of hESC in mTeSR1
medium was supported by only Matrigel and purified vitronectin as compared to other
tested ECMs such as fibronectin, laminin and collagen IV. However, in the presence of MEF
conditioned medium all the tested ECM components supported attachment and proliferation
of hESC [17]. Based on the beneficial effect of vitronectin, the authors have evaluated the
effect of recombinant vitronectin on ex vivo expansion of ESC. All of the three tested hESC
lines (HES2, HUES1, HESC-NL3) showed proliferation on vitronectin without any change
in their karyotype for up to five passages. Further, these ESC showed differentiation to all
three germ lines when supplemented with appropriate growth factors. The above mentioned
studies suggest a synergistic role of cells, soluble factors and extracellular matrix compo-
nents in maintaining self-renewal of hESC in vitro.

Interestingly, a recent study by Miyazaki et al. showed that beyond the type of proteins,
the exact isoform of the protein can be a decisive factor in cellular response [18]. There are
at least 15 types of laminin isomers and each interacts with a specific type of integrin.
Miyazaki et al. first evaluated the major integrin expressed by hESC on laminin using
recombinant human laminin (rhLM), and found that hESC mainly expressed a6b1, which is
in agreement with other reports [16]. Although integrin a6b1 is known to bind to different
isoforms of laminin (such as laminin-111, -332, and -511), the hESC (KhES-1, KhES-2, and
KhES-3) showed different responses in adhesion and proliferation on these three rhLMs.
hESC proliferated on these three isoforms of laminin for several passages while maintaining
pluripotency. However, the cell proliferation was predominantly more on laminin -332 as
compared to -511 and -111.

Conversely, in the case of mouse embryonic stem cells (mESC), laminin-511 isoform
supported multiple passages (39 passages) of mESC in an undifferentiated state. In contrast,
mESC cultured on laminin-332, which is shown to support hESC, showed proliferation
without maintaining pluripotency [19]. The mESC retained self-renewal capacity while
maintaining pluripotency on laminin-511 even in the absence of cell–cell contact at lower
cell density, indicating that the mere contact of cells with laminin-511 (cell–matrix
interaction) was sufficient for supporting self-renewal of mESC. This differential cell
response of mESC and hESC to laminin isoforms reinstates the fact the conditions support-
ing mESC may not be sufficient for hESC. One of the major differences identified between
mESC and hESC is that in contrast to mESC that can maintain in vitro self-renewal in
presence of leukemia inhibitor factor (LIF) without any feeder layer support, hESC require
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support from feeder layers (or conditioned medium from feeder cells along with ECM
support) to maintain their ex vivo self-renewal.

It is evident from the aforementioned studies that the engagement of integrin adhesion
receptors with the extracellular matrix plays an important role in determining the stem cell
fate. Report by Hayashi et al. further supports the importance of cell surface integrins in
regulating self-renewal of ESC using ECM components [20]. In their study, mESC cultured
on fibronectin and laminin showed spread morphology and underwent differentiation into
ectoderm lineage even in the presence of LIF. Interestingly, mESC on fibronectin and
laminin expressed integrin b1 complex formation, and by blocking such integrin complex
formation the authors were able to reverse the matrix-induced differentiation of mESC.

In addition to providing adhesive surfaces for proliferating cells, ECM components also
play an important role in directing the differentiation of stem cells. For instance, laminin
molecules are known to play an important role in the formation and migration of neural
cells. Ma et al. reported laminin as a key ECMmolecule that enhances the neural progenitor
generation and proliferation, and it promotes differentiation of hESC to neurons in a dose
dependent manner [21]. These authors compared the embryoid bodies (EBs) plated on poly-
D-lysine, poly-D-lysine/fibronectin, poly-D-lysine/laminin, type I collagen and Matrigel in
the presence of soluble factors that support neural differentiation. All of the substrates
supported the differentiation, albeit at varying degrees. However, neural differentiation was
greater on laminin and laminin rich Matrigel. The observed laminin or Matrigel supported
neural differentiation of ESC was mainly mediated by integrin a6b1 engagement.

In addition to laminin, other ECM proteins have also been extensively used for support-
ing in vitro cell culture and one of the extensively used ECM components is collagen.
Collagen is the most abundant insoluble fibrous protein found in the body and it is a major
component of tissues where the structural integrity and mechanical strength are required. In
native tissue, collagen is assembled via electrostatic interaction among various amino acid
groups [22].

Beyond using as a coating for tissue culture plates and synthetic scaffolds, collagen gels
have been extensively used as a three dimensional support for in vitro cell culture. Collagen
gels are prepared by altering the temperature or pH, which results in physical gels, where
the networks are formed through secondary interactions devoid of any chemical crosslinks.
In addition to supporting the adhesion and proliferation of cells, collagen is also known to
support differentiation of stem cells, e.g., chondrogenesis of bovine MSC in three dimen-
sional scaffolds based on collagen type I, collagen type II and alginate showed upregulation
of chondrogenic genes in collagen type II gels [23]. MSC cultured on collagen type I in
presence of TGF-b and dexamethasone showed osteoinduction as well as chondroinduction
while with collagen type II the differentiation was more towards chondrogenesis. In another
study, neuronal progenitor cells encapsulated within collagen I gels showed proliferation
and differentiation into all three major neuronal lineage cells (neurons, astrocytes and
oligodendrocytes) [24]. Collagen type IV is reported to induce differentiation of mESC
and hESC into mesodermal lineage [25, 26]. Collagen type IV is shown to support
derivation of Flkþ cell from embryonic stem cells with more than 95% efficiency [27].
Such derived Flk1þ cells were further differentiated into both endothelial and mural cells.

Another extensively used protein-based scaffold for cell culture is silk. Silk is a naturally-
derived protein produced by silk worms and various spiders. Silk has exceptionally
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high fiber strength, toughness and elasticity. Silk fibroin shows a combination of superior
mechanical properties in fibrous form, bioactivity, low inflammation and hydrolytic stability
due to its hydrophobic nature, making it a good candidate as cell culture scaffolds for
directing their differentiation [28]. Additionally, the amino acid moieties present on silk
fibroin can be used to conjugate various peptides and growth factors to induce tissue specific
or differentiation pathway specific signaling within the scaffold. Its versatility to fabricate
scaffolds in desired forms has been exploited for studying the chondrogenesis ofMSC and its
application for engineering multiple tissues such as vascular graft, skin, bone, cartilage,
ligament, etc.

So far we have discussed the application of ECM proteins on stem cell growth and
differentiation. Similar to ECM proteins, the polysaccharides present in the ECM also play
an important role in maintaining various cellular activities. One of the extensively studied
polysaccharides is hyaluronic acid. Hyaluronic acid (HA) is a nonsulfated glycosaminogly-
can (GAG) and contributes to various physiological processes such as angiogenesis, cell
migration, inflammation regulation, and resilience of cartilage. HA is also known to play a
crucial role in early embryonic development. Hydroxyl and carboxyl groups present in HA
have been used to create functionalized HA precursors. Modified HA containing functional
groups such as thiols, methacrylates, aldehydes and divinyl sulfone can be used to form
hydrogels. Gerecht et al. used methacrylated hyaluronic acid based hydrogel for self-
renewal of hESC in a three-dimensional environment, where photopolymerization was
used to encapsulate hESC (H9, H11 and H1) colonies within the HA hydrogels [29].
hESC maintained their undifferentiated state in the presence of MEF conditioned medium
for up to 20 days. These HA supported undifferentiated ESC can be easily released by
treatment with hyaluronidase (an enzyme that degrades HA) without inducing any detri-
mental effect to the encapsulated hESC. Additionally, the HA-supported ESC maintaining
their undifferentiated state could be differentiated into endothelial lineage by culturing them
in the presence of endothelial growth medium.

HA-based hydrogels have also been extensively used for regulating differentiation of
stem cells, vocal chord augmentation, and wound healing [30]. Harnessing the ability of HA
materials to interact with MSC, Chung et al. utilized HA hydrogels to promote chondro-
genic differentiation of hMSC [31]. A comparative study analyzing the effect of HA
hydrogels on promoting osteogenic differentiation of goat MSC showed about 30% cells
positive for alkaline phosphatase in HA hydrogels as against 5% positive cells in poly-
glycerol hydrogels [32].

18.2.2
Natural Polymers

Naturally derived polysaccharides that are used extensively for cell culture include
chitosan, alginate, and agarose. Due to the structural similarity of chitosan to the GAG
found in ECM of native tissues such as articular cartilage, it has been explored for
application in cartilage engineering [33]. Another widely used biomaterial is alginate
derived from seaweed. Alginate based scaffolds have been used due to its mild gelling
conditions, its interconnected porous structure and consequently better diffusion. For
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instance, calcium alginate porous scaffolds have been found to support the proliferation
of encapsulated mESC and their differentiation into pancreatic cells when cultured in
supplemented mediums [34].

18.2.3
Hybrid Materials

While offering a wide range of advantages, the ECM derived biomaterials also pose some
limitations in terms of modifying their mechanical properties, varying composition depend-
ing upon their source, obtaining them in purified forms and in sufficient quantity, cost
effectiveness, processing them into three dimensional structures, their immunogenicity if
they are of animal origin, patient-to-patient varying enzymatic degradation level, and thus
difficulty in customizing to meet the requirements of the target experiment. As compared to
natural biomaterials, synthetic materials offer varied options in tunability of structural
composition, mechanical properties, architecture, degradability etc. Further, the reduced
batch-to-batch variation in the quality, higher scalability, absence of immunogenicity due to
non-animal sources, and amenity to numerous fabrication techniques open up wide options
for scaffold preparation and their potential applications. However, lack of bioactivity of
synthetic materials is the major deterrent for their application as scaffolds and is circum-
vented by combining them with natural materials in multiple ways such as blending, coating
or chemical conjugation.

Hybrid materials containing components of both natural and synthetic materials exhibit
combined advantages of both the systems. For instance, ECM-based materials offer bio-
compatibility, adhesion and biological signals, while synthetic materials offer advantages in
terms of structural, mechanical, and chemical properties. Depending upon the nature of the
ECM incorporated, the encapsulated cells exhibit different morphologies, which could have
significant influence on determining their growth and differentiation. Figure 18.2 shows the
effect of poly(ethylene glycol) (PEG)-based hybrid hydrogels containing various ECM
molecules on the morphology of encapsulated cells. Such hybrid materials are extensively
used to promote stem cell differentiation both in the presence and absence of differentiation
inducing soluble factors. For instance, incorporation of chondroitin sulfate (CS), an ECM
component of cartilage, into PEG hydrogel was found to induce the chondrogenesis of
hMSC [35]. Similarly, chondrogenic differentiation of hMSC was observed when cells
were cultured in serum free media on scaffolds having cob-web like mesh structures based
on collagen and poly (lactic-co-glycolic acid) [36]. Both these studies have observed
improved cell aggregation within these scaffolds leading to enhanced chondrogenesis.

