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Preface

In the first place the editors of this special volume would like to thank all authors
for their excellent contributions to this volume addressing the exciting field of
cell–surface interactions, with special focus on tissue generation. We would also
like to thank Prof. Dr. Thomas Scheper, Dr. Marion Hertel and Karin Bartsch for
providing the opportunity to compose this volume and Springer for organizational
and technical support.

The growth of three dimensional tissues is a rapidly expanding field in modern
medicinal biotechnology. Many different aspects play a role in the formation of 3D
tissue structures and the source of the used cells is especially important. To prevent
tissue rejection or immune response, nowadays, preferentially autologous cells are
used. In particular, stem cells from different sources are gaining exceptional
importance, as they can be differentiated into different tissues by using special
medium compositions and supplements. In the field of biomaterials, numerous
scaffold materials already exist but also new composites are being developed based
on polymeric, natural or xenogenic sources. A very important issue in tissue
engineering is the formation of tissues under well defined, controlled and repro-
ducible conditions. Therefore, a substantial number of new bioreactors have been
developed. Two volumes previously published in this series addressed ‘‘Bioreactor
Systems for Tissue Engineering’’ (Vol. 112) and ‘‘Strategies for the Expansion and
Directed Differentiation of Stem Cells’’ (Vol. 123). Here we focus on the inter-
action of cells and materials. The knowledge and expertise of the authors covers
disciplines like material sciences, engineering, biotechnology and clinical sci-
ences. Recent advances in material development, evaluation and design of bio-
compatibility, analytical tools for effects of cell–surface interactions, as well as
cutting edge applications of new materials (stem cell differentiation, cardiac,
cartilage and bone tissue engineering) are also discussed.
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We hope that this state-of-the-art volume is helpful for your research. Please
enjoy reading it, as much as we enjoyed preparing it.

Spring 2012 Cornelia Kasper
Frank Witte
Ralf Pörtner
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The Cell–Surface Interaction

J. S. Hayes, E. M. Czekanska and R. G. Richards

Abstract The realm of surface-dependent cell and tissue responses is the
foundation of orthopaedic-device-related research. However, to design materials
that elicit specific responses from tissues is a complex proposition mainly because
the vast majority of the biological principles controlling the interaction of cells
with implants remain largely ambiguous. Nevertheless, many surface properties,
such as chemistry and topography, can be manipulated in an effort to selectively
control the cell–material interaction. On the basis of this information there has
been much research in this area, including studies focusing on the structure and
composition of the implant interface, optimization of biological and chemical
coatings and elucidation of the mechanisms involved in the subsequent
cell–material interactions. Although a wealth of information has emerged, it
also advocates the complexity and dynamism of the cell–material interaction.
Therefore, this chapter aims to provide the reader with an introduction to the basic
concepts of the cell–material interaction and to provide an insight into the factors
involved in determining the cell and tissue response to specific surface features,
with specific emphasis on surface microtopography.

Keywords Mechanotransduction � Microroughness � Surface topography �
Tissue–implant interface
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GFOGER Glycine–phenylalanine–hydroxyproline–glycine–glutamine–arginine
MAPK Mitogen-activated protein kinase
mRNA Messenger RNA
MSC Mesenchymal stem cell
RGD Arginine–glycine–aspartic acid
rhBMP-2 Recombinant human bone morphogenetic protein 2
TAN Titanium–6% aluminium–7% niobium
TAV Titanium–4% aluminium–6% vanadium
TGFb Transforming growth factor b
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1 General Introduction

Literally thousands of studies exist that have looked to define and control the
cell/tissue–implant interface. The large majority of these stem from the observation
that microrough surfaces are conducive for the naturally occurring phenomenon of
osseointegration (the integration of an implant to bone) and, therefore, focus on
ways to manipulate and control this interaction for determining specific tissue
responses and the magnitude of these responses. The basis of this field of research
is that microrough surfaces will enhance osseointegration; however, this is an
oversimplistic statement. Although it is true that osseointegration can be increased
with microrough surfaces, little consensus exists as to what constitutes a ‘rough’
surface. Furthermore, the mechanisms involved in this response are only now
starting to become apparent. Essentially, the cell–material interaction is a complex
relationship with many questions still left unanswered. Several concepts and

2 J. S. Hayes et al.



events, including protein adsorption, cell adhesion and signal mechanotransduc-
tion, are substrate-dependent. This can make understanding the cell–material
interaction more challenging as the system under study is dynamic from both
the cell and the material side. Furthermore, extrapolation of information collated
in vitro to results observed in in vivo studies is not as straightforward as the state-
ment that ‘micro-rough surfaces enhance osseointegration’ may lead one to believe.
The aim of this chapter, therefore, is to introduce the reader to the basic concepts of
the cell–material interaction and to provide an insight into the factors involved in
determining the cell and tissue response to specific surface features, with specific
emphasis on surface microtopography and the osteoblast/bone response.

2 Surface Conditioning upon Implantation of a Device

The nanoseconds subsequent to a device being implanted determine the fate of the
implant. This instantaneous reaction is a result of tissue biomolecules interfacing
with surface properties such as hydrophobicity, charge, chemistry and topography.
All of these properties help determine which proteins adsorb to the surface and the
types of intermolecular forces that ensue.

2.1 Initial Interactions upon Implantation

The primary biological reaction to an implanted device is the formation of a water
layer via hydroxyl groups of converged dissociated water molecules, within which
naturally occurring ions such as calcium (Ca2+) and sodium (Na+) become
incorporated [1, 2]. The formation of a surface water layer with hydrated ions is
specific and dynamic depending on different surface chemical properties. There-
fore, surfaces with varying topography and chemical composition will ultimately
produce layers of different biological compositions.

Upon contact with blood, the implant becomes covered in a protein-enriched
film, which adheres to the surface via weak temporary bonds or stronger perma-
nent covalent bonds [1]. Blood has more than 2,000 proteins. The proteins that
come from the blood provide a provisional matrix for the cells to adhere to. Cells
never interact directly with the actual implant surface. The surface itself initially
determines which proteins absorb to it and also determines the orientation of their
attachment. Blood proteins on the surface adsorb and desorb according to elec-
trostatic and hydrophobic interactions with the surface, and their concentration,
size and stability to ensure the formation of thermodynamically stable properties.
Albumin (66 kDa) is the most concentrated protein in blood; therefore, it generally
dominates the initial surface interactions. Fibrinogen (340 kDa), in lower con-
centration within blood, is much slower to arrive at the implant surface owing to its
larger size. Upon arrival at the surface, however, it usually dominates the surface

The Cell–Surface Interaction 3



protein coating because of its higher affinity for the surface, exchanging with the
smaller and more weakly bound albumin [2, 3].

The desirable effect upon implantation of a device is the formation of a
haematoma. This dynamic structure contains factors important in recruiting cells
essential for inflammatory-mediated response, bone repair and angiogenesis [4–7].
To achieve this outcome, platelets undergo the process of degranulation upon
adhering to a surface. This involves the release of intracellular contents such as
potent platelet activators, which in turn recruit additional platelets to the wound
site [8, 9]. Macrophages and other inflammatory cells such as granulocytes,
lymphocytes and monocytes infiltrate the haematoma and function to prevent
infection and to secrete cytokines and growth factors such as fibroblast growth
factor 2, vascular endothelial factor, macrophage colony stimulating factor,
interleukins, bone morphogenetic proteins (BMPs) and tumour necrosis factor a
(see [5] for a review). Furthermore, activated platelets secrete a myriad of growth
factors, such as platelet-derived growth factor and transforming growth factor b
(TGFb). The latter factors possess chemotactic activity, thus serving as migratory
signals for repair cells such as osteoblasts, fibroblasts, monocytes, neutrophils and
leukocytes [10, 11].

2.2 The Role of Integrins

The interactions of surface-bound proteins with cells are mediated via integrins.
These cell membrane glycoproteins recognize and bind a variety of cell-
surface-associated and extracellular matrix (ECM)-associated ligands. Integrin
receptors are heterodimers composed of a and b subunits that occur in distinct
combinations which then bind specific ligands. A subset of the a subunits have an
additional structural domain located towards the N-terminal. This is known as the
a-A domain (also termed the a-I domain). Integrins carrying this domain either
bind to collagens (e.g. integrins a1b1, and a2b1), or act as cell–cell adhesion
molecules (integrins of the b2 family). Integrins that do not have this inserted
domain on the a subunit do have an A-domain in their ligand binding site, which is
found on the b subunit.

In both cases, the A-domains carry up to three divalent cation binding sites. One
is permanently occupied in physiological concentrations of divalent cations, and
carries either a calcium or a magnesium ion, the principal divalent cations in blood
at median concentrations of 1.4 mM (calcium) and 0.8 mM (magnesium). The
other two sites become occupied by cations when ligands bind—at least for those
ligands involving an acidic amino acid in their interaction sites. The interaction of
integrins with ligands is based on the ability of the receptors to recognize the
arginine–glycine–aspartic acid (RGD) tripeptide sequence [12].

Osteoblasts express various integrins that bind numerous ECM ligands.
Specifically, integrins a2b1 and a5b1 are crucial in osteoblast function. The a2

subunit is one of the type I collagen receptors. It also plays an important role in
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osteoblast differentiation by activating Osf2 (Cbfa1) transcription factor and
induction of osteoblast-specific osteocalcin gene expression [13]. The a5 integrin
subunit is responsible for the interactions with fibronectin. Furthermore, the a5b1

integrin has been reported to be necessary for osteoblast proliferation and differ-
entiation. It is responsible for bone-like nodule formation in vitro by osteopro-
genitor cells grown on various synthetic biomaterials. In a study by Petrie et al.
[14], coatings consisting of defined multimer constructs with monomer, dimer,
tetramer and pentamer recombinant fragments of fibronectin were prepared. The
authors aimed to assess how nanoscale ligand clustering affects integrin binding,
stem cell responses, tissue healing and biomaterial integration. Clinical-grade
titanium was grafted with polymer brushes that presented monomers, dimers,
trimers or pentamers of the a5b1 integrin-specific fibronectin III (7–10) domain.
Their results indicate that coatings with trimer and pentamer modifications
enhanced integrin-mediated adhesion in vitro, osteogenic signalling, and differ-
entiation in human mesenchymal stem cells (MSCs) [14]. Keselowsky et al. [15]
showed that the expression of the a5 integrin subunits regulates alkaline phos-
phatase activity, but this function is not affected by surface microtopography.
However, the microrough surfaces increase the expression of the b1 integrin
subunit, which is essential in osteoblastic differentiation through the protein kinase
C pathway [16]. More recent data obtained using molecular beacons targeted to the
b1 integrin subunit messenger RNA (mRNA) in order to visualize surface-
dependent changes in its expression in individual MG63 cells showed that effects
of the substrate on b1 mRNA previously observed in confluent cultures were also
evident in preconfluent cultures, supporting the hypothesis that b1 integrin is
important in proliferation as well as differentiation of osteoblasts [17].

Many in vitro studies have focused on identifying integrins on osteoblast cell
membranes to determine their role in the mechanism of initial attachment of cells
to the implant surface [17–19]. Gronowicz and McCarthy [20] have revealed that
the initial attachment to metal materials involves integrins. SaOs-2 cells were
incubated on titanium–4% aluminium–6% vanadium (TAV), polystyrene, glass
and cobalt–chromium–molybdenum (CoCrMo) with antibodies to the fibronectin
receptor a5b1 and the vitronectin receptor (avb3/avb5). On samples with fibronectin
receptor antibody on TAV and CoCrMo the attachment was reduced by 63 and
49%, respectively. In contrast, no significant effect was seen on samples with the
antibody to the vitronectin receptor. Further analysis of changes in integrin
expression within 24 h on samples without antibodies revealed that the a5 integrin
subunit has the highest expression level after 24 h of adhesion on TAV compared
with polystyrene-, glass-, CoCrMo- and fibronectin-covered surfaces. The a2 and
av subunits were also detected, but their expression was lower on TAV than on
polystyrene, whereas the production of a1 was inhibited only in cells cultured on
polystyrene, but not in cells cultured on the other surfaces.