Benoit et al. have employed heparin-functionalized PEG hydrogels to promote osteo-
genic differentiation of hMSC [37]. The functional ability of heparin-based hydrogels to
support osteogenic differentiation was primarily attributed to their ability to bind to proteins
such as fibronectin andBMP-2, which in turn promoted cell–material interactions. In another
study, chitosan functionalized with various GAG molecules (heparin, heparin sulfate,
dermatan sulfate, chondroitin 4-sulfate, chondroitin 6-sulfate, and hyaluronic acid) was
employed to identify biomaterials that can support growth and tissue specific differentiation
ofMSC [38]. GAG-functionalized chitosan materials were found to promote proliferation of
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MSC as compared to tissue culture plates and unmodified chitosan surfaces and the growth
rates of MSC increased with increasing GAG components on the culture surfaces.

18.2.4
Functionalization with Biochemical Cues

Another approach to impart biological cues and cell adhesive groups onto synthetic
matrices is functionalizing them with cell recognizing bioactive motifs, such as small
molecular weight peptides. The advantages of peptides over proteins are that the former
is small molecular weight and can be manufactured with conformational stability, and can
be functionalized easily. Incorporation of small molecular weight peptides is sufficient to
engage the cell surface receptors and activate various biochemical pathways to control
various cellular activities such as adhesion, proliferation, survival, and differentiation [39].
For example, incorporation of tri-amino acid sequence arginine-glycine-aspartic acid
(RGD) commonly found in most of the ECM has been widely used to improve the cell–
matrix interactions [39, 40]. Adhesion of cells to their extracellular matrix is a fundamental
process in governing stem cell fate and commitment. Nuttleman et al. have shown that
RGD-functionalized PEG hydrogels improve the survival of encapsulated hMSC [40].
In contrast, hMSC within the bioinert PEG hydrogels undergo apoptosis due to lack of
cell–matrix interactions.

Similarly, poly(N-isopropyl acrylamide)-co-acrylic acid (poly(NIPAM-co-AAc)) hydro-
gels containing RGD motifs have been shown to support self-renewal of hESC (HSF-6
hESC cell line) for a short period of time (~5 days) in the presence of MEF conditioned

Fig. 18.2 Incorporation of ECM components into PEG hydrogels resulted in distinct cellular
morphology as seen by actin (red) and DAPI (blue) staining. Scale bar: 10 mm [4] (Reprinted
from Hwang et al., Adv Drug Deliv Rev 2008;60:199–214 with permission from Elsevier)
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medium [41]. The hESC on these PNIPAM-based hydrogels containing higher concentra-
tions of RGD moieties (105–150 mM) showed morphology similar to ESC grown on MEF.
Beyond RGD peptides, these PNIPAM-based hydrogels also contain MMP-13 cleavable
Gln-Pro-Gln-Gly-Leu-Ala-Lys moieties. In a recent study, Lee et al. have devised a three
dimensional (3D) artificial matrix functionalized with integrin binding peptides to support
self-renewal of mESC in vitro in a 3D environment [42]. By employing these artificial
matrices, the authors have demonstrated the importance of simultaneous signaling of
different integrins a5b1, avb1, a6b1, and a9b1 in maintaining self-renewal of mESC.

In another study, Dedra et al. have screened a number of laminin-derived peptides to
identify candidates that can support hESC growth given that the laminin can support in vitro
growth of ESC [43]. Their studies demonstrate that only a few laminin-derived peptides
support the proliferation and self-renewal of ESC (H1 and H9 cell lines) without inducing
differentiation. Of the various peptides studied to identify the critical receptor-ligand pair
for maintaining self-renewal of the ESC, the RNIAEIIKDI sequence with high density was
found to support the adhesion and proliferation of ESC while maintaining their undifferen-
tiated state.

In a recent study, Alberti et al. used immobilized LIF to support self-renewal of mESC,
where the LIF immobilized materials supported pluripotency of mESC for a short culture
time (~2 weeks or six to eight passages) in the absence of diffusible LIF molecules [44]. The
LIF molecules were immobilized by covalently attaching them directly onto poly
(octadecene-alt-maleic anhydride) (POMA) or through PEG based spacer arms on POMA.
The effect of immobilized LIF on the ESC was compared with LIF noncovalently attached
by deposition on ECM coated on POMA hydrogel. The immobilized LIF showed activation
of signaling pathways (STAT3 and MAPK) in a dose-dependent manner, and the mode of
LIF presentation (LIF adhered to the underlying biomaterial via chemical attachment versus
physical adsorption) did not affect their functional properties.

In addition to promoting self-renewal or differentiation of stem cells, biomaterials have
also been employed to deliver progenitor cells into compromised tissues. In vivo transplan-
tation of cells is limited by the death of most transplanted cells and/or their poor engraftment
with the host tissue. Hill et al. recently demonstrated a biomaterial based approach to
circumvent these limitations [45]. The approach involved transplanting progenitor cells
within a synthetic biomaterial (alginate scaffolds functionalized with G4RGDSP), which
promote viability and proliferation of the embedded cells without promoting their terminal
differentiation. In addition to peptide functionalization, the scaffold also contained growth
factors relevant to muscle tissue formation. The migration of cells to the host tissue from the
scaffold is dependent upon the scaffold porosity and it cannot be achieved by using a
hydrogel system (especially non-degradable). Therefore, in this study, the authors used
macroporous alginate scaffolds with open interconnected pores. Such a material-based
reservoir of progenitor cells allowed the migration of the transplanted cells to the host
tissue, and promoted skeletal muscle regeneration.

Beyond supporting self-renewal and proliferation of stem cells, peptides have been used
to promote differentiation of stem cells. For instance, Silva et al. have demonstrated that
self-assembled nanofibers encoded with laminin epitope IKVAV selectively promote neu-
ronal differentiation of neural progenitor cells [46]. Similarly, PEG hydrogels decorated
with collagen mimetic peptides (CMP) have been shown to promote chondrogenic
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differentiation of MSC [47]. Collagen mimetic peptides having a specific amino acid
sequence of -(Pro-Hyp-Gly)(x)-, which form a triple helix structure akin to native collagens,
and thereby represent both chemical and physical characteristics of collagens peptides have
been shown to exhibit strong affinity towards both native and denatured type 1 collagen.

A number of studies have shown enhanced chondrogenesis of adult stem cells in RGD-
functionalized biomaterials [48, 49]. Studies by Hwang et al. have shown that PEG
hydrogels functionalized with RGD peptides support chondrogenic differentiation of ESC
[48]. However, recently emerging studies suggest that the role of RGD is not as direct as it
was thought to be earlier. RGD mediated cell–matrix interactions promote the survival and
commitment of MSC, however, its persistence can limit the terminal differentiation of
differentiating MSC [49]. Manipulation of the material properties by cleaving the RGD,
however, promotes the complete differentiation of MSC undergoing chondrogenesis.

Salinas et al. have modified PEG hydrogels with two peptide motifs, RGD and KLER,
for promoting chondrogenic differentiation of hMSC. The KLER sequence is a binding site
of decorin protein and is known to bind to collagen type II matrix [50]. PEG hydrogels
containing both KLER and RGD moieties were found to promote the chondrogenic differ-
entiation of encapsulated MSC compared to hydrogels containing only RGD.

RGD functionalized PEG hydrogels have also been shown to promote osteogenesis of
MSC, while soluble RGD peptides inhibited such differentiation [51]. Similarly, Shin et al.
have demonstrated enhanced osteogenic differentiation of rat MSC in oligo(poly(ethylene
glycol) (furmarate)) (OPF) hydrogels functionalized with RGD sequences even in the
absence of b-glycerolphosphate and dexamethasone, osteogenic inducing soluble factors
[52]. It was suggested that the interaction between RGD peptides and cell surface integrins
activated intracellular pathways, triggering osteogenic differentiation akin to that seen when
cells are exposed to osteogenic inducing factors such as dexamethasone. This is supported
by other studies indicating that selective activation of integrins can trigger osteogenic
differentiation of progenitor cells [53].

Hsiong et al. have recently reported an enhanced osteogenic differentiation of hMSC in
alginate gels in presence of cyclic RGD over linear RGD. The improved differentiation is
mainly attributed to the enhanced cell surface integrin-ligand binding offered by the cyclic
RGD [54]. A number of studies have examined the role of hydroxyapatite (HAp) binding
peptides for regulating osteogenic differentiation of stem cells [55]. For tethered peptide
(e.g., RGD) sequences on scaffolds, clustering of peptides, their density, number of peptide
per cluster, and cluster size can have effect on the integrin-mediated cellular processes [56].

Functionalizing synthetic biomaterials with peptide sequences can also be used to impart
cell responsive degradability to biomaterials [57]. Biodegradation of ECM in vivo is
mediated by matrix metalloproteinases (MMP), enzymes linked on the cell surface. Conju-
gation of PEG scaffolds with MMP-sensitive GPQGWGQ peptide along with cystine
peptide for adhesion of cells was found to emulate the cell migration and cell invasion
[57, 58]. Additionally, photolabile linkages have been used to release peptide on demand for
chondrogenesis of hMSC [59].

In addition to functionalizing the synthetic materials with peptide groups, coating the
synthetic materials with ECM components to improve adhesivity has been extensively used
for supporting the proliferation and differentiation of stem cells. Levenberg et al. used
Matrigel and fibronectin to improve the adhesivity of porous scaffolds based on a blend of
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poly (lactic-co-glycolic acid) (PLGA)/polylactic acid (PLLA) [60]. The ESC (H9) cultured
on these scaffolds underwent differentiation into ectodermal, mesodermal and endodermal
lineages responding to the differentiation inducing soluble factors. Both fibronectin and
Matrigel supported adhesion, proliferation, and viability of hESC.When implanted in SCID
mice the scaffold supported hESC continued to differentiate and formed organized tissues.
Additionally, the transplanted hESC-laden PLGA/PLLAwas found to anastamose with the
host vasculature. In a similar study by Lee et al. three dimensional poly (lactide-co-glycolic
acid) scaffolds were conferred bioactive by coating with laminin. Differentiated hESC
seeded on this scaffold and transplanted between liver lobules in SCID mice showed
complex tissue formation in vivo and expressed various ECM proteins characteristics of
multiple lineages [61].

18.2.5
Synthetic Biomaterials

In the absence of any cell recognizing moieties, adhesion of stem cells to synthetic
biomaterials is often governed by non-specific protein adsorption. A variety of material
properties (such as functional groups, charge density, roughness, mechanical properties, and
hydrophobicity) can play pivotal roles in determining the extent and type of protein
adsorbed onto the synthetic biomaterials from the surrounding culture conditions (soluble
factors, serum, etc). Beyond modulating the protein adsorption, the chemical and physical
properties of the materials can also regulate the conformation of adsorbed proteins, which in
turn play a significant role in the engagement of cell surface integrins. Such differential
adsorption of ECM components from culture medium and/or protein conformations can
have significant effects on their ability to direct stem cell differentiation.

In a recent study, Phillips et al. investigated the effect of functional groups of the
biomaterials on differentiation of MSC using self-assembled monolayer (SAMs) on
o-functionalized alkanethiols on gold substrates [62]. SAMs having different functional
groups such as �CH3, �OH, �COOH, �NH2, varied in their hydrophobicity (thereby
wettability). The SAMs presenting different terminal groups not only differed in the amount
of fibronectin adsorption but also modulated their conformation differentially. These self-
assembled monolayers having different functional groups exhibited varying differentiation
potential of MSC. SAMs with –NH2 functional groups promoted osteogenic differentiation,
while –OH functionalized surfaces promoted adipogenic differentiation.

Benoit et al. have used a similar approach wherein PEG chains were tethered with small
molecules having different functional groups, to direct differentiation of MSC [63]. Func-
tional groups were introduced on PEG chains by incorporating monomers like methacrylic
acid (�COOH), 3,3,4,4-tetrafluorobutyl methacrylate (�F), ethylene glycol methacrylate
phosphate (�PO4), t-butyl methacrylate (-butyl) and 2-amino methacrylate (�NH2). hMSC
showed osteogenic and adipogenic differentiation in PEG hydrogels containing phosphate
and t-butyl functional groups, respectively, when cultured in growth medium. The observed
trend in differentiation of hMSC within PEG matrices with different functional groups in the
absence of any differentiating media is attributed to altered cell–matrix interaction owing to
the specific functional groups that induce the pathways for production of phenotype-specific
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molecules. In an alternative mechanism, the final differentiation can also be a result of the
nucleated sequestering of cell-secreted molecules by functionality on the matrix. The
functional group-directed differentiation was observed both in the two-dimensional (2D)
environment where the hMSC were plated on hydrogel discs and 3D environment where
the cells were encapsulated within the hydrogel.

Chastain et al. used two different materials viz. PLGA and PCL to modulate the
preferential adsorption of ECM proteins from serum and demonstrated that depending
upon the adsorbed protein the material showed differential effect on osteogenic differentia-
tion of hMSC [64]. The authors showed that the adhesion of MSC onto PCL was mediated
by vitronectin, while adhesion of MSC onto PLGA was mediated by type-1 collagen.
Interestingly, hMSC cultured on PLGA scaffold expressed more osteocalcin when com-
pared to those cultured on PCL, indicating the role of surface characteristics of the matrix
and specificity of integrin binding in differentiation.

Similarly, manipulation of spacer length used to conjugate amines on the surface was
found to alter the adhesion and proliferation of human hematopoetic stem/progenitor cells
(hHSPC) [65]. Amination of grafted polyacrylic acid on polyether sulfone nanofibrous
scaffolds with amines having different methylene chain lengths was found to result in
differential adhesion and colony size of hHSPC. Amines containing two and four methylene
units showed better cell proliferation as compared to hexamethylene amine based spacers in
cytokine supplemented culture. In the absence of serum or specific cell adhesion ligands,
observed cell adhesion on aminated surfaces is believed to be mediated by CD34+ antigens
via electrostatic polar interactions.

Researchers have also been increasingly investigating the ability of synthetic biomater-
ials to support self-renewal and proliferation of ESC in vitro. Studies by Harrisona et al.
have shown that proliferation of mESC increased with an increase in the hydrophilicity of
the surface of poly(a-hydroxy esters) [66]. Surface hydrophilicity of various polymers such
as polylactide, polyglycolic acid and poly(lactide-co-glycolide) was altered by treating with
KOH. The increased cell proliferation was attributed to the increased adsorption of serum
factors, which can act as an intermediate cell binding protein.

There exists a number of tissue engineered organs that were created with the help of
synthetic biomaterial-based three dimensional structural supports. One of the first tissue
engineered organs is human cartilage, and it was achieved by seeding chondrocytes onto a
synthetic biodegradable PLGA/PLLA-based template shaped as a human ear. The cell-
laden scaffold was then implanted into subcutaneous pockets of athymic mice [67].
Specimens harvested after 12 weeks showed the in vivo cartilage tissue formation and
maintenance of the implant structure. Adapting a similar approach, Atala et al. have tissue
engineered functional bladders, where the cells isolated via biopsy were seeded within a
biodegradable scaffold made of polyglycolic acid and collagen and cultured in vitro [68].
Similarly, vascularized bone grafts for critically-sized mandible defects were generated
using synthetic structural supports and MSC from the patient [69]. This was achieved by
creating a titanium mesh cage recapitulating the size and shape of the mandibular defect.
The cage was filled with bone mineral blocks containing human bone morphogenic protein
and the patient’s bone marrow. The filled titanium mesh cage was then implanted inside the
latissimus dorsi muscle of the patient. After 7 weeks of in vivo culture, the tissue engineered
mandible was used to treat the patients’ mandibular defect. Figure 18.3 shows tissue
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engineered organs based on both natural and synthetic materials and stem cells. Aforemen-
tioned examples demonstrate the applicability of synthetic materials in regenerative medi-
cine and also the immense opportunity to explore them for therapeutics.

18.2.6
Biomaterials as a Reservoir of Growth Factors

In addition to being a structural support, ECM components also function as a reservoir of
growth factors and cytokines and coordinate their spatio-temporal release. Biomaterials
have been extensively used to regulate growth factor signaling for stem cells, and most of
the initial efforts were focused on protecting the bioactive agents (by encapsulation) and
achieving their prolonged availability (by slow and/or controlled release) [70]. In such
cases, the release of bioactive agents is achieved through diffusion, degradation, or differ-
ential swelling responding to the external cues such as temperature or pH. Studies have
shown that the release of retinoic acid from PLGA microspheres can direct the differentia-
tion of pluripotent cells into neurons [71]. Carpenedo et al. have used a similar approach to

Fig. 18.3 Tissue engineered human organs using progenitor cells with scaffolds based on natural
and synthetic matrices [9, 68, 69] (Reprinted from Macchiarini et al., The Lancet, 2008;372:
2023–2030, Atala et al., The Lancet, 2006; 367: 1241–1246, Warnket et al., The Lancet, 2004,
364, 766–770 with permission from Elsevier)
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control homogeneous and organized differentiation of EBs of mESC [72]. Since the stem
cell growth and differentiation involve a complex cascade of events engaging multiple
growth factors, researchers have also utilized the sequential release of growth factors to
regulate stem cell differentiation [73].

Mercado et al. grafted recombinant human morphogenic protein (rhBMP) on self-
assembled nanoparticles based on poly (lactide fumarate) and poly(lactide-co-glycolide
fumarate) such that rhBMP is released concurrent with the layer-by-layer degradation of
the matrix [74]. After 14 days of incubation with rat MSC, both types of nanoparticles
containing rhBMP induced equivalent mineralization as directly added rhBMP in growth
media. Similarly, a porous scaffold based on elastase-sensitive polyurethane urea nanofibers
containing insulin-like growth factor (IGF-1) encapsulated in poly(lactide-co-glycolide)
microspheres was found to support growth of hMSC even under hypoxia/nutrient starving
conditions [75]. In this study, IGF-1 showed a triphasic release profile with retained
bioactivity for up to 4 weeks.

In contrast to microencapsulation where the availability of growth factor is dependent
upon the degradation and diffusion kinetics, tethering growth factor onto the biomaterial
ensures its availability in a desired orientation similar to that observed in ECM. Fan et al.
have demonstrated that the surfaces functionalized with epidermal growth factor (EGF)
promote spreading and survival of human telomerase reverse transcriptase immortalized
hMSC (hTMSC) in culture [76]. Additionally, the tethered EGF increased the number of
hMSC colonies formed, unlike soluble EGF [77].

In addition to the above discussed approaches, researchers have employed the inherent
ability of ECM components to bind to various proteins and growth factors to promote
biological activity in synthetic material-based artificial matrices [37]. For instance, PEG
biomaterials were modified with heparin moieties to module growth factor binding. Hepa-
rin, a highly sulfated glycoaminoglycan, contains binding domains for various growth
factors such as bFGF and BMP-2. Benoit et al. showed a sustained release of bFGF (up
to 5 weeks) from heparin domains. In another study, Benoit et al. made use of fluvastatin
release from PEG hydrogel scaffolds in order to activate release of BMP-2 from
encapsulated hMSC, thereby stimulating osteogenic differentiation of these cells [78].

18.2.7
Biomaterials for Immunomodulation

One of the biggest challenges in transplantation of cells is immunorejection as the trans-
planted cells have to overcome the barrier of secreted pro-inflammatory cytokines as a
response to the injury. The secreted cytokines further recruit more immune cells and activate
apoptotic pathways. As a preventive mechanism for such immunorejection by the host cells,
biomaterials are incorporated with immunomodulatory mechanisms. Various functionaliz-
ing and encapsulation approaches have been explored for effective delivery of antigens for
cytosolic delivery [79]. Isolating the transplanted cells using semi-permeable biomaterials
has been conventionally used to protect the transplanted cells from the host immune system.
However, often when encountered by soluble pro-inflammatory cytokines, the transplanted
cells fail to perform.
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To isolate the transplanted cells from such soluble pro-inflammatory cytokines, Lin et al.
used cytokine-antagonizing PEG hydrogels, where the peptides having high selectivity and
affinity for pro-inflammatory cytokine-tumor necrosis factor (TNFa) blocked their interac-
tion with the cell surface receptors [80]. Here, PEG hydrogels were modified with a peptide
mimic WP9QY derived from TNFa-receptor binding site that binds to TNFa so strongly
that it inhibits TNFa from binding to the cell surface receptors. Differentiating rat pheo-
chromocytoma (PC12) cells encapsulated within PEG-RGD-WP9QY scaffolds showed
higher viability as compared to PEG-RGD scaffolds. Similarly, mouse pancreatic islet
cells encapsulated within PEG-RGD-WP9QY did not show any difference in insulin
secretion or metabolic activity when incubated in an environment containing high levels
of TNFa. In another study, affinity peptide-functionalized (WKNFQT1) PEG hydrogels
were formulated to modulate the activity of monocyte chemotactic protein 1 (MCP-1). This
chemokine is known to generate the chemotaxis of monocytes, dendritic cells, and memory
T cells [81].

18.3
Biophysical Cues

18.3.1
Mechanical Properties of Biomaterials

As discussed earlier, the ECM provides a structural support to the cells and acts as a
template for their growth with multifunctional characteristics of providing biochemical
cues. In addition to the biochemical cues, they also provide biomechanical cues (static and/
or dynamic) to the embedded cells. In recent years, stiffness of the biomaterials has been
employed as a knob to regulate cell shape, which in turn plays an important role in
phenotype determination [82]. For instance, Engler et al. showed that the tissue specific
differentiation of stem cells (here MSC) can be achieved by culturing them on substrates
having stiffness comparable to that of the native tissue [83]. Similarly, a number of studies
have shown the effect of material stiffness on proliferation and tissue specific differentiation
of progenitor cells [84–87].