Further studies on primary human osteoblasts confirmed these findings. Sinha
and Tuan [21] reported differences in integrin expression on polished and rough
(Ra not given) TAV and CoCrMo after 12 h in culture. For cells on the polished
TAV surface, a2, a3, a4, a6, av, b1 and b3 were detected. Results for rough TAV
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showed that a3 and a6 were not expressed. Additionally, in both cases a5 was not
detected. Interestingly, a5b1 integrin, the receptor for fibronectin and regulator of
differentiation, is expressed mainly on the polystyrene surface, whereas on tita-
nium surfaces a2b1 integrin, binding to collagen and laminin, is primarily
expressed [22]. Moreover, Olivares-Navarette et al. [23] demonstrated that a2b1

integrin regulates differentiation of cells cultured on titanium implants in long-
term culture. For the attachment of cells to the proteinaceous coating, heterodimers
avb1, receptor for fibronectin and vitronectin, a6b1, interacting with laminin, and
multifunctional receptors a3b1 and avb3 are essential [12, 22]. Additionally,
Schneider and Burridge [24] indicated that fibronectin enhances formation of focal
contacts and stress fibres. Furthermore, they localized b1 integrin subunits within
focal contacts on surfaces precoated with fibronectin, whereas b3 was evident on
surfaces precoated with vitronectin. However, these contradictions may result
from the different cell models used in these studies.

3 Cell Meets Surface: Factors Involved
in the Surface-Dependent Response

In a presidential address to the American Biomaterials Society, Buddy Ratner [25]
meaningfully noted that current biomaterials have been developed as a result of
trial-and-error optimization rather than specific design. However, as acknowledged
by Brunette [26], to design materials that elicit specific responses from tissues is a
complex proposition. The main reason for this is that the vast majority of the
biological principles controlling the interaction of cells with implants remain
largely ambiguous. For instance, the early 1980s saw the introduction of the
inhibition of epithelial down growth onto implants via contact inhibition [27].
Even in a well-studied phenomenon such as contact guidance, elucidating the
controlling mechanisms of cell response remains challenging.

3.1 Surface Chemistry

It is no great stretch of the imagination to see why the chemical composition of an
implant surface has attracted interest. The excellent biopassivity, corrosion resis-
tance and repassivation ability of metal implant materials are a direct consequence
of the chemical stability and integrity of the oxide film. Further, importance has
been assigned to the oxide layer since essentially it is this that interacts with
proteins and cells upon implantation and persists at the interface for the life of the
fixation [28]. In fact, the sensitivity of cells to the chemical composition of a
device is to the extent that even different grades of titanium are detected at a cell
level [29]. Some studies suggest that by increasing the thickness of the oxide layer,
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one can increase bony ingrowth proportionally [30], whereas others acknowledge
the beneficial effects of the oxide layer but do not report major differences in
fibroblast cell response based on oxide thickness alterations [31]. Clearly, surface
chemistry is an important factor in terms of the cell–material interaction. Here we
briefly discuss the oxide layer of commercial metal implants and explore the effect
of chemistry.

3.1.1 The Oxide Layer

Metal implants such as titanium and stainless steel are termed ‘biocompatible’ on
the basis of the presence of a surface oxide layer. It is this oxide layer that allows
the implants to have a high degree of corrosion resistance and separates the del-
icate biological environment from the highly reactive and incompatible bulk
material of an implant. In implant-quality electropolished stainless steel (EPSS),
the passive film consists mainly of iron, nickel and chromium in addition to
smaller quantities of elements such as molybdenum and manganese. The distin-
guishing passive film of EPSS is formed through the reaction of chromium within
the steel surface with oxygen. The naturally occurring oxide layer of EPSS is
generally in the region of a few nanometres (2–3-nm) thick [32].

In contrast, titanium and its alloys form much thicker (5–6-nm) naturally
occurring oxide layers, the composition of which is dominated by titanium, oxygen
and carbon, with the most stable stoichiometry of the oxide layer being TiO2. For
dual-phase alloys such as titanium–6% aluminium–7% niobium (TAN), the oxide
layer consists of Al2O3 and Nb2O5, with aluminium being enriched within the
alpha phase of the oxide and niobium being enriched within the beta phase [32].
Anodizing is a commercially available process used for increasing the oxide
thickness of clinical implants. With this method it is possible to increase the oxide
thickness by approximately 2–3 nm per volt to produce an oxide layer of
approximately 200 nm.

When the oxide film is mechanically abraded, this allows the release of metal
ions from the highly reactive and incompatible bulk material. The release of
potentially toxic metal ions persists until the oxide layer is regenerated, which for
EPSS devices tested in 0.9% saline solution takes approximately 35 min, com-
pared with approximately 8 min for titanium and titanium alloys [33, 34]. Recent
in vitro and in vivo studies have produced a convincing case identifying many of
the components of implant materials, such as chromium, cobalt, iron and nickel, as
the main culprits of toxicity. In particular, it has been shown that the potential
negative effects of released ionic and particulate implant components can impact a
variety of systems, such as excretory, reproduction, vascular, immune and integ-
umentary and nervous systems (see [35] for a review).
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3.1.2 Protein Adsorption

The importance of surface chemistry is demonstrated with greatest efficacy when
considering protein adsorption. Cells bind to titanium and its alloys through a
series of adhesive molecules such as vitronectin and fibronectin [36]; thus, alter-
ations in surface chemistry will effectively influence protein adsorption and con-
formation, and ultimately initial cell attachment. Yang et al. [37] found that
increased cell attachment was directly proportional to the amount of preadsorbed
protein; however, this mechanism was also protein-type dependent. In this study,
both fibronectin and albumin were assessed and it was reported that the concen-
tration of fibronectin adsorbed onto the titanium surfaces was higher than the
concentration albumin adsorbed. Considering the hydrophilic nature of commer-
cially pure titanium, and the fact that albumin is known to display improved
binding to hydrophobic surfaces, this finding seems coherent. Time also appeared
to be a factor as the positive effect of preadsorbed fibronectin was observed to be
highest after 15 min; however, after 180 min this effect on cell attachment was
negated [37]. This outcome seems logical since the rapid adsorption of proteins
onto devices is considered to be one of the first events to occur upon implantation
[38], an effect that is suggested to then diminish as the effect of topography comes
to the fore. However, this system works in synergy rather than exclusively.
More recently, Rapuano and McDonald [39] showed that negatively charged
surface oxide functional groups in TAV can modulate fibronectin integrin receptor
activity by altering the adsorbed protein’s conformation.

Interestingly Howlett et al. [40] found that vitronectin was essential for osteoblast
cell attachment onto titanium, stainless steel, alumina, and poly(ethlyene tere-
phthalate). However, this outcome was fibronectin-independent, a result which
contradicts others identifying fibronectin as the principal component [41]. One must
keep in mind, however, that this effect may also be cell-type-dependent and/or
species-dependent (Howlett et al. [40] used cells derived from human bone, whereas
Horbett and Schway [41] used a mouse cell line). Furthermore, it was suggested by
Howlett et al. [40] that perhaps fibronectin (in this model) plays a role in cell adhesion
rather than initial attachment and that vitronectin is a more effective competitor
compared with other serum proteins for surface binding. Nevertheless, the 90-min
time point included by the authors may have clouded the outcome slightly. For
instance, Meyer et al. [38] showed that protein and lipid adsorption was already
detectable after 5 min implantation, the earliest time point studied.

3.1.3 Surface Chemical Modifications

To induce cell adhesion and spreading, the surface chemistry of a material can be
altered. This can be achieved by different treatments involving chemical and
biochemical surface modifications. Biological coatings, such as immobilized ECM
proteins of implant surfaces, give more promising results than chemical modifi-
cations with calcium phosphate (CaP), for instance. Although CaP modifications
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do promote integration of an implant with surrounding bone, this osseointegration
is relatively slow and results in poor mechanical anchorage when the device is
inserted into osteoporotic bone [42, 43]. Furthermore, coating techniques with
commercial hydroxyapatite or CaP are demanding and problematic to obtain the
maximal biological response [44]. Additionally, in long-term implantation they
can delaminate [45]. Thus, large variability in the quality of different hydroxy-
apatite coatings from different companies or even from different batches causes
concerns about the long-term reliability of these coated implants [46]. Recently,
Schlegel et al. [47] used anodic–plasma–chemical (APC) treatment to improve the
adhesive strength of the CaP layer. APC treatment is an anodization technique that
allows porous oxide layer formation with incorporation of CaP directly into the
oxide. Results from Schlegel et al. showed no significant difference in bone
remodelling and removal torque between APC-treated implants and surfaces
coated in a standard manner. However, the histological results indicated some
delamination of standard coated CaP and hydroxyapatite surfaces. Thus, the APC
treatment results in higher strength of bonding to the implant surface and allows
the drawbacks of standard CaP coatings to be overcome.

More recently, O’Hare et al. [48] investigated a novel surface modification for
incorporating biomolecules such as hydroxyapatite within the oxide layer of a
metal substrate. The CoBlast method [49] is an advanced version of microblasting
in which both an abrasive and a dopant are applied to the substrate surface
simultaneously without the need for any form of presurface treatment. O’Hare
et al. [48] showed that CoBlasting resulted in a stable surface that was observed to
support enhanced osteoblast attachment and viability in vitro compared with
hydroxyapatite alone or metal substrate controls. Implantation of the CoBlast
surface in a rabbit femoral model confirmed that the surface promoted in vivo
formation of early-stage lamellar bone growth after 28 days. Techniques such as
this may provide a way for chemical modifications to become more reliable and
reproducible, which is advantageous in bone-compromised patients in need of
rapid osseointegration, although testing in a larger-animal model would be
required.

3.1.4 Surface Biological Modifications

Currently available biochemical surface modifications include immobilization of
ECM proteins such as collagen or peptide sequences modulating bone cell adhe-
sion; immobilization of DNA for structural reinforcement; deposition of cell
signalling agents (bone growth factors) to trigger new bone formation; and
enzyme-modified titanium surfaces for enhanced bone mineralization [46].
Presently, coating implant surfaces with the RGD sequence is the most common
peptide-based strategy. The RGD sequence has been identified as a cell attachment
motif present on several plasma and ECM proteins, including collagen
type I, fibronectin, vitronectin, bone sialoprotein and osteopontin. These proteins
interact with integrins, including the predominant osteoblast integrin a5b1 [50].

The Cell–Surface Interaction 9



Many recent studies have demonstrated a significant impact of RGD sequence–
integrin receptor interactions on osteoblast adhesion, migration, gene and protein
expression and mineralization [51]. Results obtained by Zreiqat et al. [51] showed
that modifying TAV surfaces with RGD peptide upregulated bone protein levels of
osteocalcin, type I collagen and bone sialoprotein at 7 days, compared with control
surfaces, such as coated a control peptide RGE and a control amino acid surface
bound with cysteine. Additionally, alkaline phosphatase production on RGD-
modified TAV was significantly higher at day 14 on the RGD surface compared
with the control surfaces. These results indicate that the implant surfaces modified
with RGD peptide regulate and promote bone formation and calcification in vitro.

Rammelt et al. [52] compared different organic coatings to assess their influ-
ence on bone remodelling and healing. Briefly, in their study titanium implants
coated with collagen type I, RGD peptides and chondroitin sulphate were
implanted into the tibia of rat. The histological and immunohistochemical evalu-
ation of the effect of RGD on bone remodelling at the implant surface revealed that
the addition of RGD proteins enhances bone healing and direct bone contact with
the implant surface after 4 weeks. Furthermore, the RGD sequence directly acti-
vates macrophages, osteoblasts and osteoclasts, which results in faster bone
remodelling activity around titanium implants. This leads to earlier transformation
of the newly formed woven bone into lamellar bone around day 14.

Titanium surfaces may also be coated with the more selective collagen-
mimetic peptide glycine–phenylalanine–hydroxyproline–glycine–glutamine–arginine
(GFOGER). It was shown that this sequence selectively promotes binding of a2b1

integrin [53], a crucial receptor for osteoblast differentiation that interacts with type I
collagen to activate the Runx2 transcription factor to regulate osteoblast differenti-
ation [13]. Reyes et al. [43] showed significantly higher osteoblast-specific gene
expression, such as expression of Runx2 transcription factor, osteocalcin and bone
sialoprotein, in rat bone marrow stromal cells for samples treated with GFOGER
peptide compared with uncoated samples. Additionally, enhanced implant–
osteoblast contact in vitro was observed together with increased alkaline phosphatase
activity and calcium content on coated titanium and confirmed the positive effect on
osteoblastic differentiation. Also, the GFOGER peptide coating influenced and
enhanced osseointegration of titanium implants in vivo. However, although
these results are promising; they were obtained from a rat model system. Thus,
further studies focusing on the evaluation of the response of human osteoblasts to
GFOGER-coated implants would give more clinically relevant results.