Wang et al. demonstrated stiffness dependent cellular response of hMSC using an
injectable hydrogel based on modified gelatin [88]. The cell proliferation was found to
increase with the decrease in the stiffness of the materials. Further, hydrogels with lower
stiffness showed higher neurogenesis in the absence of any growth factor. Evans et al.
studied the effect of biomaterial stiffness on the differentiation of mESC (TG2aE14) using
poly(dimethyl siloxane) (PDMS) matrices plasma treated and covalently coated with
collagen I to facilitate cell adhesion [89]. Their study demonstrated an upregulation of
mesendoderm markers of mESC with increasing stiffness of the PDMS material from
41 kPa to 2.7 MPa, and the effect was independent of cell density. They also showed
substrate stiffness dependent osteogenic differentiation of the mESC. Studies by Battista
et al. showed limited proamniotic cavity formation of differentiating EBs within collagen
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type 1 gels (three-dimensional environment) having an elastic modulus of 34 Pa as
compared to that of 16 Pa [90].

A recent study by Winter et al. has shown that hMSC become quiescent on ECM-coated
acrylamide hydrogels having an elastic modulus of 250 Pa [91]. These quiescent cells
however further undergo adipogenic differentiation upon exposure to adipogenic inducing
soluble factors, thus indicating the maintenance of their differentiating potential. Rowland
et al. have demonstrated the effect of a combination of ECM components along with
substrate stiffness on modulating differentiation of hMSC using acrylamide hydrogels
coated with various ECM components [92]. A significant difference in cell shape with
response to the ECM components was observed for the same substrate stiffness. Further, the
osteogenic differentiation was more prominent on stiffer matrices. However, the expression
of transcription factor Runx2 varied with the type of the adhesive ECM component used to
coat the acrylamide gels. Taken together cell shape and differentiation pattern, the authors
concluded that a combination of biochemical and biomechanical cues arising from the
extracellular environment is required for stem cell differentiation.

Hydrogels based on PEG and poly-L-lysine (PLL) showed differential interaction with
neural stem cells depending upon the mechanical and chemical properties of the surface
[93]. Particularly hydrogels having modulus of 3,500–5,000 Pa – equivalent to brain tissue,
showed higher cell migration and differentiation. In a range of hydrogels prepared by
varying the molecular weights and mole ratios of PEG/PLL, the neuronal differentiation
was found to increase with the increase in molecular weight of PLL and this effect is
attributed to the increased cell interactions with an increase in the surface charge of PLL.
In another study, the effect of dynamic elasticity of the matrix on differentiation of the cells
is studied by using photolabile crosslinks in PEG based hydrogels whose elasticity can be
manipulated by controlling the photodegradation [94].

In addition to static mechanical cues, cells respond to dynamic mechanical cues. The
cellular response to dynamic mechanicals cues has been exploited to culture them in
bioreactors to induce a physicomechanical microenvironment for promotion of cell prolif-
eration and uniform tissue development [95]. However, dynamic mechanical cues are
beyond the scope of this topic and hence will not be discussed.

18.3.2
Biomaterials for Micro- and Nano-Scale Cues

One of the characteristics of native tissue is its hierarchical organization over different length
scales ranging from nano- to macro-scale. Depending upon the composition and intermolecu-
lar interactions, the ECMmolecules can differ in their organization, thus presenting differential
topological cues to the cells. Advancements in biomaterial technologies, such as micro and
nanofabrication techniques have enabled the development of structures with nano- and micro-
topologies to modulate various cellular functions such as adhesion, alignment, shape, and
differentiation. A recent study by Yim et al. has shown nano-topography induced changes in
focal adhesion, and cytoskeletal organization of hMSC. These cytoskeletal changes signifi-
cantly influenced the viscoelastic properties of the cells [96].
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In another study, the same authors have shown that hMSC, when cultured on Collagen I
coated PDMS substrates with nanoscale grooves of 350 nm width, showed alignment and
differentiation to a neuronal lineage in the presence of neuron inducing factors [97].
Similarly, adult rat hippocampal progenitor cells cultured on micropatterned biomaterial
surfaces modified with laminin showed preferred alignment in the direction of the groove
(13 mm width � 4 mm height) as compared to its non-grooved counterparts and showed
improved neuronal differentiation [98]. Gerecht et al. have evaluated the response of hESC
towards substrates with nanotopography by employing fibronectin-coated PDMS with line
gratings [99]. The ESC cultured on these substrates exhibited elongation and alignment and
reduced cell proliferation. In addition, authors also observed organization and polarization
of cytoskeletal proteins that could be reversed with the aid of exogenous supplementation of
actin disrupting agents.

In an interesting study by Dalby et al. the effect of nano-topographical cues on the
osteogenic differentiation of hMSC was examined in the absence of osteo-promoting
soluble factors using nano-featured poly(methyl methacrylate) (PMMA) substrates with
varying symmetry and degrees of disorder [100]. MSC cultured on disordered surface
showed higher aggregation and osteogenic potential than on the highly ordered or randomly
patterned surfaces. Researchers have also developed self-assembling oligopeptides as
artificial matrices with nanoscale cues [46, 101]. These self-assembled nanofiber-based
matrices have been shown to support growth and differentiation of a variety of cells.

Electrospinning has been used to impart micro or nano topologies to biomaterials,
where the electrospun fibers mimic the fibrillar structure of ECM. Additionally, the long
fibrillar structure induces alignment of the cells and directionality to the growing cells.
Electrospinning has recently gained a lot of attention due to its attractive features, such as
greater control over fiber geometry, flexibility in choice of the polymers, and higher
surface to volume ratio of the resultant fibers for cell attachment. Dang et al. reported the
myogenic differentiation of hMSC on thermally responsive electrospun hydroxyl butyl
chitosan nanofibers [102]. After 2 weeks of culturing, hMSC showed aligned cytoskele-
ton and nuclei on electrospun fibers of hydroxyl butyl chitosan with and without
incorporated collagen I, whereas there was an absence of any preferential alignment on
similar hydroxyl butyl chitosan film. These hMSC with aligned fiber topography and
elongated nuclear shape on culturing in growth medium showed upregulation of myo-
genic gene expression.

Electrospun materials have also been used to direct differentiation of MSC into other
lineages. Li et al. used electrospun polycaprolactone nanofiber for multilineage differentia-
tion of hMSC to adipogenic, chondrogenic and osteogenic differentiation by culturing in
suitable media [103]. In another study, the same authors found that chondrocytes cultured
on nanofibrous PLLA scaffold showed higher proliferation and retained morphology as
compared to microfibrous PLLA scaffold, which demonstrates the different biological
activities of the cell varying with the dimensionality of the fibers [104]. In a similar study
by Shih et al. electrospun reconstituted type I collagen nanofibers were found to support the
proliferation of hMSC while maintaining their potency for osteogenic differentiation [105].

In yet another approach to mimic ECM morphology, Smith and coworkers prepared
PLLA nanofibers by phase separation methods and compared with PLLA films for
osteogenic differentiation of mESC [106]. Matrices based on nanofibers of average
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diameter 50–500 nm and a porosity of 93% showed enhanced spreading and attachment
of ESC. These ESC, when cultured in osteogenic medium, showed increased differentia-
tion towards bone tissue formation as indicated by the extent of mineralization and
expression of osteocalcin. The differentiation of mESC to mesodermal and osteogenic
lineage is attributed to the higher amount of serum protein adsorbed on nanofibrous
scaffolds as compared to films.

In addition to creating nano-sized moieties during the fabrication, inclusion of nano-
materials during scaffold preparation has been explored to elicit favorable cellular
responses. Nanomaterials show unique surface properties such as surface energy, surface
wettability, surface chemistry and topography due to higher surface area and roughness. Jan
et al. reported the use of single wall carbon nanotube (SWNT) based materials for the
differentiation of mouse embryonic cortical neurospheres and neural stem cells (NSC)
[107]. In a study by MacCullen et al. multiwall carbon nanotube (MWNT) encapsulated
within nanofibrous porous polylactic acid (PLA) scaffolds showed improved proliferation
and longitudinally aligned aggregation of hMSC as compared to similar nanofibers without
MWNT [108].

In a novel way to control the undifferentiated state of hESC, Mohr et al. developed a
microwell culture technique [109]. This process was used to develop EBs with controlled
sizes that could be maintained in an undifferentiated state for a long time. The constrained
geometry to control the colony size was defined by PDMS based microwells functionalized
with self-assembled monolayers of alkanethiols to resist the protein adsorption. Uniform
aggregate size and shape of EBs are believed to support the reproducible differentiation of
hESC. Confined geometry of the microwells ensures the cell–cell signaling and colony
aggregation required for survival and self-renewal of EBs. These microwell cultured ESC
could be passaged further with retained pluripotency.

18.4
Two-Dimensional Cultures Versus Three-Dimensional Cultures

Most of the in vitro studies involving stem cells are carried out on 2D tissue culture plates
coated with ECM components, or employing 2D biomaterial disks. These in vitro cultures
do not mimic the physiological environment of the cells and may potentially introduce
culture dependent artifacts. The physiological environment of a cell in a living organism has
a three-dimensional architecture of varying length scales (nano-, mesoscopic-, micro-, and
macro scale). In a classic study, Cukierman et al. demonstrated the differential expression of
cell surface integrins depending upon whether the fibroblasts were cultured in a 2D
environment or 3D environment [110]. Compared to 2D, fibroblasts in 3D displayed
enhanced cellular activities (motility and proliferation) and narrowed integrin usage. Simi-
larly, studies involving cancer cells indicate that 3D cultures providing cell–matrix and cell–
cell interactions could be a powerful tool in cancer research [111].

Significant differences were found in the differentiation profile of ESC when cultured in
a 3D environment versus 2D [112–114]. For instance, the expression of aggrecan in
chondrogenesis of ESC was found to vary in 2D and 3D culture under similar conditions
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as shown in Fig. 18.4 [4]. A report by Levenberg et al. showed that a fibronectin-coated 3D
scaffold supported hESC differentiation and their 3D structure formation compared to their
2D counterparts (fibronectin coated culture plate). They also observed a similar finding
when compared to cells on Matrigel with cells on a Matrigel imbibed 3D scaffold [60].

18.5
Conclusion and Future Directions

Although some of the discussed successful cell based therapeutics demonstrate potential,
there exist reports that illustrate the challenges associated with stem cell therapeutics.
A recent report in PLoS Medicine describes the outcome of a boy who was treated with
human fetal neural stem cells [115]. A boy suffering from ataxia telangiectasia (AT) was
treated with intracerebeller and intrathecal injections of human fetal neuronal stem cells.
However, 4 years after his first stem cell transplantation a glio-neuronal brain tumor of stem
cell origin was found in the recipient’s brain. This reinstates the need to dissect the
important environmental factors, which will solely control lineage/tissue specific

Fig. 18.4 ESC culture in 2D and 3D environment and relative expression of aggrecan under different
conditions [4] (Reprinted from Hwang et al., Adv Drug Deliv Rev 2008; 60:199–214 with
permission from Elsevier)

18 Controlling Stem Cells with Biomaterials 531



differentiation of stem cells, while preventing uncontrolled proliferation and heterogeneous
differentiation of stem cells. This also indicates the need to well characterize the stem cells
and to generate new tools to study them in vitro.