BMPs are a group of growth factors belonging to the TGFb superfamily that
have prominent roles in a variety of bone-related processes, one of which includes
osteoblast differentiation. Moreover, several BMPs, in particular BMP-2, have
been shown to be involved in the substrate-dependent cell reponse [54]. BMP-2-
coated TiO2 nanotubes of various diameters have also been shown to induce
significantly increased levels of osteoblast differentiation in MSCs in vitro [55].
However, understandably, biological modification requires an appreciation of the
type, delivery and concentration of the biomolecule to be used as several studies
have reported conflicting results when evaluating implant surfaces modified by
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BMP coatings. Liu et al. [56] investigated the effects of BMP-2 and its mode of
delivery on the osteoconductivity of dental implants (uncoated titanium surface or
a CaP-coated surface) in the maxillae of miniature pigs. The results indicated that
the bone volume within the peri-implant space was highest on coated and uncoated
implants bearing no BMP-2, whereas the lowest bone volume was observed on
coated implants bearing only adsorbed BMP-2. Therefore, it appears the method of
biomolecule delivery is of utmost importance for increasing osseointegration.

Wikesjö et al. [57] studied the ability of recombinant human BMP-2 (rhBMP-2)
coated onto a titanium porous oxide implant surface to stimulate local bone for-
mation in a dog model. Their method involved creating 5 mm critical size supra-
alveolar, peri-implant defects into which implants coated with rhBMP-2 at 0.75,
1.5, or 3.0 mg/mL or an uncoated control were implanted. The histological results
showed newly formed bone for implants coated with 0.75 or 1.5 mg/mL rhBMP-2;
however, implants coated with 3.0 mg/mL rhBMP-2 were noted to produce
immature trabecular bone formation and impaired peri-implant bone remodelling,
resulting in implant displacement. Therefore, under these experimental conditions,
clinically relevant local bone formation was induced with rhBMP-2 modification
of the surfaces, but higher concentrations resulted in inadequate bone remodelling
and subsequent osseointegration.

3.2 Surface Topography

Although a wide range of surface chemistry modification techniques have been
introduced recently, the 3D morphology of an implant is thought to be a major
factor in determining implant performance and success [58]. In this section we
explore the cell–material interaction on a microscale in vitro and in vivo.

3.2.1 Surface Topography In Vitro

The cell–material interaction is a finely balanced relationship that can be influ-
enced by subtle changes in microtopography. Altering surface microtopography
can have ramifications for a wide variety of cellular responses in vitro, such as
cytocompatibility, and if they are negatively affected, it could be deleterious for
implantation. Previous studies have highlighted the influence of surface microto-
pography on a wide range of factors that would directly contribute to the cyto-
compatibility of a device. For instance, Meredith et al. [59] reported that
commercially available standard microrough TAN selectively inhibits fibroblast
proliferation. Subsequently, it was elucidated that the niobium-rich particles
associated with the beta phase of the TAN surface produced significantly fewer
focal adhesion sites compared with EPSS and standard titanium. However, when
this surface was polished smoother, without changing the surface chemistry, the
negative effects on proliferation and focal adhesion structure were negated [59].
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In contrast, standard TAN does not negatively influence osteoblast attachment
and proliferation in this manner (Fig. 1), even in its standard microrough form
[60].

The effect of altering surface microtopography has also been shown to be
beneficial for selective cell adhesion [61, 62]. Differences in surface microto-
pography have also been implicated in controlling proliferation, with several
studies indicating that microrough surfaces have reduced proliferative capacity
compared with smooth surfaces [63–66]. However, with this reduced proliferative
capacity emerges as a more differentiated osteoblast phenotype on the microrough
surfaces as indicated by alkaline phosphatase activity [63, 65, 66]. Moreover, it is
suggested that the process of matrix mineralization is dependent on surface
microroughness [65]. This roughness-dependent response is also seen for ECM
components with surfaces of varying roughness displaying varied synthesis of
collagen type I, vitronectin and fibronectin [40, 66].

Both cytokine and growth factors involved in modulating fracture healing
response have been shown to be differentially influenced by surface microto-
pography. Boyan et al. [67] have extensively shown that local factors such as
TGFb1 and prostaglandin E2 display a surface-roughness-dependent response.
Kieswetter et al. [68] also identified the relationship between surface micror-
oughness and TGFb1 levels, reporting a 3–5 times higher activity on coarse
sandblasted and titanium-plasma-sprayed surfaces, respectively, compared with
tissue culture plastic. In a similar trend to prostaglandin E2 production, TGFb1 is
also found at low levels on smooth surfaces, whereas a marked increase is
reported for microrough substrates. This growth factor has been shown to be
pivotal to bone formation for many reasons, some of which include its ability to
stimulate MSC proliferation, matrix production and the downregulation of
osteoclast activity.

Osseointegration at the bone–implant interface requires key regulatory
pathways which influence osteoblastogenesis, promotion of osteoblastic differ-
entiation and maturation. Some studies claim to identify ‘roughness response
genes’ via microarrays and although some of the data may be valuable, given the
differences between relatively similar studies, it is often difficult to consolidate
the findings [69, 70]. Other studies prefer to focus on specific genes or tran-
scription factors known to be fundamental for osteoblast differentiation. Most of
the time, this includes real-time PCR, which is a powerful and sensitive method
for detecting changes at an mRNA level. It should be noted, however, that
confirmation at the protein level is also an important consideration as it is
known, for instance, that changes in mRNA levels may not be efficiently
translated to similar changes in protein level. Many of these studies have
highlighted specific bone-related markers involved in osteoblast differentiation
and mineralization that are regulated in a substrate-dependent manner [71–74].
Furthermore, osteospecific MSC fate determination also appears to be substrate-
dependent [75, 76].
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Fig. 1 Differences in cytocompatibility of surfaces. a Fibroblasts cultured on electropolished and
standard titanium–6% aluminium–7% niobium (TAN) for 1, 5 and 10 days. The beta-phase particles
of the standard TAN surface are shown to disrupt the cytoskeleton (blue arrows) and this was
associated with a decrease in cell number. However, polishing of the surface negates this effect and
cells can proliferate [59]. b Rat calvaria osteoblasts cultured on standard, electropolished and paste-
polished TAN. Although similar disruption is observed to the cytoskeleton as on standard TAN (white
arrows), this was not observed to influence osteoblast proliferation [71]. TAN-EP electropolished
TAN, TAN-PP paste-polished TAN, TAN-S standard microrough TAN, SS Stainless steel
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3.2.2 Surface Topography In Vivo

Recent short- and long-term in vivo studies using implant devices with varying
surface topographies have shown that the mechanisms involved in this ‘niche’ are
possibly more ill-defined than in the in vitro situation and, in some cases, con-
flicting results are reported. For instance, Hayakawa et al. [77] observed a dif-
ference in bone response to grit-blasted and smooth substrates in rabbit cortical
bone. However, this difference was not reported for the same samples when they
were investigated in a trabecular bone model. Conversely, Pearce et al. [78]
showed that standard microrough commercially pure titanium and TAN had higher
torque removal in both a trabecular and a cortical sheep bone model compared
with polished samples of the same materials over periods of 6, 12 and 18 weeks.
Interestingly, this study also made evident a distinct difference in peak torque
removal for both bone types.

There are literally hundreds of studies that have focused on enhancing osseo-
integration by controlling surface microroughness in vivo; therefore, here we
would like to focus on other applications. For instance, what if strong, rapid bone
bonding or soft tissue adhesion is an undesirable outcome of implantation? Such
cases would include fracture fixation in the hand or shoulder, where tendons and
connective tissues are required to glide over an implant, the face, where strong
tissue adhesion to the implant may cause irritation and disfiguration, and in pae-
diatric patients, where device implantation is transient and will ultimately require
removal. In instances such as these, the occurrence of direct bone bonding would
be a hindrance for desirable implant function.

Several studies have found that microtopographical manipulation of an implant
surface can provide a degree of resolution for these issues. Under normal cir-
cumstances, direct bonding of bone to an implant is the desired outcome and the
occurrence of a fibrous tissue interface is often viewed as an unwanted, negative
outcome. However, in situations such as fracture fixation of the hand, tissue is
required to glide freely over an implant. The current state of the art describes how
titanium and its alloys have more of a tendency for intratendon inflammation
compared with EPSS. This occurrence can cause painful tendon-implant adhesion
and damage possibly causing limited palmar flexion and even tendon rupture.
Although EPSS is produced for clinics with an innate mirrorlike smooth surface,
there remains a preference for the use of titanium and its alloys because of reduced
artefact production in MRI, superior resistance to corrosion and subsequent metal
sensitivity reactions and superior biocompatibility. With regard to fracture fixation
in paediatric and trauma patients, a similar problem occurs as current commercial
metal implants naturally induce rapid bony overgrowth. This makes implant
removal extremely difficult and fraught with complications.

The AO Foundation group [59, 71, 78–81] in particular has produced evidence
that by reducing the microroughness of current clinic metal implants (titanium and
its alloys), one can achieve both implant removal and prevention of tissue adhesion
to hand devices. In both instances the studies used the commercial process of
polishing to reduce the microroughness of the implants. Electropolishing is a
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method that involves submerging the implants in an electrolyte solution to which a
charge is applied. Material is removed from the surface at a rate that is dependent
on the electrical conductivity of the metal or its alloying elements. In contrast,
paste polishing is a mechanically abrasive method that physically removes surface
features. The removal of material is based on the relative hardness of the metal and
it alloying elements. Essentially, a ‘hard’ material will provide resistance to the
physical abrasion, which helps produce a homogenous smoothened surface
(Fig. 2). Both these techniques were employed to reduce the surface micror-
oughness of titanium and two of its alloys, TAN and titanium–15% molybdenum.
It was found that compared with microrough control surfaces, polishing of tita-
nium and its alloys significantly increased the occurrence of soft tissue capsule
formation in hand fracture fixation devices in an in vivo rabbit model in the
tibia [79]. Furthermore, polishing significantly reduces the force required for
removal of conventional and locked screws as well as intramedullary nails from
sheep tibial bone after short-term (6, 12 and 18 weeks) and long-term (6, 12 and
18 months) implantation [78, 80, 81]. Histologically, it was observed that polished
implants supported fibro-osseointegration or the occurrence of a very thin fibrous
layer (sometimes only one to three cells thick) between the bone and implant
without loss of implant stability. These results also challenge, therefore, the
general notion that direct bone bonding is required for stable fixation (Figs. 3, 4).

3.3 Roughness Spectrum

Cell–material interaction studies have clearly defined that a microrough surface is
inductive for osteoblast differentiation, and that this phenomenon is echoed by
microrough implants in vivo. However, a clear definition describing what con-
stitutes a ‘rough’ or ‘smooth’ surface (millimetres, micrometres, nanometres) is
distinctly lacking. One of the main reasons for this omission is that different

Fig. 2 Scanning electron micrographs of titanium and its polished counterparts. a Standard
commercially pure titanium as used in clinics (Ra & 1 lm). b Electropolished titanium—
implants are submerged in an electrolyte solution and a charge is applied. Material is removed
from the surface at a rate that is dependent on the electrical conductivity of the metal. c Paste
polished titanium—a mechanically abrasive method that physically removes material from the
surface which is based on the relative hardness of the metal. Polishing results in an Ra of
approximately 0.2–0.3 lm
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groups use different scales of microroughness based on their own experimental
experience. For instance, Boyan and Schwartz [82] state that if the average
roughness of a surface is greater than the size of an individual osteoblast, then
essentially this surface may been seen as smooth since the distance between peaks
is too great to be detected. The interpretation of Boyan and Schwartz of a
roughness spectrum suggests that an average roughness less than 2 lm will sup-
port a fibroblast-like morphology, whereas an average roughness more than 2 lm
but with a peak-to-peak distance exceeding 10 lm (the suggested size of an
average osteoblast) will also be perceived by a cell as smooth and will conse-
quently induce a fibroblast-like morphology. In contrast, if the average roughness
is greater than 2 lm but the peak-to-peak distance is less than 10 lm, then the
osteoblast cells are unable to spread, and as a result they adopt a more typical
osteoblast cuboidal morphology (Fig. 5). This observation is fundamentally the
same point that was made much earlier by Brunette [83], who reported that if the
peak-to-peak distance is less than the length of the cell body, then osteoblasts
assume their characteristic cuboidal morphology, but if it is greater, a well-spread
fibroblast-like morphology is assumed. Although the theory itself makes sense, one
point that may go against the spectrum set by Boyan and Schwartz is the fact that
osteoblasts in practice (depending on their origin, i.e. species, primary vs. cell line)
can range in size; therefore, the defined spectrum laid out may only be effective for
specific osteoblasts, i.e. MG-63 as used by Boyan and and Schwartz.

Richards [3] identified a spectrum of roughness between 0.2–2 lm which is
believed to provoke the optimal differences in cell behaviour for smooth versus
rough samples. Below 200 nm (even as low as 10 nm) cells react in vitro with
varying degrees of phenotypic change, but these changes have limited in vivo
support. This may be because the proteins attaching to the surface upon

Fig. 3 Standard surface of microrough TAN as used in clinics. This surface has a characteristic
3D morphology with Ra approximately 1 lm. Consequently, as depicted in the histological
section, this surface normally supports direct osseointegration (white arrows) [35]
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implantation completely mask such fine topographies and, therefore, their effective
cue to relevant cells is masked or becomes insignificant. Numerous studies have
shown major changes in cell behaviour above the 2-lm discontinuity size, but
Richards postulated that the effect appears to become more and more marginal
upon cells as the size increases. Despite this, most studies still include samples
with average roughness of approximately 5 lm and designate their ‘smooth’
surface to be less than 0.6 lm [67, 84]. Clearly, this requires a degree of stan-
dardization for studies to be comparable. So theoretically, there is a consensus that
a roughness spectrum exists; however, there is clear overlap and outright dis-
agreement regarding the boundaries of the effective limits of the spectrum.

Although these issues can make discerning valuable information regarding
interesting surface properties and cellular reactions difficult, the issue is further
clouded with the introduction of nanotopography. Several groups have
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Fig. 4 Atomic force and scanning electron microscopy images of the polished TAN surface
show how this technique is successful at reducing the characteristic surface roughness of the
material. This modification produces a fibro–osseous interface (white arrows) which significantly
impacts the ease with which the implants can be removed (*p = 0.05)
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convincingly shown that cells (MSCs, osteoblasts) can detect, interact and respond
to nanotopographical features in vitro (see [85] for a review). In fact, this sensi-
tivity has been described as far as the 15-nm range [86]. However, can features of
this size be detected in vivo? And if so, how much actual influence do they have on
determining the cell/tissue–material interaction? Recent studies tentatively indi-
cate that cell and tissue interaction can be determined by nanotopography. For
instance, Bjursten et al. [87] have recently shown that titanium dioxide nanotubes
significantly enhance bone bonding, as measured by torque removal and per-
centage of bone contact, in an in vivo rabbit tibial model compared with grit-
blasted titanium. However, it is difficult from the data presented to differentiate if
the effect of microtopography was fully negated since the surface morphology of
the nanotube surface also appeared to have microscale morphology. Furthermore,
surface roughness measurements were made using scanning electron microscopy
alone and did not include any validated quantitative methods.

Meirelles et al. [88] have also shown that nano-titania and nano-hydroxyapatite
surfaces support bone on-growth in a rabbit model. However, it is worth noting
that the ‘nano’ surfaces had Sa (mean arithmetic height measurement) of 121 nm
for titanium and 170 nm for hydroxyapatite surfaces compared with 225 nm for
the polished control. Although Meirelles et al. removed microstructures via
grinding, again the surface morphology did appear to have a level of micror-
oughness, which is supported by the fact that the height measurements were
reflective of a microtopography rather than a true nanotopography, i.e. tens rather
than hundreds of nanometres. Several methods such as photolithography exist for
producing nanometric surfaces, so perhaps in time more convincing evidence will
emerge that supports the theory that nanotopographical surface features can
determine tissue–implant interaction.

(a) (b)

(c) (d)

Fig. 5 How a cell may respond to the roughness spectrum. Cells must be able to perceive the
surface roughness for them to respond in a surface-dependent manner. a When a surface is
smooth, osteoblast cells will adopt a fibroblast-like morphology, becoming very flat and well
spread. b On a wavy surface where the distance between peaks is more than the average cell size,
cells will perceive the surface as smooth and will behave similarly to the behaviour shown in
a. c If, however, a surface has frequent surface irregularities, producing a microrough surface, the
cells are unable to spread and adopt typical osteoblast morphology. d On surfaces with mixed
topographies, cell behaviour will reflect the average of rough and smooth microtopographies
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3.4 Mechanotransduction

Focal contacts are protein complexes that constitute the primary attachment which
is essential for long-term adhesion. Apart from integrins, focal adhesions consist of
specific proteins such as talin, a-actinin and vinculin filaments that interact with
the cytoskeleton on the cytoplasmic side. Through focal adhesions, cells react to
extrinsic chemical and mechanical signals from the cell–cell contact or cell-ECM
components. Signal propagation is achieved via direct and indirect mechano-
transduction, both of which are explored here in basic terms. The reader will be
directed to more in-depth sources throughout.

3.4.1 Direct Mechanotransduction

Direct mechanotransduction utilizes conformational changes in focal adhesions
and cytoskeletal conformation to pass information about the ECM topography to
the nucleus as mechanical signals [89]. The phenomenon of how the cell relays
mechanical signals from the environment may be explained by two theories—
cellular tensegrity [90] and percolation [91]. The theory of cellular tensegrity
(tensional integrity) of Ingber [90, 92] was adapted from civil engineering prin-
ciples that define tensegrity systems that stabilize their shape by continuous ten-
sion and not by continuous compression. According to Ingber’s theory, a cell is a
prestressed tensegrity structure where microtubules act as load bearers and
microfilaments are under tension. In addition, intermediate filaments serve as a
tensile mode that interconnects and stiffens the entire cytoskeleton and nuclear
lattice through tension. The tensional prestress, generated by actomyosin inter-
actions in cortical and contractile stress fibres anchored to the focal adhesions, is a
major determinant of cell and nuclear stability [90]. This model assumes that
mechanical signals can be transferred across the cell membrane by ECM receptors
and transduced into a chemical response at the site of the bound receptor.

The theory of percolation of Forgacs [91] involves an interconnected network
system composed of cytoskeleton units, akin to a spider’s web, for transducing
mechanical signals. This network spans the distance from the membrane to the
nucleus, where it connects with the nucleus laminin. The physical properties of
cytoplasm determine the speed, whereas the interconnected network allows
redundancy, which means the signal can arrive through several channels. This
model provides speed and redundancy in signal transduction from the membrane
to the nucleus. Fundamentally, in this model a threshold of components is required
for a critical concentration to be reached and if this threshold is achieved, prop-
agation of the signal via the cytoskeleton to the nucleus will be accomplished.

Several fundamental differences exist between the theories. Firstly, tensegrity
does not allow for functional redundancy, which is required for reliable signalling
to be achieved. Secondly, tensegrity structures adhere to strict rules of stability,
i.e. they contain the absolute minimum of structural components required for
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stability. Finally, signal propagation through prestressed components is likely to
produce a dampened signal as prestress will hamper the deflection incurred by
each component [91].

Some insight into the theories behind mechanotransduction of the cytoskeleton
provides a basis for understanding how changes in focal adhesion distribution and
cell shape induced by a material can alter cellular function. Studies have shown
that nuclei react to changes in cell morphology caused by the topography of the
ECM and applied stress signals. Specifically, it has been shown that in response to
tension the intermediate filaments of the cytoskeleton reorient, causing a distortion
in the nucleus which results in nucleoli shifting along the appropriate axis [93].
Dahl et al. [94] showed that the nuclear lamina network is an elastic structure;
however, it appears to have a compression limit. This feature suggests that the
lamina functions as a molecular ‘shock absorber’. Their experiments, using
dextran to swell the nucleus and micropipettes to compress it, concluded that the
DNA within the nucleus is afforded a degree of protection by the nuclear envelope,
but that this retains a degree of flexibility for adequate mechanotransduction.

Recently, Dalby et al. [89] have put forth a modified version of self-induced
mechanotransduction. Specifically, they suggest that by altering nuclear mor-
phology and consequently chromosomal positioning with changes in topography,
this will directly influence the probability of gene transcription. Investigations into
nuclear and laminin morphology changes as a reaction to various nanotopogra-
phies revealed differences in genome regulation and gene expression in support of
this theory. Fibroblasts cultured on nanocolumns (centre-to-centre spacing
184 nm) and nanopits (spacing 300 nm) react to both materials with reduced
spreading, which affects cytoskeletal organization, resulting in relaxation of the
nucleus size. Moreover, the interphase chromosome positioning by centromere
analysis of chromosomes 3, 11 and 16 showed a reduction in the centromere pair
distance, with a significant difference for chromosome 3 for cells cultured on
surfaces with nanocolumns and nanopits and for chromosome 11 for cells cultured
on surfaces with nanopits. Additionally, the reduction in cell spreading increases
the number of gene downregulations [95]. On the basis of these results it appears
that mechanotransduction as a reaction to topography is more likely to combine
features of both the percolation model and the tensegrity model, with the likeli-
hood of the involvement of additional factors.

3.4.2 Indirect Mechanotransduction

Signal propagation is also achieved through indirect mechanotransduction.
Activation of the extracellular-signal-regulated kinase (ERK)/mitogen-activated
protein kinase (MAPK) pathway is the main method by which indirect mecha-
notransduction is achieved. This pathway has fundamental roles in relaying
extracellular information to the nucleus [96], cellular differentiation and cell cycle
regulation. Further to this, the ERK/MAPK pathway has demonstrated a key
function in the response of osteoblast cells to a variety of signals, including
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ECM–integrin binding [97] and mechanical loading [98]. Additionally, integrin-
mediated activation of the ERK/MAPK pathway results in phosphorylation and
stimulation of the osteoblast differentiation master control gene RUNX2 [99].
Focal adhesion kinase (FAK) is a non-receptor kinase that is linked to the b
integrin subunit and is principally involved in integrin-dependent signalling. FAK
is recruited to the focal adhesion site through integrin clustering. FAK influences
transcriptional events through adhesion-dependent phosphorylation of downstream
signalling molecules which results in the binding and activation of tyrosine kinase,
which subsequently activates MAPK signalling pathways. MAPK pathways are
essentially a chain of proteins involved in signal propagation from focal adhesion
sites to the nucleus. Binding a5b1 to fibronectin activates ERK1/2, a subclass of
MAPK, which functions as a mediator of cellular differentiation [100]. It is likely,
however, that other MAPKs may also be involved. For example, FAK is required
for signalling through Jun NH2-terminal kinase for cell cycle regulation. Conse-
quently, integrins can differentially modulate cell proliferation and phenotypic
expression through distinct pathways.

Surface topography has been identified as an influential factor in ERK/MAPK
signalling changes [101], essentially through modulation of integrin clustering and
adhesion formation. Hamamura et al. [102] recently showed that geometrical
alterations in ECM environments can alter the phosphorylation pattern of p130Cas,
FAK, ERK1/2 and p38 MAPK for osteoblast cells cultured on 3D collagen
matrices. Specifically, they showed this using a whole-genome array that revealed
that cells grown in the 3D collagen matrix partly suppress genes associated with
cell adhesion and cell cycling. Furthermore, Western blot analysis revealed that
the expression of phosphorylated p130Cas, FAK and ERK1/2 was decreased in
cells grown in a 3D collagen matrix. Conversely, the phosphorylation of p38
MAPK was at an elevated level in the 3D matrix and its upregulation was linked to
an increase in mRNA levels of dentin matrix protein 1 and bone sialoprotein.

Prior to this, Kokobu et al. [103] demonstrated that for human gingival fibro-
blasts ERK 1/2 is translocated to the nucleus in cells in manner dependent on
surface topography and culture time. It appears that surface topography also dif-
ferentially influences Src involvement in the ERK pathway [104]. Schwartz et al.
[105] showed that ERK/MAPK activation is required for maintenance of control
levels of alkaline phosphatase; however, they did not find this outcome to be
reliant on surface microroughness.