Although advancements in biomaterials have enabled creation of synthetic material
based artificial matrices with precise structural and functional properties, the development
of multi-functional materials that can simultaneously provide multiple dynamic biochemi-
cal and mechanical cues to the embedded cells is still a challenge. Development of such
composite systems will be a key component in the development of next-generation,
biologically-inspired materials. Harnessing the principle of stimuli-responsive biomaterials
could lead to the development of artificial bioactuating systems for stem cell engineering.

Ongoing challenges remain in controlling the material properties of biomaterial-based
artificial matrices spatially and temporally. Major advances have been made in creating
responsive materials and many of them require exogenous interference. It would be
advantageous to create materials that can undergo dynamic changes responding to the
cellular activities mimicking the native tissue remodeling. The combination of material
science, development biology, and systems analysis might be a powerful tool in under-
standing matrix-mediated tissue morphogenesis in multiple scales.

Engineering hierarchical tissues from stem cells requires multiple signals in a spatially
controlled manner. This could be achieved by creating anisotropic biomaterials with
spatially and temporally graded structural, chemical, and mechanical regulatory cues so
as to control the tissue specific differentiation. One of the biggest challenges in biomaterial-
stem cell interactions is its context dependency; cellular response to a single biomaterial
varies depending upon the cell type, soluble factors, and culture conditions. Recently, high
throughput screening approaches have been used to identify cell–material interactions in the
presence of various growth factors and soluble factors, as well as physical cues to evaluate
the effect of culture conditions on stem cell fate [116]. Interdisciplinary approaches
involving material science and stem cell biology not only open up possibilities for transla-
tion but also provides a platform to learn more about the underlying mechanism and the role
of cell–matrix interactions on stem cell fate and morphogenesis.
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Abstract The total product life cycle (TPLC) provides a framework by which medical
device companies incorporate international regulatory guidelines and best practices to
translate product concepts, including novel biomaterial therapeutics, into clinical and
commercial reality. The TPLC emphasizes continuity between all phases of a medical
product’s lifetime, including Concept/Feasibility, Design/Development, Validation, Com-
mercialization/Production, Post-Market Surveillance/Support. This product development
cadence evolves through definition of the unmet clinical need and market opportunity,
application of design control methodologies, consideration of manufacturability and scal-
ability, and execution of the evidence generation and regulatory strategies. Throughout each
of these activities, design controls are leveraged to promote cross-functional engagement of
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sales and marketing, research and development, quality assurance, regulatory affairs,
operations and finance to ensure the medical device will provide a safe and efficacious
solution for patients and surgeons.

Keywords Design controls l Product development l Total product life cycle

19.1
Introduction

Effective translation of next generation biomaterials into safe and efficacious clinical
solutions for patients and surgeons merits an overview of several key aspects of the product
development pathway, including definition of the unmet clinical need and market opportu-
nity, review of design control methodologies, consideration of manufacturability and
scalability, and discussion of the evidence generation (preclinical and clinical studies) and
regulatory strategy processes. In the context of the biomaterial technologies and future
directions illustrated in previous chapters, the objective of the current overview is to provide
perspective of these cornerstones of product development within the scope of the total
product life cycle (TPLC).

The Food and Drug Administration’s (FDA) Center for Devices and Radiological Health
(CDRH) typically provides regulatory oversight for medical devices and biomaterials to be
marketed in the United States. CDRH has provided its TPLC strategic vision which
emphasizes interdependent connectivity of all phases of a product’s development from
inception to obsolescence (Fig. 19.1). In general, the biomedical device industry manages
product commercialization through a matrix of activities embodying this TPLC model that
meshes with international regulatory requirements to ensure the highest quality assurance is
incorporated into the various phases of a medical device’s lifetime. Biomedical device
companies establish a governance structure that meets their business needs and permits
prudent concurrent engineering throughout product development. Typical phases of the
development process are often segmented into Concept/Feasibility, Design/Development,
Validation, Commercialization/Production, Post-Market Surveillance/Support.

19.2
Conceptualization and Preclinical Activities

As the name implies, the Concept/Feasibility stage equates to the discovery phase of the
product life cycle, in which as few as one but typically several ideas or concepts are
prototyped and evaluated with an incubator mentality. Due to its preliminary nature,
the concept phase receives limited quality and regulatory oversight and largely parallels
the bench-top, in vitro and preclinical in vivo studies conducted in academic laboratories to
characterize the potential functionality and efficacy of novel biomaterial solutions.
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Ultimately, based on their preclinical outcomes and the company’s strategic marketing
prioritization, promising concepts are funneled into subsequent phases of the product life
cycle addressed in later sections of this overview.

Some of the most critical aspects of the TPLC occur in the concept phase, including
definition of the unmet clinical need, identification of user needs (surgeon and/or patient),
analysis of the market opportunity and competitive landscape, and intellectual property
protection of ideas to provide a competitive advantage. It follows that even informal incor-
poration of these principles into academic research significantly enhances the probability that
innovative materials and/or product concepts can progress into clinical and commercial reality
whether through university incubators or industry licensing and partnership.

Appreciation for the unmet clinical need that a novel biomaterial may address is of
paramount importance in defining its value and marketability. Significant due diligence is
required to clearly define the unmet need, and the potential inputs are broad, including
interfacing with surgeons/clinicians and/or societies of medical professionals, reviewing
peer-reviewed literature and ongoing clinical trials [1], comprehensive understanding of the
current and future trends of the industry and the treatment paradigm for the target indication,
evaluating potentially competitive products and companies operating in or near the indica-
tion of interest, and even engaging reimbursement experts (health technology assessors for
insurance companies and hospitals or independent consultants in the field). Synthesis of this
market research data will not only substantiate (or possibly refute) the perceived unmet

Fig. 19.1 Total product life cycle (TPLC) model detailed by the FDA’s Center for Devices and
Radiological Health Source: FDA Center for Devices and Radiological Health
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clinical need, but more clearly define who will use it, what supportive evidence must be
generated, who will ultimately be willing to pay for it, and how much it is worth. Given the
clinical indication targeted, identifying materials or products currently marketed for that
indication provide a basis to establish whether a new material solution will ultimately be
categorized with clinical utility (1) similar to that already provided by marketed products
(or a “me-too” product), (2) incrementally evolves existing therapies, (3) substantially
improves the treatment paradigm or (4) transformationally impacts either the mode of
implantation (delivery) or healing (repair and/or regeneration) in an entirely new and
potentially game-changing manner [2]. Due to the maturity of biomaterials in medicine,
medical device companies have immense options to leverage pre-existing biomaterials with
long and proven histories of clinical safety and efficacy, including natural (collagen,
hyaluronan, fibrin), synthetic (polylactides, polyglycolides, polycaprolactones, polydioxa-
nones), and inorganic materials (hydroxapatite, tricalcium phosphate). In some instances,
this historical data serves as a rather formidable barrier to entry for novel biomaterials
lacking a well-established safety profile and clinical adoption. While it is likely that the
greatest commercial value of a new biomaterial product would ultimately be realized from
new in-class, transformational biomaterials, factors such as freedom to operate, market size
and growth rate, development lead time, competitive landscape, and evidence generation
and regulatory filing requirements coalesce to underpin true valuation. Depending upon the
clinical indication, there may be tangible commercial advantage to new solutions which
offer incremental or substantial improvements to the form or function of existing materials
that have well-accepted and proven clinical track records in the same or alternate indica-
tions. Further, while transformational innovation is enticing based on the potential financial
windfall from a new in-class biomaterial therapy, these technologies are typically accom-
panied by significant costs (both real and opportunity) and may add considerable risk to a
company’s strategic business plan. It follows that more risk averse companies may prefer to
mitigate product development risk by devoting resources to incremental or substantial
product improvements to ensure long term stability and viability of their business entity.

Once the target unmet clinical need is clearly defined, scoping the user needs ensures the
proper inputs will be taken into account as the form, fit and function of the biomaterial
therapy are developed. User needs are aptly summarized as capturing the requirements of all
stakeholders that interface with the product and eventually evolve into the product speci-
fications. Primary stakeholders are the patient that will be receiving the therapeutic bio-
material and the clinical team, including the surgeon and operating room (OR) staff that will
be handling and delivering it to the site of repair or participating in the surgery or procedure.
At the highest level, user needs are qualitative product attributes obtained during prelimi-
nary market research and validated continuously throughout the product development
process. Key attributes that are important to the patient are focused on those related to
safety and efficacy of the biomaterial, including biocompatibility, quantity and chemical
identity of degradation bi-products if the material is bioresorbable, resorption mechanism
and profile relative to the therapeutic requirements for the specific indication, and the three-
dimensional architecture and surface chemistry given the interaction with host cells. In
addition to these therapeutic attributes required for clinical success in their patients, surgeon
users and OR staff are conscious of the material’s intraoperative integrity to support
handling and manipulation, mode of delivery and function of supporting devices that
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facilitate placement, method and durability of fixation in the site of repair, product sterility,
packaging and presentation to the sterile field. Evaluating and incorporating these and many
other product attributes into the design process at the concept phase will facilitate more
robust clinical solutions and dramatically increase the probability that the final product will
address the complete scope of user needs.

A firm understanding of the competitive landscape, market opportunity and growth rate
provides substantial value both initially and throughout the product development process. It
is of unequivocal significance to know and understand the competition’s trends and
tendencies in both the past and present to more reliably predict the future path to ensure
that a new product concept remains a viable candidate for market penetration, creation and
even leadership. Additionally, it is likely that competitors are pursuing broad and potentially
insurmountable intellectual property protection for their own products and indications.
While it is ideal to be exclusive and grow alone in a particular clinical indication, a large
target market still provides opportunity for multiple players to participate and drive growth.
In certain cases, competition and an evolving treatment paradigm can be a significant ally to
new product development efforts for several reasons, including reinforcing the sense of
urgency, maintaining customer focus and elevating the design rigor to ensure the highest
caliber product will reach and meet the customers’ needs more effectively than the
competition.