Other studies indicate that FAK and ERK phosphorylation can also be affected
by nanotopography. Salaszynk et al. [106] suggested that FAK activity is neces-
sary for osteoblast differentiation of MSCs. In support of this, Biggs et al. [107]
showed that osteoblast differentiation and function is correlated to focal adhesion
growth and FAK-mediated activation of the ERK/MAPK pathway in MSCs.

Interestingly, it also appears that the ERK/MAPK pathway is involved in the
molecular response to aseptic loosening of implants. One study suggests that the
MAPK signalling pathway controls NF-jB-mediated transcriptional activation in
response to wear debris particles [108]. Beidelschies et al. [109] revealed that
activation of ERK1/2/Egr-1 and NF-jB pathways is responsible for the ability of
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adherent endotoxin to potentiate cytokine production, osteoblast differentiation
and bone loss induced by wear particles.

4 Tissue–Implant Interface

4.1 Interface Structure and Composition

The formation of bone at the implant interface was first defined by Osborne and
Newesley [110] in their description of distance and contact osteogenesis. Distance
osteogenesis describes the phenomenon whereby bone surfaces adjacent to the
implant provide a population of osteogenic cells, which through the process of
appositional bone growth encroach upon the implant. Ultimately, therefore, the
implant becomes surrounded by bone rather than bone forming de novo on the
implant surface. It is postulated that the outcome of distance osteogenesis is that
the surface will never actually have direct bone bonding since it will always be
obscured by ECM and prevailing cells. In contrast to distance osteogenesis,
contact osteogenesis describes the phenomenon whereby bone forms de novo on
the implant surface. Essentially, therefore, the implant must become populated by
osteogenic cells prior to matrix production can be initiated. Although both theories
describe distinct methods for bone to become juxtaposed to an implant surface, it
is likely that both methods are actually involved in implant osseointegration.

Since the peri-implant site becomes primarily encased in blood, the migration
of the cells will be via the fibrin network that is produced during clot formation,
and it is these cells that will ultimately afford the basis for the osteogenic cell
population required for differentiation. What is interesting is that since fibrin is a
by-product released into the implantation site to promote healing, one could
therefore assume that this protein would adhere to virtually all surfaces, and thus
osteoconduction could theoretically occur for any biomaterial; however, this is not
the case. As is the case with dermal wound healing, cell migration is associated
with subsequent wound contraction; thus, migration of cells on a provisional fibrin
matrix results in its subsequent withdrawal (Fig. 6), preventing further migration,
and ultimately osteogenesis (see [111] for a review). It seems increasingly
apparent, therefore, that implant design is important in providing the correct
degree of anchorage for a transitory scaffold for the purpose of cell migration.
Therefore, the ability of a biomaterial surface to retain fibrin attachment during
this retraction phase is crucial in determining if migrating cells will reach the
device. It is suggested that the complexity of a microrough surface provides a 3D
topography so that fibrin remains sufficiently attached to the implant to withstand
retraction, allowing cell migration.

Once an osteogenic cell population is present at the surface, the next critical
step is the initial formation of a mineralized matrix. The method of de novo bone
formation at the implant interface is described by four principal phases and is
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supported by both in vitro [112, 113] and in vivo [114] experiments. Initially,
differentiating osteogenic cells secrete a non-collagenous organic matrix con-
taining both osteopontin and bone sialoprotein, which serve as CaP nucleation
sites where crystals can grow in size. Concomitant with this growth at the
boundary is the introduction of collagen fibre assembly. Collagen is thus deposited
onto this layer, which subsequently mineralizes (Fig. 7), but is separated from the
substratum by a collagen-free calcified tissue layer (approximately 0.5 lm thick).
It is suggested that the presence of a heterogeneous population at the bone–implant
boundary and an afibrillar interfacial zone is comparable to cement lines and the
lamina limitans [115].

As previously outlined, the biopassivity of an implant is partly attributable to
the oxide layer. It is this layer, often only a few nanometres thick, which is crucial
to the application of metal devices in vivo. The major differences between the
oxide layers of EPSS and titanium and its alloys involve the actual thickness of the
layer and the chemistry, both of which result in evoking distinct biological
responses. This distinction is highlighted most poignantly by an early investigation
by Albrektsson and Hansson [116] which studied in much detail the ultrastructural
differences evoked by EPSS and titanium screws in rabbit bone. Specifically, they
reported a continuous one to two cell thick layer separating the EPSS device from
bone, whereas titanium had direct anchorage to the bone. These observations
are also supported by recent studies that have observed fibro-osseointegration
at the tissue–EPSS interface versus osseointegration at the titanium interface
[78, 80, 81]. Albrektsson and Hansson [116] also described the presence of
inflammatory cells adjacent to EPSS devices, and a proteoglycan coat void of
collagen filaments was observed within the interface. However, in contrast, tita-
nium had a proteoglycan layer at the interface with collagen bundles in close
proximity. The importance of this direct apposition of the proteoglycan layer on
titanium is believed to directly result in the accelerated osseointegration properties
of this material due to the enhanced degradation of the hyaluronan network which
is formed as a result of the wound healing response [117].

(a) (b)

Fig. 6 The ability of a biomaterial to retain fibrin attachment during the retraction phase of
wound healing is crucial in determining if migrating cells will reach the device. Owing to the lack
of anchorage, smooth surfaces do not retain fibrin matrix during wound healing contraction. In
contrast, microrough surfaces withstand the forces of wound healing contraction, thereby
retaining the fibrin matrix, which supports continuous cell migration and direct tissue contact.
(Modified from 111])
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(a)

(b)

(c)

(d)

Fig. 7 Stepwise production of mineralized matrix at the implant interface. a Secretion of the
non-collagenous proteins osteopontin and bone sialoprotein. b Calcium phosphate nucleation at
calcium binding sites. c Crystal growth and propagation. d Collagen production and
mineralization with matrix separated from the substratum by a collagen-free calcified tissue
layer (approximately 0.5 lm). (Modified from [111])
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5 Summary and Conclusions

The cell–material interaction is a complex interplay of a variety of biological
processes that are differentially influenced by changes in surface properties,
in particular surface microtopography. Alterations on a microscale and even a
nanoscale to a surface have been shown to directly impact on initial adhesion to
nuclear signal transduction and ultimately influence cell phenotype. Although
many details regarding the exact mechanisms involved in this substrate-dependent
control are still under investigation, a wealth of information has emerged that has
been useful in refining an empirical approach towards biomaterial development for
determining specific cell and tissue responses. Nevertheless, with the development
of new, more sensitive analytical techniques and refinement of fabrication pro-
cesses, additional valuable information is yet to emerge. As this happens, the realm
of biologic-biomaterial interaction research will undoubtedly welcome a influx of
novel approaches that will potentially expand the application of this technology
beyond orthopaedic medicine.
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In Vitro: A Survey of Experimental
Approaches and Techniques
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Abstract A better understanding of the interactions of animal (or human) cells
with in vitro surfaces is the key to the successful development, improvement and
optimization of biomaterials for biomedical or biotechnological purposes. State-
of-the-art experimental approaches and techniques are a prerequisite for further
and deeper insights into the mechanisms and processes involved in cell–surface
adhesion. This chapter provides a brief but not complete survey of optical,
mechanical, electrochemical and acoustic devices that are currently used to study
the structural and functional properties of the cell–surface junction. Each tech-
nique is introduced with respect to the underlying principles before example data
are discussed. At the end of the chapter all techniques are compared in terms of
their strengths, limitations and technical requirements.
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1 Cell–Surface Interactions from Two Perspectives

Cells interact with their environment in many different ways: (1) they generate and
withstand mechanical stress; (2) they secrete and sense individual signal molecules
or molecular cocktails; and (3) they can establish and perceive electrical signals.
In a multi-cellular organism all of these or just a subset may provide important
clues for a cell to differentiate into one specific phenotype with site-specific
functionalities that are important for the organism as a whole. The interactions of
cells with their extracellular environment mediated by cell-surface receptors are of
paramount importance. Besides their mechanical importance for processes like cell
migration during development and wound healing, they provide the basis for
inside-out and outside-in signaling. The non-cellular extracellular environment,
summarized as the extracellular matrix (ECM), is a complex multi-component
mixture consisting of (glyco)-proteins, carbohydrates, low-molecular-weight
compounds, electrolytes and water [1]. The macromolecules interact with each
other forming a two- or three-dimensional fibrous network that plays a crucial role
in tissue homeostasis, mechanics and functionality. Thus, from this biological
perspective the interactions of cells with biomaterial surfaces within the organism
are critically important for both the cell and the organism.

When cells are isolated from the organism and transferred to an in vitro
environment for biomedical or biotechnological purposes, they may lose their
specific differentiation and functions due to the absence of the three-dimensional
tissue architecture and important molecular clues. In order to maintain the cellular
phenotype in vitro for research, medical approaches or biotechnology applications
it is important to provide a biocompatible environment. Besides the chemical
composition of the growth medium, it is the surface of the cell culture vessels that
is critical for cell survival and fate. In particular, the in vitro culture of anchorage-
dependent cells, which undergo apoptosis unless they can find proper sites for cell
adhesion, relies on tailored in vitro surfaces. Thus, from the perspective of
biotechnology, there is a strong need to understand, develop and refine the
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properties of in vitro surfaces such that growth and differentiation of the cells is
not affected—or even guided in a certain direction. There is not, however, one
ideal surface that is well-suited for all kinds of cells and for all scenarios. The most
appropriate material depends certainly on the cell type and also on the cellular
property that the in vitro surface is supposed to support and to foster, such as cell
adhesion, proliferation, differentiation, motility and expression of tissue-specific
genes, to mention just a few.

Even though some general correlations between the physico-chemical proper-
ties of a given surface and its performance as a support for cell adhesion and
growth have been established, there is no in-depth understanding of which surface
features influence which cellular function. Many more systematic studies need to
be done and they all rely on techniques capable of studying the cell–material
interface from different perspectives. This chapter summarizes the established and
some of the emerging techniques of analyzing the interface between cells and
man-made surfaces. They comprise optical, electrochemical and acoustic
approaches, which are compared and categorized at the end of the chapter.

2 Hallmarks of Cell Adhesion on In Vitro Surfaces

Cells do not interact directly with the surface of a man-made material but with a
pre-adsorbed layer of extracellular biomolecules, mostly proteins from the ECM
[1]. As a direct consequence, the adhesiveness of the surface for ECM-proteins is
the first prerequisite for cytocompatibility and mainly determines the behavior and
compliance of an in vitro surface in a physiological environment. However, when
a man-made material is brought in contact with a biological fluid (e.g. blood,
lymphatic fluid or cell culture medium), the surface initially encounters water
molecules. These bind rapidly to the surface, establishing a water mono- or
bi-layer. The specific arrangement of water molecules depends on the surface
properties on the atomic level. Highly reactive surfaces lead to the dissociation of
H2O and form a hydroxylated, i.e. OH-terminated surface. Less reactive surfaces
can interact with H2O molecules by hydrogen bonding, leaving the water as intact,
undissociated molecules. Surfaces that show either of these behaviors are termed
wetting or hydrophilic surfaces. On the other hand, surfaces with a weak tendency
for binding H2O are termed non-wetting or hydrophobic. After the formation of
this adsorbed water layer (adlayer), which occurs within nanoseconds, hydrated
ions such as Cl- and Na+ get incorporated. The specific arrangement of these ions
and their water shells is strongly influenced by the properties of the surface.

Subsequently, proteins from the biological fluid adsorb to the surface in a
complex series of events, including initial adsorption, conformational changes and
eventually replacement of smaller proteins by larger ones. In experiments in vitro
these proteins originate from the serum-containing culture medium and/or they are
synthesized and secreted by the cells themselves. Depending on the properties of
the surface, the resulting mixture of proteins on the surface, their conformational
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state and their orientation will be different [2]. Surface wettability is regarded
as one of the most important surface parameters governing protein adsorption [3].
A common observation is that hydrophilic and hydrophobic surfaces bind proteins
differently, i.e. proteins may adsorb intact or may undergo unfolding to minimize
the free energy of the system (Fig.1a). Water-soluble proteins in a physiological
environment commonly show a globular shape with a hydrophobic core and
hydrophilic and charged amino acid side chains exposed to the solution. Thus, on
hydrophilic surfaces protein adsorption occurs through polar and ionic interactions
(Fig.1a, left panel). No conformational changes are induced and the proteins bind
in their native conformation with intact water shells [4]. This leads to a rather
weak, mostly reversible protein adsorption.