Independent of whether novel biomaterial solutions are categorized as incremental,
substantial or transformational or whether they are conceptualized in academia or indus-
try, robust intellectual property (IP) protection of new ideas is of paramount importance to
value and commercial potential. Ideally, the patent or patent suite protecting a specific
technology will provide both exclusivity, indicating the owner has the right to exclude or
prevent others from using the intellectual property, and freedom to operate, meaning there
is absence of third-party IP rights that impede a patent owner’s progress toward achieving
their desired commercial goal [3]. Thorough review of the current IP landscape for the
biomaterial formulation/composition of matter and specific method or application(s),
including a geographical review in all markets being considered for the commercializa-
tion of the technology, is critical to defining the IP valuation of a specific biomaterial
solution. The IP review process facilitates identification of the competitive landscape or,
depending upon the inventor’s position and the intellectual property maturity of the space,
the partnership landscape. For example, patent claim(s) that provide an owner with
focused exclusivity but without freedom to operate due to third party coverage in the
space may have limited commercial value in isolation. However, value may be created
through partnership or licensing the patent to the third party with freedom to operate in
the indication of interest. Clearly, the breadth and depth of the claims and geographical
coverage that provide the broadest exclusivity and freedom to operate only serve to
enhance a biomaterial or product’s value to the inventor. While novel chemical species
and biomaterial formulations may be more straightforward to protect; freedom to operate
in the target indication(s) must receive adequate due diligence early in the IP and
patenting process. Furthermore, depending upon the specific market opportunities, a
novel material that is capable of being leveraged as a platform technology for multiple
indications may provide substantial commercial value relative to a material that is
restricted to a single clinical indication. Finally, the desire to publish and present new
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and perhaps groundbreaking scientific data at the first opportunity must be carefully
balanced with the challenges that public disclosure could propagate later in the patenting
process. It is important to ensure that proper invention disclosures have been filed prior to
sharing information in a public forum.

The previous concept phase deliverables largely detail collection of data that indicate
how a new product should perform in the target indication in order to effectively meet
the user needs. The final critical aspect of feasibility research is demonstration that the
product concept actually does or has strong potential to address those user requirements
to be a viable commercial product. A thorough, well designed preclinical test plan is
essential to demonstrating feasibility and advancing a product concept into subsequent
stages of development. Initial evaluations typically include relevant in vitro biological
and biomechanical analyses to demonstrate the material has the proper chemical and
physical characteristics to function in the target indication. When practical, physical
performance testing should be performed with appropriately recognized standards estab-
lished by organizations such as the American Society for Testing Materials (ASTM) [4].
Biomaterial scaffolds designed to serve as matrices for cellular based repair are typically
screened for their ability to support cell adhesion, division and/or differentiation to
support native matrix deposition. Depending upon their intended use, relevant physical
characteristics such as porosity, pore size and pore connectivity, and mechanical attri-
butes, including compressive or tensile strength, of a biomaterial are characterized to
demonstrate their capability to support not only their in vivo requirements post-implantation
but also intraoperative handling and fixation during the surgical procedure. In parallel with
mechanical integrity studies of the native biomaterial, analysis of the mode and rate of
degradation in both structure and mechanical properties is also typically evaluated for
biodegradable materials in the scope of in vitro aging and degradation studies. Simulated
use studies to evaluate the intended delivery and fixation methods are also essential to
thoroughly understand the intraoperative performance of a new biomaterial solution. For
example, if the material is to be delivered in liquid form and subsequently cured on
demand in situ, constraints of the surgical technique envisioned for delivery of the
material should be well understood early in the concept phase. If the target indication
is one typically performed in a salinated environment, including arthroscopic knee,
shoulder or hip surgery, the concept may extend far beyond development of the flowable
biomaterial itself and also include novel delivery instrumentation that promotes delivery
in a fluid milieu. Equally important is evaluation of the intended fixation methodology to
be leveraged for retaining the biomaterial at the site of repair, including the use of natural
or synthetic adhesives, bioresorbable or permanent sutures or tissue staples, or an entirely
novel fixation technique.

Depending upon the ability to leverage predicate clinical data, preclinical animal
studies may also be required to demonstrate safety and efficacy of the product. As
discussed later, biocompatibility testing to establish safety and toxicity commensurate
with the intended use and exposure duration of a biomaterial is required. Under certain
circumstances predicate data can be leveraged; however, formulation variants or new
material combinations likely necessitates completion of new testing of the proposed
material. Preclinical safety and efficacy studies are generally viewed as critical supportive

19

546 B.A. Byers and D. Baksh



data for any biomaterial product regulated under Investigational Device Exemption (IDE)
status by FDA [5]. When readily available in peer-reviewed literature, it is desirable to
leverage well characterized and commonly accepted animal models. If model develop-
ment is necessary, prudent and methodical characterization of the new model will likely
be required in support of any future regulatory filings. Independent of the indication, a
properly designed efficacy study will have measurable outputs and be statistically pow-
ered to detect differences between the study group and a relevant control over a clinically
relevant post-operative follow-up period. Importantly, the control arm(s) of a study may
range broadly to consist of a sham procedure, empty lesion/defect or, perhaps more
appropriately, the current standard of care for the indication. Given moral standards
imposed on human clinical studies and the increasing relevance of comparative effective-
ness, it is unlikely that a sham surgical procedure would be approved by the FDA as a
comparator in a human clinical study provided an established standard of care exists. It is
therefore prudent to adopt this rigorous approach when designing even early stage
preclinical animal studies. Studies comparing to sham or “no treatment” may provide
an unrealistically low efficacy threshold, and therefore present business risk in that they
do not establish the baseline efficacy offered by the current standard of care. Inclusion of
a standard of care comparator may raise the efficacy bar for a new material, but this
approach potentially limits development risk by revealing deficiencies in a new product’s
therapeutic prospects early in the development life cycle. A multi-species preclinical data
set is also value added, as demonstrating efficacy in multiple species will significantly
strengthen an IDE application. The formal transition between “proof of concept” preclin-
ical animal studies and more advanced preclinical evaluations intended to support FDA
filings is often difficult to predict, so it is encouraged to conduct preclinical studies in
compliance with Good Laboratory Practices (GLP) for Nonclinical Studies [6]. In
summary, developing a high caliber preclinical strategy that incorporates sound experi-
mental design, appropriate comparators, measurable outputs and relevant endpoints into
the earliest stages of preclinical animal work can dramatically reduce development time
and improve decision-making capabilities. Additionally, a more robust preclinical data
package will enhance any IDE application.

As demonstrated by this overview, the Concept/Feasibility stage is clearly much
more than conjuring up a good idea and conducting a few ad hoc experiments to
demonstrate that it may have some clinical promise. In commercial reality, the Concept
phase is the foundation that the product development cycle builds upon going forward.
A rigorous and detailed approach at the earliest stages of innovation will undoubtedly
improve a product’s robustness and ability to exceed all anticipated user needs as well
as those attributes that are sometimes “accidentally” identified as the design matures
during later phases of development and is validated with additional surgeon user
feedback. Although the timing and level of evidence required to officially charter a
concept project into the next stage varies across the biomedical device industry, at some
critical juncture a decision point arises, and a project will either be terminated or the
feasibility data and business case develops in which identified risks have been suffi-
ciently mitigated to justify commitment of additional resources and the Concept project
transitions to the Development phase.
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19.3
Development and Design Control: Engineering Rigor and Quality Systems
Implementation

Once a product concept translates into the Design/Development pipeline, international
standards provide a framework in which companies conduct, monitor and document the
cadence of activities associated with the design and manufacture of the medical device.
Specifically, the United States Food and Drug Administration (FDA) has published the
Quality System Regulation (QSR) [7] and the European Union observes the International
Organization for Standardization (ISO) 13485:2003 [8] to ensure the highest quality
assurance practices are used in the design and manufacture of medical devices.

The intent of this section is to provide a brief but non-comprehensive overview of the
critical aspects of the medical device design control framework as highlighted in the
regulations (Fig. 19.2) [9]. Depending upon the ultimate classification of the product by
FDA, additional regulations may apply, including those applicable to drugs and/or biolo-
gics. Per FDA guidelines, specific application of these regulations is the responsibility of
the company based on the scope of the product they are developing. Simply stated, design
controls are a series of checks and balances that focus on routine and thorough review of the
design throughout the development process to ensure the design addresses the user needs
and design requirements and that the project is properly resourced to execute on the
development plan. The development life cycle has been portrayed in a waterfall model
(Fig. 19.3) which prompts review and cross-functional approval of the design at multiple
phases of the design and development process, including evaluation of the processes by
which the device is to be manufactured. While the regulations can be over interpreted as
burdensome, in reality, they provide an operational framework that, when executed prop-
erly, can actually reduce a company’s financial risk and expedite development of safe and
efficacious medical devices [10]. As an example, identifying the need for and implementing
a critical design or formulation change or manufacturing optimization earlier in develop-
ment is likely to be significantly less costly than when a product is already marketed.

19.3.1
Applying Design Controls

Per FDA regulations, medical devices are stratified into three categories (Class I, II or III)
based on their complexity and extent to which they pose patient risk with regulatory
oversight increasing from Class I to III [11]. Class I devices (tongue depressors, examina-
tion gloves, hand-held surgical instruments, etc.) present minimal potential for harm to the
user and are subject to general controls, including good manufacturing techniques and
appropriate labeling. Most Class I devices are exempt from FDA pre-notification require-
ments. Class II devices are generally categorized as non-invasive (infusion pumps, electri-
cally powered endo/arthroscopes, needles and suture material, etc.) and require additional
controls typically including premarket notification 510(k). Legal marketing of a substantially
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Fig. 19.2 Summary of the components of the design control framework. Source: 21 CFR Part 820,
Subpart C, Section 820.30
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equivalent or “predicate” device in the U.S. may result in some biomaterial therapies being
rated as Class II devices. Class III devices (drug-eluting stents, heart valves, orthopaedic
implants with growth factors, etc.) are viewed as higher risk devices or lack an equitable
pre-existing comparator for a 510(k) application. Manufacturers of Class III medical
devices are required to demonstrate safety and efficacy in the target patient population
and obtain premarket approval (PMA) prior to commercialization. Design controls
must be observed by medical device manufacturers of select Class I and all Class II and
III devices.

19.3.2
Design and Development Planning

The focal aspects of design control ensure cross-functional engagement of sales and
marketing, research and development, quality assurance, regulatory affairs, operations
(manufacturing and supply chain) and finance to navigate the product development life
cycle. Based on the diversity of the project team and breadth of requirements to develop
a product, it is imperative to implement an effective plan to guide the team’s activities.

Fig. 19.3 Design control applied through waterfall process (used with permission of the Medical
Devices Bureau, Health Canada)
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While the project plan will provide a baseline estimate as to how long it will take to
complete the design control deliverables, the most significant objective of the plan is to
ensure the project is adequately resourced, demonstrate cross-functional ownership and
establish alignment for the deliverables detailed in the plan. It follows that a more
rigorous planning process typically leads to fewer questions on action item ownership
and execution later in development as well as more accurate forecasting of the launch
timeline. Importantly, the future can never be predicated, and design or manufacturing
challenges are certain to present themselves throughout the product development life
cycle. It is critical to continually update the project plan as the scope of the develop-
ment process evolves and to maintain cross-functional approval and alignment as
development progresses.