On hydrophobic surfaces the proteins are often irreversibly bound due to
dehydration of the interface and the associated absence of intervening water shells.
Dehydration of both the substrate and the protein surface provides an entropic
driving force for the adsorption on hydrophobic surfaces. This leads inevitably to a
significant rearrangement of the protein conformation with partial or total
unfolding. The hydrophobic amino acids of the protein core are exposed to the
substrate surface to allow for hydrophobic interactions with the surface [5]. Most
of the polar and charged amino acid residues are oriented towards the aqueous
solution (Fig.1a, right panel). The degree of the surface-induced conformational
change mirrors the balance between the strength of protein–surface interactions
and the internal conformational stability of the protein [6]. The adsorbed protein

Fig. 1 Hydrophilic or hydrophobic in vitro surfaces in contact with a biological environment.

a Protein adsorption, b cell adhesion ( water molecules, polar amino acid side chains)
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layer forms within the first few seconds of contact between the surface and the
biological environment and determines the compliance of the surface with
subsequent cell attachment and spreading.

After the adsorption of proteins, cell attachment and spreading are initiated
by nonspecific interactions between the cells and the protein-decorated surface
(Fig. 1b). These comprise electrostatic, electrodynamic, steric and entropic inter-
actions. The first two are predominantly attractive in nature and based on the
presence of fixed charges and dipoles on both the cell surface and the substrate
surface. On the other hand, close adhesion between cell and surface requires the
compression of the glycocalix decorating the cell membrane and the surface-
attached protein layer which gives rise to steric and entropic repulsion. Once the
balance of nonspecific interactions has provided sufficiently close proximity,
specific interactions between cell–surface receptors and the surface immobilized
proteins are established and provide mechanically stable substrate anchorage of the
cells [7, 8]. The most prominent class of cell-surface receptors involved in cell
adhesion and spreading is the integrin family, which will be discussed in more
detail in the subsequent section.

Whether or not stable substrate anchorage occurs depends on (1) the expression
of integrins with affinity for the extracellular proteins pre-adsorbed on the surface
and (2) the composition of the surface attached protein layer and the conformation
of the adsorbed proteins. These two conditions eventually determine the fate of
cells settling upon an in vitro surface: the cells will start to attach firmly and
spread, maximizing their interface with an adhesive surface (Fig.1b, left panel) or
they will stay in a rounded morphology, loosely attached and unable to spread,
when specific interactions cannot be formed (Fig. 1b, right panel). The latter will
drive anchorage-dependent cells towards apoptosis. Generally speaking, while
hydrophilic surfaces promote cell adhesion due to their coating with a native
protein layer, hydrophobic surfaces covered with a layer of unfolded protein often
counteract cell adhesion since specific recognition sequences within the extra-
cellular proteins are not accessible to the cell-surface receptors.

3 Molecular Architecture of Specific Cell–Surface
Interactions

The most prominent type of transmembrane receptors responsible for specific
cell–substrate interactions are the integrins [9]. Integrins are a family of non-cova-
lently associated, a,b-heterodimeric transmembrane glycoproteins that project from
the cell membrane by roughly 20 nm [10]. To date, 24 different integrins have been
identified, resulting from different combinations of 18 a- and 8 b-subunits [11].

Both subunits exhibit some structural similarity: each is composed of a long
stalk-like extracellular segment with a globular domain at the N-terminus. The
N-terminal domains of both subunits combine to form the specific ligand binding site
that interacts with ECM proteins in the presence of divalent cations (Mg2+ or Ca2+).
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Both subunits share a hydrophobic domain, which spans the cell membrane, and
rather small cytosolic C-terminal domains. On the intracellular side, the b-subunit
of the integrins is linked to the actin cytoskeleton [13, 14] by means of cytoskeletal
adapter proteins (Fig. 2), such as talin, vinculin, a-actinin and paxillin. In contrast
to all other integrins, the a6b4 integrin associates with the keratin intermediate
filaments (hemi-desmosomes). Thus, integrins interconnect the intracellular protein
filaments of the cytoskeleton with the protein filaments of the ECM and serve
as a transmembrane bridge between these two macromolecular networks (Fig. 2),
providing mechanical stability to the cell–surface junction. The distribution of
integrins in the plasma membrane of adherent cells is very often not homogeneous.
After ligand binding, they tend to cluster locally, forming so-called focal adhesions
or focal contacts [1, 15]. At these adhesion sites, the cells are believed to have the
closest distance to the surface.

Depending on their subunit composition, integrins differ significantly with
respect to their specificity for different ECM proteins. Molecular recognition and
binding of individual ECM proteins are generally mediated by rather short amino
acid sequences (*4 – 10 amino acids) within the primary structure of ECM
proteins. The most well-known amino acid sequence involved in integrin recog-
nition is the tetrapeptide binding motif Arg-Gly-Asp-Ser (RGDS), a sequence
found in many ECM ligands including the ECM proteins fibronectin and vitro-
nectin [14,16]. Many integrins are multispecific receptors, meaning that they can
bind several different ECM proteins as long as these carry a suitable recognition
sequence. On the other hand, one particular ECM protein may interact with various
integrins by carrying more than one recognition sequence in its primary structure.

Apart from their crucial functional role in cell adhesion and linkage of the
cytoskeleton to the ECM [10], integrins act as bi-directional signaling receptors
that mediate information transfer across the plasma membrane and thereby

Fig. 2 Contact area between lower cell membrane and substrate surface forming the cell–surface
junction. Adhesion is provided by cell-surface receptors that specifically bind to components of
the ECM pre-adsorbed upon the substrate surface (adapted from [12])
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regulate various cellular processes. In outside-in signaling ligand binding is
transmitted into the cell interior by conformational changes of the receptor
carrying information that mediates cell growth, differentiation, proliferation,
migration, morphology and survival [1, 13, 17–20]. In addition, integrins transfer
signals from the cells to the ECM, a process termed inside-out signaling. This
process is mainly involved in regulation of integrin conformation, ligand-binding
affinity and ECM remodeling [19].

4 Experimental Techniques for Studying Cell–Surface
Interactions

The constant improvement in biomaterial synthesis and surface modifications has
provided various different synthetic materials that should be tested and screened
for their ability to promote cell adhesion and to support or even induce cellular
functionalities. A set of experimental approaches has been used in the past to
evaluate the cyto-compatibility of a given surface. These established techniques
cover a significant range of technical sophistication comprising low and high tech.
On the low-tech side, for instance, the number of cells that has adhered to a surface
under study within a given time is quantified by simple cell counting upon
microscopic examination. For cell proliferation studies, this measurement is
repeated at regular intervals. Apart from counting, the amount of cells adhering to
a surface under study can be determined by photometry after intracellular uptake
of membrane-permeable dyes or other methods of cell staining or biochemical
assays. The colorimetric MTT assay is an established in vitro assay for evaluating
the cyto-compatibility of biomaterials by measuring the metabolic activity of the
cells in contact with the surface. It is based on the intracellular reduction of a
colorless tetrazolium salt to colored formazan, which only occurs in metabolically
active cells with sufficient supplies of reducing agents (FADH2, NADH). The
amount of the colored formazan is proportional to the number of vital cells and can
easily be quantified by photometry.

More on the high-tech side are high-resolution microscopic techniques that are
capable of imaging the morphology of cells in contact with a surface under study,
such as scanning force microscopy (SFM) or scanning electron microscopy
(SEM). Both approaches provide detailed images of the upper cell surface with a
high spatial resolution. Other microscopic approaches can also be used to image
the cells on the surface at different resolutions and contrast.

All the methods mentioned above do not have direct access to the interface
between the lower cell membrane and the substrate that the cell is adhered to. We
refer to this interface as the cell–surface junction (cf. Fig. 2). However, most of the
processes important for adhesion, spreading or migration of cells are localized
at this particular interface between cell and surface. Thus, all experimental tech-
niques capable of reporting from this hidden area should be very useful for
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studying all aspects of cell–substrate adhesion. Moreover, most of the techniques
mentioned above are invasive in nature and only provide an endpoint analysis.
In order to get insight into the dynamics of cell–surface interactions, non-invasive
approaches are required capable of recording the different steps of cell–material
encounter with a reasonable time resolution.

In the following paragraphs we will highlight a few techniques and approaches
that are particularly valuable for studying the cell–surface interface. Most of
the techniques are non-invasive in nature; all of them report directly from the
cell–surface junction. They are based on optical, mechanical, electrical or
acoustical principles and are grouped accordingly. This survey does not claim
completeness but picks the most valuable techniques in the authors’ judgment.

4.1 Optical Methods for Studying Cell–Surface Interactions

4.1.1 Reflection Interference Contrast Microscopy

Reflection interference contrast microscopy (RICM) is capable of visualizing the
contact area between living cells and a transparent substrate, providing something
like the ‘‘footprints’’ of cells rather than their projections. It has been used
extensively to study cell adhesion dynamics [21]. In RICM, cells are grown on a
glass coverslip which is placed under an inverted microscope and is illuminated
from below by monochromatic light using an objective with high illumination
numerical aperture (INA). The RICM image results from light that is reflected at
interfaces between media of different refractive indices like the glass/liquid and
the liquid/cell membrane interfaces. When the incident light hits the transparent
substrate at a cell-free area, a fraction of the incident light is reflected at the glass/
liquid interface (Fig. 3a). The intensity of the reflected light depends on the
difference in the refractive indices of the two adjacent media. Since this difference
is more significant for the glass/liquid interface compared to any of the other
interfaces of the sample, the reflection is relatively strong, which makes cell-free
areas of the sample appear bright in RICM images (Fig. 3b). In cell-covered areas,
the incident light is also reflected at the glass/liquid interface but here the reflected
light is modulated by interference. The fraction of the incident light passing
through the glass/liquid interface is reflected at the liquid/cell membrane interface.
Due to the close proximity of these two interfaces (10–200 nm), both reflected
light beams are partly coherent and interfere. Thus, the intensity of the reflected
light—or the overall brightness of the image in cell-covered areas-depends on the
optical path difference of the two reflected light beams. Reflections from interfaces
deeper in the sample cannot modify the contrast of RICM images, as the condition
of local coherence is not valid for points within the sample that are further away
from the surface than approximately 100 nm. Taken together, the brightness of
RICM images in cell-covered areas is a function of the distance between the lower
cell membrane and the surface [22].
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In the corresponding RICM image (Fig. 3b) the contact area of a cell with a
substrate appears dark against a homogeneous grey and cell-free background,
whereas the intensity of the dark regions themselves depends on the local distance of
the lower cell membrane from the substrate surface. Besides providing static
information about the cell–surface junction, this technique can also record dynamic
processes, such as cell motion, due to its non-invasive nature [23]. However, it is very
tricky to extract absolute distances between cell membrane and surface from RICM
images, as the refractive indices of the different layers of the sample are very critical
parameters during analysis but hard to measure with sufficient precision.

4.1.2 Fluorescence Interference Contrast Microscopy

Another microscopic technique imaging the cell–surface junction is fluorescence
interference contrast microscopy (FLIC), which was introduced by Braun and
Fromherz in 1997. This technique is capable of quantifying the exact cell–sub-
strate separation distance [24]. Cells are grown on silicon substrates with steps
made from silicon dioxide on their surface. The steps have at least four different,
known heights ranging between 20 and 200 nm (Fig. 4a). After attachment and
spreading of cells on a FLIC substrate, the cell membranes are stained with a
lipophilic fluorescent dye and the sample is examined in an upright fluorescence
microscope. FLIC microscopy is based on the effect that the fluorescence intensity
of the fluorophore in the substrate-facing membrane is modulated by the silicon/
silicon dioxide interface which behaves like a mirror.