19.3.3
Design Inputs

Design inputs are the foundation of the design and design control process and are initially
derived (or output) from the series of activities previously discussed in the Concept/
Feasibility phase, including the user needs, market need and reimbursement potential, and
performance characteristics obtained in laboratory or preclinical testing. Accurate and
thorough scoping of the design inputs will improve the efficiency and reliability of the
design and development process. In addition to the natural safety and effectiveness attri-
butes established in the product performance requirements, physical size and shape,
stability, biocompatibility, sterilization, packaging, storage, intraoperative handling and
delivery, and required regulations and standards must all be identified early on for implant-
able biomaterial therapies. Design inputs should be specific and measurable product
performance specifications. Creating “wish list”, ambiguous and/or conflicting design
inputs may establish requirements that the device is unable to attain or send the project
team back into a loop to resolve open design inputs [9].

19.3.4
Design Outputs

As noted above, the first design outputs originate from the work conducted in the feasibility
phase to form the initial design inputs of the development phase. Ultimately, it is the
primary role of the project team to demonstrate that the design outputs meet the design
input requirements to ensure a safe and efficacious device is marketed. The outputs of the
design establish specific acceptance criteria that are approved by the design team and
ultimately verified through inspection or testing, including product specifications, compo-
nent and assembly level drawings and tolerances, raw material specifications, risk analyses,
packaging and labeling, manufacturing specifications and procedures and results of device
testing. Detailed documentation of the team’s activities evaluating the design will ensure
that each design input is traceable to an output, thereby demonstrating that all design inputs
are satisfied by the design.
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19.3.5
Design Review

Formal design reviews are opportunities to review the status of a design at key phases of the
product development life cycle. The foremost intent of the design review is to identify
potential issues or risks with a design at each phase before it advances to later stages of
development in which additional human and financial resources will be committed to the
development effort. This checks and balances system is highlighted in the waterfall diagram
model (Fig. 19.3) that illustrates the recurring review process throughout the product
development life cycle; however, it is necessary to emphasize that the intent of the design
review and design control process in general is not to entirely compartmentalize the
different phases of product development and that prudent concurrent engineering should
be employed whenever relevant risks have been mitigated.

Typically, design reviews occur under the oversight of an independent individual or
team with relevant technical expertise to thoroughly evaluate the merits of the design. The
independent review team evaluates all aspects of the device development to assess risk and
ensure the design outputs meet the design inputs established for the design. Depending
upon the complexity of the design and manufacturing process, the independent design
review team may be populated with multiple cross-functional roles. After all, a medical
device is more than just a single design engineer’s responsibility, so limiting a design review
to only one technical research and development design reviewer may not fully capitalize on
the opportunity to review the other critical program requirements such as manufacturability
or quality assurance documentation. While most cross-functional teams operate in an open,
effective environment where critical information flows readily, preparation for and execu-
tion of the design review also allows the project team to review and share all information
and reflect on previous activities to identify potential gaps in the verification process.

19.3.6
Design Verification

Design verification is the mechanism to confirm that the design outputs satisfy the design
inputs. Verification testing can be fairly broad in scope, incorporating inspection, functional
performance testing under nominal and or extreme conditions of the design or
manufacturing processes, risk analysis, biocompatibility, evaluations of conformance to
regulations and standards, packaging evaluations and compatibility with the intended
sterilization process.

Acceptance criteria and sampling plans established in design output procedures and
protocols correlate to the risk analyses conducted. The failure-modes effects analysis
(FMEA) is a summary of all potential failure modes associated with a device, subassemblies
or components and serves as a foundation for the design verification test plan. Naturally, the
greater the risk of a potential failure mode, the more robust the design controls (inspection,
testing, etc.) must be to ensure the product is extremely well characterized to mitigate risk of
that failure mode occurring in the field. For example, if a biomaterial has a specific
compressive strength specification, the components of the FMEA, including the severity,

19

552 B.A. Byers and D. Baksh



projected occurrence and/or design controls in place to detect a potential failure to meet this
specification can be leveraged to establish risk-adjusted acceptance criteria for the design
output. Design verification puts the test plan in action by conducting functional testing to
demonstrate that the biomaterial will perform as expected at the necessary confidence and
reliability levels to mitigate risk of a particular failure occurring. Risk-adjusted statistical
techniques can be applied to both variable (quantitative) and attribute (pass/fail) specifica-
tions. Continuing the example of compressive strength, the closer the actual compressive
strength of the biomaterial is to the specification or the greater the variation observed within
or across different manufacturing lots of product, the more testing a design team must
complete to confidently demonstrate that the compressive strength will always meet the
specification. It follows that a sufficiently robust design should provide adequate confidence
and reliability, such that the nominal compressive strength of the material exceeds the
specification by an acceptable statistical margin.

In the context of the current review of next generation biomaterials, the criticality of
biocompatibility certainly merits specific consideration. Through its Blue Book Memoran-
dum #G95-1, FDA currently recognizes ISO 10993 [12] as the appropriate series of standards
for biocompatibility conformance. Biocompatibility confirms that the safety and toxicity of
the biomaterial is acceptable for the intended use such that the biomaterial will not produce
adverse effects locally or systemically, be carcinogenic, or adversely affect reproduction or
development. The scope of testing to confirm acceptable biocompatibility is a function of the
tissue type(s) (blood, soft tissue, bone, etc.) the device will be contacting as well as the
duration of exposure. This requirement and potential risks associated with new biomaterial
formulations are the basis for manymedical device companies continuing the propagation and
development of biomaterials with a proven history of clinical safety and biocompatibility.
Regardless, next generation biomaterial compositions will be developed, and they are to be
tested for biocompatibility on a product representative of the “finished good”, incorporating
all of the raw materials and potential additives of the manufacturing process as well as the
terminal sterilization process. This ensures no adverse interactions result from the sterilization
mode. The scope of the testing requirements are a function of the intended use and duration of
exposure of the biomaterial, including acute, sub-acute and chronic toxicity; irritation to skin,
eyes and mucosum; sensitization; hemocompatibility; genotoxicity; carcinogenicity; and
effects on reproduction and development. Requirements can further escalate for specific
indications, including neurotoxicity or immunotoxicity. Once the scope of testing is identified,
biocompatibility testing should be conducted in partnership with clinical research organiza-
tions that have a proven, credible history of implementing these well-established models with
proper positive and negative controls run in parallel. Further, these studies should be
conducted in accordance with GLP techniques.

19.3.7
Design Validation

Design validation establishes that the design meets the user needs and intended use
requirements and is evaluated once design verification has been completed. The principal
activity of design validation is confirming the device performs as expected under the
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conditions anticipated and in the hands of those that will actually use the device in the
clinical setting. To achieve this objective, the FDA’s expectation is that manufacturers
confirm that initial production batches are evaluated under actual or simulated use condi-
tions. It is anticipated that design validation will occur later in the development timeline
such that product evaluated is produced to be representative of the actual long term
manufacturing process. It is preferred that these manufacturing processes would have
been previously validated to ensure product evaluated is truly representative of that to be
produced on a routine basis. As with all phases of product testing, documenting the
source of product used for the validation in the approved protocols and reports is critical,
as is an appropriate rationale should the validation occur with product from any other
source than the routine manufacturing process.

Under the most basic validation strategy, an accepted and qualified in vitro test could be
leveraged to demonstrate conformance to the user needs; however, it is more common to
perform simulated use testing in a cadaver setting. This strategy ensures the clinician,
surgeon and associated staff are unpackaging, handling, preparing, and implanting the
biomaterial device in a manner consistent with how it is intended to be used in the clinical
setting. This simulated use testing is conducted in accordance with the instructions for use
(IFU) that is published to document the surgical technique and indications for which the
device is intended, and all supporting surgical instruments, delivery systems, etc. should be
included in the evaluation. It follows that design validation activities again prompt review
of the risk analyses, both design and procedural, to adequately document newly identified
risks that arise in the hands of the intended user. As is expected due to their full engagement
with the product being developed, design engineers and project team members become
experts with the biomaterial device and/or procedural technique, and by default, failure
modes may not be adequately understood until the product is handled by someone less
familiar with the product’s attributes and intended use(s).

19.3.8
Design Transfer

Once design validation is complete, the next phase of the design control process is design
transfer. Quite simply, as the name implies, this step of the process involves the “transfer” of
the product from the design phase to manufacturing. This is addressed in the Production and
Process Controls Section of the QSR [13]. It only makes business sense that companies devote
sufficient due diligence to the manufacturing process to ensure that a product can be made
efficiently, reproducibly, and affordably. Proper manufacturing controls combined with rigor-
ous quality oversight and inspection of manufactured goods, ensure that medical devices meet
the design intent and will be safe for the patient. Additionally, medical device companies
operate under the objective to establish acceptable profit margins in order to reinvest into the
research and development pipeline and grow the business, so product cost relative to the
intended sales price is always a key input to the design and manufacturing process.

It is understood that a considerable amount of time is often required to bring
manufacturing facilities on-line, and more complex devices may require significantly
more manufacturing resources to develop and qualify the manufacturing processes. As a
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result, it is often a prudent business decision to fully engage the manufacturing personnel as
early in the design process as possible to partner in the design engineering effort and ensure
that the final design is indeed manufacturable over the expected lifetime of the product.
While this practice of concurrent engineering in the design control process may add
additional costs and resource requirements to the project in the short term, it can save
considerable time and investment and mitigate risk that the perfect design can never be
manufactured. As with design controls, process control and validation centers on documen-
tation and approval for all steps of the manufacturing process, and all operators conducting
the manufacturing processes must be adequately and continuously trained. The intent of
process validation is to ensure the product is made consistently with the highest quality
assurance. When possible, all aspects/steps of the manufacturing process should be vali-
dated. Process validations typically identify an acceptable process “window” or range for
parameters that will yield a final product that consistently meets the design requirements. In
real world manufacturing, process parameters cannot be so constrained that consistent
manufacturing is unachievable. This is an especially important aspect to consider for new
biomaterial formulations. Even at the earliest phases of chemical synthesis, it is imperative
to establish an understanding as to the process variables which impact the attributes of the
finished good, including time, temperature, catalyst, reactor volume and source, shelf-life
and purity of the raw materials, etc. Clearly, if biomaterial synthesis is not repeatable or
scalable, the probability of commercial success is severely limited.

While the most critical aspect, manufacturing the product is only one challenge of the
manufacturing process validation. Additional requirements to be addressed during the
development process that are transferred to manufacturing include packaging and steriliza-
tion. Implantable biomaterials must be distributed in a format that maintains their sterility
and integrity/stability under the potentially extreme conditions observed during transit and
storage. Further, the packaging configuration must be intuitive for the end user to open and
extract the device or implant. Special processes such as drying and sealing may also be
required to ensure environmental factors such as moisture do not prematurely degrade
biodegradable polymers susceptible to hydrolytic cleavage. Ideally, a finished good bio-
material will be stored at or near room temperature such that it can be stocked in distribution
centers and hospital/surgical center storage requirements at minimal cost. Consideration
should be given to special storage and shipping conditions in the event the product must be
shipped and maintained in a cold environment. While still a viable option, these constraints
will complicate the supply chain and likely add undesirable cost to the product. Finally, the
sterilization mode could have a significant impact on the manufacturing and packaging
processes. Due to cost implications of aseptic processing, it may be preferable to sterilize a
product post-manufacture using ethylene oxide (EtO), gamma irradiation or electronic
beam (E-beam). As detailed in the design verification section above, it is critical to confirm
that the sterilization process selected is compatible with the device and does not adversely
impact the physical properties or functional performance of the components and/or final
assembly or configuration of the medical device. As with the assembly and process
validations that are conducted for a device, packaging and sterilization validations are
also required to demonstrate that these processes adequately mitigate risks identified in
the failure-mode effects analysis. Specifically, the sterilization cycle must ensure and the
packaging must maintain product sterility, and the impact of the sterilization process itself
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should not introduce additional issues, such as EtO residuals or chemical reactions resulting
from the irradiation process that could compromise biocompatibility.

19.3.9
Design Changes

It is to be expected that a design or biomaterial will evolve during the development life
cycle, as even the most thorough feasibility and prototyping and rigorous project planning
and risk analyses do not always capture every failure mode. Significant information is
obtained throughout development as production tooling is manufactured and parts are
inspected, assembled and tested. In fact, thorough design verification testing could demon-
strate the occurrence of new failure modes that were not predicted based on prototypes.
Design changes are managed through the design control process, and relevant design
verification and validation and process validations must be repeated, documented and
approved appropriately. It is important for quality assurance and regulatory affairs to review
the scope of the design change in the context of previous regulatory submissions to
understand whether additional filings are necessary to inform FDA of the design change.

19.3.10
Design History File

The design history file serves as a complete record of evidence that design control was
followed during the development process, including cross-functional approval of all the
iterations/versions of documents required under the design control system, such as the
development plan, design inputs and specifications, design outputs, design verification and
validation, drawings and documentation of the design reviews that occurred throughout
development.
In summary, the components of design controls are intended as a series of checks and
balances that guide the product development team through routine and thorough reviews of
the design throughout the development process to ensure the device is safe, performs as
intended and is manufactured with high quality standards. Documentation generated under
this framework serves to demonstrate that appropriate rigor is being imparted during the
design process and that cross-functional approvals are being obtained at strategic points
throughout development.

19.4
Regulatory Strategy and Evidence Generation

A product’s regulatory strategy, whether 510(k) [14] for Class II and select Class I devices
or PMA [15] for Class III devices, is typically scoped early in development. The device
classification is a function of the intended use, indications for use and risk posed by the
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device, and the FDA publishes a classification database and corresponding classification
regulations to assist manufacturers in the identification of the appropriate classification of
their device. The regulatory filings and clinical evaluations required in association with
either regulatory path are also defined in the regulations. As noted above, Class II devices
must demonstrate substantial equivalence to a predicate device and typically leverage prior
clinical safety and efficacy data of the predicate, as only a small fraction of 510(k)
premarket notifications require clinical evidence to support marketing clearance. Clinical
evaluation of Class III devices is regulated under the FDA’s Investigational Device Exemp-
tion (IDE). An IDE permits the investigational device to be used in a clinical study in order
to collect safety and effectiveness data required in support of a PMA application or, as
needed, a 510(k) submission. Once approved by the FDA, clinical study protocols are
routed to local Institutional Review Boards (IRB) that monitor clinical evaluation activities
and patient welfare at specific hospitals and/or surgery centers. Once these approvals are
obtained, a clinical study can be conducted on the investigational device. Typical clinical
evaluations of medical devices are comprised of a pilot study, which evaluates safety in a
limited patient population for the target indication, and the pivotal study, which assesses
safety and effectiveness in a much larger patient population intended to receive the device.
If a combination product (medical device plus a drug and/or biologic) is regulated by an
agency other than CDRH, the clinical study structure may follow that of a drug or biologic
and consist of three phases, including Phase I, II and III [16]:

Phase I Trials: Initial studies to determine the metabolism and pharmacologic actions of
drugs in humans, the side effects associated with increasing doses, and to gain early
evidence of effectiveness; may include healthy participants and/or patients.

Phase II Trials: Controlled clinical studies conducted to evaluate the effectiveness of the
drug for a particular indication or indications in patients with the disease or condition
under study and to determine the common short-term side effects and risks.

Phase III Trials: Expanded controlled and uncontrolled trials after preliminary evidence
suggesting effectiveness of the drug has been obtained, and are intended to gather
additional information to evaluate the overall benefit–risk relationship of the drug and
provide and adequate basis for physician labeling.

Independent of the clinical path followed, manufacturers must demonstrate their
adherence to design controls in the development of the investigational device and ensure
that robust risk analyses have been completed at each phase. Employing rigorous clinical
trial design, execution, monitoring and follow-up is critical to assessing the clinical
potential of a new biomaterial therapy. Clinical trial design must incorporate an appropri-
ate comparator, which typically is noted as the clinical standard of care for the target
indication. Relevant inclusion and exclusion criteria must be established to ensure the
target patient population will enable the sponsor to draw appropriate safety and effective-
ness conclusions. Clinical endpoints for the study groups range broadly, including
survival, patient reported outcomes (PROs) for pain, function and quality of life, func-
tional performance or activity-based tests, diagnostic imaging, etc. As detailed in the
preclinical section earlier, the clinical study design must be powered to detect clinically
meaningful differences between the study groups at relevant post-operative time points.
Ultimately, the clinical study outcomes should enable the sponsor to assess the
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“comparative effectiveness” of a candidate biomaterial or device relative to the standard
of care by evaluating the safety and efficacy profiles as well as the impact on the surgical
procedure time or degree of invasiveness in the context of the differential cost of the two
therapies. While positive clinical outcomes are necessary to attain regulatory approval,
demonstrating a health care cost benefit relative to a well-established standard of care will
be a key driver in supporting reimbursement efforts with insurers and hospitals to
facilitate adoption of a novel biomaterial solution.

Historically, biomaterials have been regulated by CDRH as devices; however, an
important point to emphasize as introduced in the discussion on clinical trial design is
that more complex devices, such as biomaterials impregnated with active drugs or bio-
logics, are classified as combination products by FDA. Regulation of these products is
determined by the FDA Office of Combination Products (OCP), which functions to develop
guidance and regulations for combination products and assign an FDA center to have
primary jurisdiction for the regulatory oversight of the combination product. The OCP
defines combination products to include [17]:

(1) A product comprised of two or more regulated components, i.e., drug/device, biologic/
device, drug/biologic, or drug/device/biologic, that are physically, chemically, or
otherwise combined or mixed and produced as a single entity.

(2) Two or more separate products packaged together in a single package or as a unit and
comprised of drug and device products, device and biological products, or biological
and drug products.

(3) A drug, device, or biological product packaged separately that according to its investi-
gational plan or proposed labeling is intended for use only with an approved individu-
ally specified drug, device, or biological product where both are required to achieve the
intended use, indication, or effect and where upon approval of the proposed product
the labeling of the approved product would need to be changed, e.g., to reflect a change
in intended use, dosage form, strength, route of administration, or significant change in
dose; or

(4) Any investigational drug, device, or biological product packaged separately that
according to its proposed labeling is for use only with another individually specified
investigational drug, device, or biological product where both are required to achieve
the intended use, indication, or effect.

A manufacturer pursues a Request for Designation (RFD) [18] to formally identify the
agency with jurisdiction over the combination product to determine whether the clinical
evaluation will be conducted as an Investigational Device Exemption (IDE) or Investiga-
tional New Drug (IND) [19]. OCP assigns primary jurisdiction to an agency, including
CDRH, the Center for Biologics Evaluation and Research (CBER) or the Center for Drug
Evaluation and Research (CDER), based on the primary mode of action (PMOA) of the
combination product. The PMOA is defined as “the single mode of action of a combination
product that provides the most important therapeutic action of the combination product.” In
the event the PMOA has yet to be defined by the manufacturer or FDA at the time a
designation is requested, jurisdiction is ultimately defined based on FDA experience with
similar products. Additionally, the scope of marketing application(s), PMA, Biologic
License Application (BLA) [20] and/or Priority New Drug Applications (NDA) [21] for
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combination products are defined once OCP assigns a lead Center that will have primary
jurisdiction over the combination product. Typically, most combination products require
only a single market application for the product’s approval, clearance or licensure; however,
FDA may also determine that two applications are necessary based on the product.

19.5
Marketing, Commercialization and Post-market Surveillance

Once a design has completed development, exited design control through successful
design transfer and corporate management approval, and the requisite regulatory approval
(510(k) or PMA) has been attained, it is then marketed and commercialized. The scope of
the market introduction can range from a limited to full market launch. Limited launches
enable companies to restrict the use of a new product to a controlled number of surgeon
customers in order to obtain preliminary market feedback while controlling initial product
inventory levels. Companies may perform post market studies to pursue peer-reviewed
publications in support of reimbursement activities. Independent of the execution of post
marketing clinical studies, it is the responsibility of all medical device manufactures to
develop a risk management plan and post marketing surveillance strategy to monitor,
document and more importantly resolve customer complaints related to the quality and
performance of the device or any product safety concerns. These activities are expected to
continue throughout a product’s post market lifetime to ensure high product quality and
customer satisfaction is maintained. While a post market surveillance program is required
by regulators of medical device manufacturers, it quite simply makes sound business
sense to confirm that the product continues to meet the user needs and design intent as
product use and number of users expands over time. It follows that the company takes
responsibility to respond and resolve product issues with an appropriate strategy.
This overview highlighted many of the key components of the medical device development
process in the context of the Total Product Life Cycle. By design, the TPLC is intended to
provide continuity and connectivity between the earliest stages of the concept phase
through obsolescence of a medical device. As a device obsolesces and is replaced with a
next generation solution, one that hopefully provides enhanced performance or improved
ease of use or offers additional features, it is imperative for project teams and their
company’s design control system to implement a feedback loop in which the experiences
and lessons learned throughout a product’s development and total life cycle are fully
leveraged as primers in the concept phase of future design iterations and multi-generational
product platforms. It is the obligation of each development team to document and share
lessons learned, including successes and more importantly, temporary setbacks
and challenges overcome, such that future development efforts can be even more successful
and timely. Finally, each component of this overview, including concept and early stage
feasibility, product development through design control principles, evidence generation and
regulatory strategy and commercialization and post market surveillance, are all critical
pieces of an extremely complicated process influenced continuously by changes in business
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objectives; entry and exit of competition; release of new regulations, guidance or standards;
management and project team turnover; and design and manufacturing challenges. In the
end, however, with rigorous planning, a keen focus on design and process excellence
through design and process control, and adaptability to change, a project team can success-
fully navigate these challenges to deliver medical device and biomaterial solutions that offer
safe and effective solutions for patients.
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