During illumination, standing waves of the incident light are formed with a node
at the silicon surface. Thus, the intensity of fluorophore excitation is dependent on
the distance between fluorophore (cell membrane) and silicon. The fluorescent light
emitted by the fluorophore upon excitation is collected from the objective lens of

Fig. 3 a Image formation in RICM. Light reflected from the glass/liquid interface and the liquid/
cell membrane interface is partly coherent and interferes. The image contrast depends on the
optical path difference between the two light beams and, thus, the cell–substrate separation
distance. b Typical RICM image of a cell after attachment and spreading on a glass coverslip
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the microscope either directly or after reflection at the silicon/silicon dioxide
interface. Since both the direct and the reflected fluorescent light are partly coherent,
interference occurs so that the intensity of the fluorescence emission is also
modulated by the optical path difference between membrane and silicon surface.
Taken together, the intensity of fluorophore excitation and the intensity of the
resulting fluorescence light are a function of the cell–substrate separation distance.
However, the relationship between the relative fluorescence intensity and the dis-
tance of the fluorophore to the silicon substrate surface is not unique but a damped
periodic function. The four different steps of silicon dioxide, serving as well-defined
spacers between the cell membrane and the reflecting silicon surface, are used to
provide four data pairs. The four different fluorescence intensities (cp. Fig. 4b) are
analyzed using an optical theory, providing a distinct cell–substrate separation
distance with unprecedented precision of 1 nm [24, 25]. However, FLIC is not a
label-free method and the cells may experience phototoxicity when repeated
experiments are performed to follow dynamic processes at the cell–surface junction.

4.1.3 Total Internal Reflection (Aqueous) Fluorescence Microscopy

Total internal reflection fluorescence microscopy (TIRF) [26] and total internal
reflection aqueous fluorescence microscopy (TIRAF) [27] are additional micro-
scopic techniques for visualizing the cell–surface junction of living cells as long as
they are grown on a transparent substrate. Both TIRF and TIRAF are subsumed
under the generic term evanescent field microscopy. In contrast to RICM
and similarly to FLIC, either the cell membrane (TIRF) or the incubation fluid
(TIRAF) requires fluorescent labeling. The cells under study are grown on a
transparent substrate that is illuminated from below with a laser beam. The laser
beam is aligned in such a way that it strikes the glass/liquid interface at an angle
bigger than or equal to the critical angle of total internal reflection hcrit (Fig. 5a).
Due to diffraction phenomena at the interface between an optically thicker and an
optically thinner medium, an evanescent electric field is generated at the surface
facing the liquid. Fluorophores attached to some component of the cell (TIRF) or

Fig. 4 a Schematic illustrating image formation in FLIC microscopy (adapted from [24]).
b Fluorescence micrograph of a cell grown on a FLIC substrate
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added to the bathing fluid (TIRAF) are excited by the evanescent field. The
evanescent field decays exponentially with the distance from the substrate surface.
The penetration depth is rather short and is in the order of 100 nm. Fluorophores
residing deeper inside the sample than the penetration depth of the evanescent field
are not excited. Thus, only fluorophores quite close to the surface contribute to
TIRF and TIRAF images.

In TIRF microscopy, transmembrane proteins such as integrins are commonly
labeled by a fluorescent tag so that their distribution within the cell–surface
junction can be analyzed. For TIRAF microscopy, the extracellular fluid is stained
with a water-soluble fluorescent dye instead of staining the cell membrane. When
the cells attach and spread, the cellular bodies displace the aqueous phase with
the dyes from areas of close cell-to-substrate adhesion [27]. Consequently, cell-
covered areas appear dark in TIRAF images, in contrast to TIRF images. Figure 5b
shows a typical TIRAF image from the cell–surface junction of an adherent
fibroblast. The image shows a non-uniform adhesion along the contact area.

4.1.4 Surface Plasmon Resonance

Surface plasmon resonance (SPR) spectroscopy is another experimental approach
to study cell–surface interactions and it is also based on evanescent electric fields.
As with the other evanescent wave techniques, the penetration depth of SPR using
visible light is below 200 nm. Thus, the sensitivity is confined to the interface
between cell and substrate whereas the technique is blind to processes that occur
deeper in the sample. It is therefore ideally suited to monitoring cell–substrate
interactions, in particular when time-resolved measurements are required [28].
SPR is an emerging technique as far as cell–substrate interactions are concerned
but it has a long history as a transducer in biomolecular interaction analysis [29].

As explained before for TIRF and TIRAF, the surface plasmon resonance
technique is also based on the phenomenon of total internal reflection and the
generation of an evanescent electric field (cf. Figs. 5, 6). In SPR the latter is,
however, used to excite surface plasmons (i.e. electron density fluctuations) in a
thin layer of a noble metal (most often gold) that is coated on the interface at
which total internal reflection occurs. However, surface plasmons are only excited
if the resonance condition is precisely met [30]. The resonance condition depends
on the angle of incidence, the wavelength of the incident light and the refractive
index close to the metal surface. With constant instrument parameters, SPR
measures the changes in refractive index of thin layers of inorganic, organic and
biological material adsorbed on the thin noble metal surface. As such it has
become a very versatile surface-sensitive technique with a myriad of applications.

For a given wavelength of incident light, the excitation of surface plasmons is
seen as a dip in intensity of reflected light at a specific angle of incidence (Fig. 6a).
This fact opens a whole field of possible optical configurations by which the
relationship between reflected light intensity, incident angle and excitation
wavelength can be exploited to result in label-free spectroscopic and microscopic
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approaches for sensitive and time-resolved analyses of cell–substrate interactions.
Most of these approaches are based on the so-called Kretschmann configuration in
which the excitation light is coupled into the metal surface via a high refractive
index prism for spectroscopic (Fig. 6a) or a high numeric aperture objective for
microscopic applications (Fig. 6b). Spectroscopic analyses are performed by either
measuring the changes in reflectivity at a constant (monochromatic) excitation
wavelength but variable angle of incidence (angle-dependent mode) or by
measuring the reflectivity at a constant angle of incidence but with polychromatic
excitation and subsequent spectral analysis of the reflected light (wavelength-
dependent mode) [29]. In order to perform SPR-based microscopy, a collimated
monochromatic light path is used to excite the whole field of view and the reflected

Fig. 5 a Schematic illustration of image formation in TIRF/TIRAF microscopy. b Typical
TIRAF image of the cell–substrate junction (adapted from [27])

Fig. 6 a Kretschmann configuration for performing integral SPR analysis of the cell–surface
junction. Surface plasmon excitation is recorded as a dip of the reflectivity as a function of
incident angle. During kinetic measurements the changes in reflectivity are acquired at a constant
angle of incidence. b Setup for SPR imaging based on a high numerical aperture objective
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light is recorded by a CCD chip [31]. In this configuration, local changes in
refractive index close to the sensor surface are visualized as a microscopic picture
(Fig. 6b).

Taken together, there are two ways of studying cell–substrate interactions by
SPR: (1) Changes in the refractive index averaged over the entire illumination spot
are recorded as a single parameter that integrates over all processes that occur
within the evanescent field. (2) SPR-generated reflectivity differences are sampled
with lateral resolution and converted into microscopic pictures. Initial SPR studies
addressing cell–substrate interactions were conducted in the spectroscopic mode
(1) by Yanase et al. in 2007 [32], reporting on their pioneering experiments to
grow adherent cells and immobilize suspended cells on SPR sensors. In a sub-
sequent report the group correlated the cell-induced changes in SPR signals and
light microscopic images, providing the first correlation between SPR signal
strength and the area of cell–surface adherence. The refractive index as an integral
parameter that changes when cells—or parts of cells—enter or leave the evanes-
cent field or simply change their morphology was extensively discussed [33].
Cuerrier and Chabot applied SPR successfully to a label-free, time-resolved
analysis of changes in cell–cell and cell–surface interactions of human embryonic
kidney (HEK) cells when these were stimulated with toxins or physiological
agonists or antagonists of cell-surface receptors [34, 35]. Phase-contrast micros-
copy was used to support a direct correlation of the SPR signal and the cellular
reaction which led to changes in cell–surface interactions. The studies clearly
showed that SPR detects changes in cell–cell and cell–surface interactions with
significantly more sensitivity than phase-contrast micrographs. All of these studies
emphasize the pros and cons of the limited penetration depth of the evanescent
field. On the one hand the limited decay length of the evanescent field shields off
contributions to the signal that do not originate from the cell–surface junction but
at the same time it provides a sensitivity problem for cells that do not adhere
tightly to their growth surface. This problem has been overcome by the novel
concept of FTIR–SPR, which was introduced by Golosovsky et al. [36]. Exciting
the surface plasmons with infrared light results in a substantially higher penetra-
tion depth of up to 2.5 lm, as the penetration depth corresponds approximately to
half the wavelength of the incident light. This setup is capable of conducting a
more flexible but still sensitive real-time monitoring of the different phases of the
formation of cell–substrate interactions during cell adhesion. Due to the novel
quality of the SPR data recorded via infrared excitation, temporal fine structures
during adhesion were observed that have not been revealed by other analytical
techniques so far [37].

Only a few important studies of surface plasmon resonance microscopy
(SPRM) have been published to date. Giebel et al. [31] used SPRM to study cell–
substrate interactions of primary goldfish glial cells. Besides the qualitative
information obtained from the recorded SPR micrographs about leading and tailing
lamellipodia during cell migration, the average distance between surface and
different parts of the cell bodies was extracted from the raw data. Comparing SPR
data to that from other state-of-the-art microscopic techniques identified the SPRM
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as a suitable and in some respects even more powerful method for the visualization
and quantification of cell–substrate interactions.

Only recently the group of Peterson et al. [38, 39] described an SPRM-based
analysis of remodeling processes of the ECM performed by vascular smooth muscle
cells during adherence, spreading and migration. By using a sophisticated optical
setup and a growth surface carrying fibronectin patterns, the group could simulta-
neously collect data about the cell density and distance from the matrix as well as
the amount of protein that was deposited or removed from the ECM, respectively.
Figure 7c compares the SPRM image with conventional phase-contrast microscopy
(Fig. 7a) and fluorescence microscopy (Fig. 7b) of the same field of view.

While the sensitivity of the system is remarkably high (*20 ng/cm2), the lateral
resolution of the micrographs is still low (*2 lm) compared to other microscopic
techniques. Even though SPRM has not been used extensively to study cell–surface
adhesion, its unique technical features and readouts may drive further applications.

4.2 Mechanical Methods for Studying the Stability
of Cell–Surface Interactions

The mechanical stability of cell–surface interactions can be determined from
so-called detachment assays. In these assays, substrate-anchored cells are exposed
to mechanical forces that aim to detach the cells from the surface under study. The

Fig. 7 Vascular smooth muscle cells grown on a substrate with 300 lm squares of fibronectin.
The cells had been fixed prior to imaging. a Phase-contrast micrograph. b Fluorescence
micrograph after Texas Red staining. c SPR-based micrograph (Adapted from [38])
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more mechanical stress the cells can take without detachment, the more stable are
the cell–substrate interactions with the growth surface. Depending on the assay,
the mechanical stress is more or less defined and can be gradually increased to find
the critical shear force for detachment.

The simplest approach to study cell adhesion strength requires seeding of
suspended cells upon a substrate of interest. After a pre-defined incubation time,
the surface is rinsed with a physiological washing buffer. Weakly attached cells
adhering with a force smaller than the shear forces generated by the flow of buffer
are washed from the substrate surface. The number of cells that remain attached to
the surface is counted and serves as a measure for the adhesive interactions
between surface and cells under study. Although these wash-off assays provide
semi-quantitative information about the mechanical stability of cell–substrate
interactions, the applied shear forces are ill-defined, difficult to control and of
limited use [40].

Thus, more precise assays have been developed that use well-defined shear
forces to probe the stability of cell–surface interactions in mature cell populations.
According to the type of force application, these assays are classified as centri-
fugation assays [41, 42] and hydrodynamic shear force assays [43, 44].

4.2.1 Centrifugation Assay

The centrifugation assay (Fig. 8a) applies the shear forces necessary to probe the
stability of cell adhesion by centrifugation—as the name implies. After cells are
allowed to fully attach and spread upon a surface under study, the cell-covered
surfaces are placed into centrifuge tubes filled with culture medium and are
centrifuged at a preset angular velocity. The centrifugal force acts as a well-
defined shear force parallel to the surface, generating tangential mechanical pull on
the cell bodies. After centrifugation the cells which resisted the mechanical stress
and remained attached to the substrate surface are counted using microscopic
techniques. Repeated runs with increasing angular velocity provide the critical
shear force that characterizes the mechanical stability of cell–substrate interactions

Fig. 8 Detachment assays used to determine the mechanical resistivity in cell–substrate
interactions. a Centrifugation assay. b Hydrodynamic flow assay
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for this particular pair of cells and substrate. A quantitative indicator that has been
used to describe the strength of cell–substrate interactions is the centrifugal force
necessary to detach 50% of the initial cell population. The centrifugation assay is,
however, a low-throughput assay as only a single force can be applied per
experiment. Moreover, in some cases the strength of cellular adhesion may exceed
the forces that can be applied in these assays with reasonable effort.

Channavajjala et al. [41] applied the centrifugation assay to quantify the
adhesion strength of tumor cells to immobilized HIV-1 Tat-protein, containing the
amino acid sequence RGD, in comparison to other specific ECM proteins such as
fibronectin and vitronectin. HIV-1 Tat was shown to mediate cell adhesion, but,
unlike the ECM proteins, the interaction between cells and the surface-immobi-
lized protein was mechanically weak.

4.2.2 Hydrodynamic Flow Experiment

In hydrodynamic flow experiments the cell-covered surface is placed in a laminar
flow channel and the cells are challenged with increasing flow velocities of the
fluid. As in the centrifugation assay, the flow of liquid generates mechanical forces
on the cell body tangential to the surface, which may lead to detachment (Fig. 8b).
Most frequently a parallel-plate flow apparatus is used. Here the opposing side of
the channel is a parallel plate that moves with a preset velocity. A laminar shear
flow is generated over the cell surface by viscous coupling of the liquid. In order to
guarantee laminar flow the gap height between the parallel plates has to be small
compared to the length of the flow path. In a parallel-plate flow chamber the shear
stress is constant and depends on the flow rate and the gap between the two plates.
Thus, the applied shear stress can be easily adjusted by altering one of these two
parameters. After exposing the cells to laminar flow for a definite period of time,
the number of adherent cells is counted and compared to the number before the
onset of flow, providing the fraction of adherent cells that were capable of resisting
a given laminar shear stress.

Using a laminar flow assay Xiao and Truskey [44] analyzed the adhesion
strength of endothelial cells grown on a glass substrate that had been pre-coated
with linear or cyclic RGD peptides as well as fibronectin. The critical shear stress,
defined as the shear stress required to detach 50% of the cells from the coated
substrate surface, was determined to be (59 ± 13) dyne/cm2 for cyclic and (39 ±

4) dyne/cm2 for linear RGD peptide. The value for fibronectin-coated surfaces was
lower than those for the peptide coatings.

By mounting the flow chamber on the stage of an inverted phase-contrast
microscope and using time-lapse video microscopy, the dynamics of cell
detachment can be monitored simultaneously. However, a major limitation of
these flow systems is that the detachment forces are usually non-uniform along
the cell surface and cannot be calculated without simplifying assumptions about
cell shape.
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4.3 Electrochemical Approaches for Studying Cell–Surface
Interactions

Experimental approaches based on electrochemical impedance analysis—also
referred to as impedimetric approaches—are emerging and very versatile research
tools for studying cell–substrate interactions in real time. The basic principle of
this technique was introduced by Giaever and Keese in 1984 and has been
continuously optimized ever since. In the initial publication the technique was
named electric cell–substrate impedance sensing or short ECIS and it has paved
the way for several modifications that are all based on the ECIS principles [45]. In
ECIS, adherent cells are grown on the surface of planar gold film electrodes, which
are pre-deposited on the bottom of a cell culture dish by thin-film technology. The
gold films serve as growth substrate for the cells and, at the same time, as elec-
trodes for the electrochemical measurement. With the cells adhering essentially to
the electrode surface, there is only a gap of 20–200 nm between the cell bodies and
the measurement probe. By virtue of this arrangement the measurement is
particularly sensitive to changes that occur within the cell–surface junction in
unprecedented detail.

In the most commonly used configuration the measurement system contains
two electrodes: a small working electrode (5 9 10-4cm2) and a substantially
larger (*500-fold) counter electrode (Fig. 9). The electric circuit is completed
by the cell culture medium on top of the cell layer. ECIS is based on measuring
changes in the electrochemical impedance of the gold film electrodes at different
AC frequencies (alternating current). As the cells behave essentially like insu-
lating particles, they force the current to flow through the cells or around the cell
bodies. Both situations result in an increase of the measured impedance due to
the presence of the cell bodies on the electrode surface compared to a cell-free
electrode.

When initially suspended cells are seeded on an ECIS electrode, it is possible to
follow attachment and spreading of the cells upon the electrode surface from time-
resolved impedance readings due to the gradual constriction of current flow. ECIS
recordings are therefore particularly well-suited to follow the kinetics of cell
spreading. Once the cells form a confluent monolayer the impedance becomes
stationary as long as the cells do not change their shape. In this situation ECIS is
capable of monitoring all experimental challenges that are mirrored by a change in
cell shape. As many chemical, physical or biological stimuli result in minute
changes of cell morphology, the technique is widely applicable in many research
areas that will not be addressed here, such as cytotoxicity screening, GPCR-
mediated signal transduction or stem cell differentiation. ECIS readings rely only
on small amplitude currents and voltages such that the cells are not affected in any
way by the electric field used for the measurement. It is considered to be a
non-invasive approach even if the experiment spans several days or even weeks.

The method was originally developed using gold as the electrode material, and
gold is by far the most widely used material due to its inertness, its biocompatibility,
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its electrochemical properties and the well-established concepts for surface
modifications. However, the method has been successfully transferred to other
electrode materials such as platinum or indium tin oxide (ITO). The latter cases
will not be covered in the following paragraphs, which will deal only with ECIS
using gold film electrodes. The gold electrodes can be coated with individual
components of the ECM or reconstituted preparations of native matrices without
losing any sensitivity. Due to their inertness they can be modified by simple
adsorption with almost any compound that has to be tested for its impact on
cell–substrate adhesion. Moreover, there is an enormous tool box available for
modifying the gold surfaces covalently by self-assembly reactions with com-
pounds that carry thiol moieties as functional groups. ECIS is, however, of no
use for polymeric or ceramic coatings as these are non conducting and they
cannot be coated on the electrodes without losing the ability to perform ECIS
readings.

Moreover, ECIS is very well suited to study cell–surface interactions on
topographically structured substrates with specific topographical features. For this,
inert substrates that carry the topography of interest have to be coated with a thin
gold film in a well-defined electrode layout such that impedance readings can be
performed with sufficient sensitivity. Characterizing the kinetics of cell attachment
and spreading upon topographically structured in vitro surfaces might be of
interest before these materials can be used as biomaterials in biosensors or
implants.

Fig. 9 Schematic of the ECIS principle, indicating AC current flow between the small working
electrode and the larger counter electrode via the culture medium. The arrows, which indicate AC
current flow, are drawn unidirectional only for the sake of clarity. The size of the electrodes is not
drawn to scale with respect to cell size
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4.3.1 Monitoring Cell Spreading Kinetics with High Time Resolution

The AC frequency used for ECIS recordings is an extremely important parameter
as it determines the current pathway across the cell layer and, thus, the processes
that are mirrored in the time-resolved signal. For the electrode size discussed here,
the presence of the cells on the electrode surface alters the impedance of the
electrode in the frequency range between 10 Hz and 100 kHz. Within this
frequency range the current can flow along two different current pathways: (1)
around the cell bodies via the cell–surface junctions and the cell–cell junctions
into the bulk (paracellular pathway) or (2) across the plasma membranes and
directly through the cell bodies (transcellular pathway). The first case describes
approximately the flow of AC current for frequencies f \ 10 kHz whereas the
latter case describes the current pathway for frequencies f [ 10 kHz. Thus,
selecting the frequency determines where the current flows and as a consequence
which part of the cell or which cellular processes are actually probed. A rule of
thumb says that whenever morphological changes of the cells are the focus of
interest, the measurement should be made sensitive for changes in the paracellular
current pathway (f \10 kHz). When coverage of the electrode is of interest—as in
spreading and migration experiments—the measurement should be performed in
the transcellular frequency regime (f [ 10 kHz).

According to this rule of thumb, cell attachment and spreading is usually
recorded in the high-frequency regime ([10 kHz). At these frequencies, the main
part of the current passes capacitively through the cells, passing the basal and the
apical cell membrane. For a more detailed analysis of cell spreading kinetics, not
the impedance but the capacitive part of the complex impedance (cf. Fig. 9) is
followed at a sampling frequency of 40 kHz. When the dielectric cell bodies attach
and spread on the electrode surface, they decrease the equivalent capacitance of
the electrode at 40 kHz proportionally to the fraction of the area they cover [46].
Measuring the capacitance of the system at 40 kHz as a function of time is
therefore the most direct approach to monitor the coverage of the electrode surface
with time, thus providing the spreading kinetics.

The following examples illustrate the analytical performance of the device.
Figure10a shows the kinetics of cell spreading for epithelial MDCK (Madin–
Darby canine kidney) cells seeded on ECIS electrodes that were pre-coated with
different ECM proteins [46]. The time courses of the individual electrode capac-
itances at a sampling frequency of 40 kHz show clear differences in the time to
confluence on these different ECM proteins. The electrode capacitance decreases
as the cells spread out on the electrode surface. Whereas cell attachment and
spreading is fastest on a fibronectin-coated electrode, spreading on the
non-adhesive serum albumin (BSA) takes significantly longer. Thus, the individual
spreading kinetics provide quantitative information on the interaction of the cells
under study with this particular protein coating.

Two parameters can be extracted to describe the adhesion and spreading
kinetics on the different proteins quantitatively: the parameter t1/2 provides the
time required for half-maximal cell spreading and the parameter s stands for the
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spreading rate. The spreading rate is deduced from the slope of the curve at t=t1/2

(Fig. 10a). It is directly proportional to the adhesion energy of the cells with a
given surface composition [47]. t1/2 values for the different protein coatings clearly
mirror the time courses of the electrode capacitance, identifying BSA as the least
adhesive protein with the highest t1/2 value. However, the spreading rate s for BSA
is close to the values for LAM and VN, indicating a similar adhesion energy for
BSA compared to these two proteins (Fig. 10b).

This apparent discrepancy is readily explained by the onset of ECM production
in the cells that were seeded on BSA-coated electrodes. The absence of adhesion
sites on the surface triggers ECM production and secretion.

4.3.2 Monitoring Micromotion within Confluent Monolayers

Besides the kinetics of cell attachment and spreading, ECIS is also capable of
recording metabolically driven cell shape fluctuations that have been referred to as
micromotion [48]. Micromotion recordings integrate over transient and minute
changes in cell–cell contacts, cell–substrate contacts, cell volume and cell
membrane invaginations. The scale of these cell shape fluctuations can be in the
sub-nanometer range and still be visible in ECIS measurements. Micromotion has
been electrically recorded as small and rapid fluctuations of the impedance of
cell-covered ECIS electrodes, when the impedance is tracked as a function of time
at a single frequency sensitive for these movements. According to the rule of
thumb described in the preceding paragraph, micromotion recordings are typically
performed at intermediate frequencies, most often at 4 kHz. The higher the time
resolution of the measurement the more of the inherent dynamics of the cell layer
is revealed. Thus, micromotion recordings provide direct and indirect information

Fig. 10 Monitoring attachment and spreading of suspended cells by ECIS recordings. a Time
course of the electrode capacitance at 40 kHz during attachment and spreading of initially
suspended MDCK cells seeded at time point zero on ECIS electrodes pre-coated with different
ECM proteins (FN = fibronectin, VN = vitronectin, LAM = laminin, BSA = bovine serum
albumin). b Half-times t1/2 and spreading rates s as determined from the data in a
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about the cytocompatibility of a given surface—via direct contributions from the
cell–surface junction to the observed impedance fluctuations, and indirectly since
micromotion is a general indicator of cell viability [49].

Figure 11 compares the micromotion of two different cell lines before (thick
lines) and after (thin lines) the cells were fixed with formaldehyde. Different cell
lines show individual and characteristic ‘‘fingerprints’’ of their motility whereas
dead cells no longer induce any significant resistance fluctuations anymore.
Analysis of micromotion for different electrode coatings may provide valuable
insights into the interactions between cells and a given surface.

4.3.3 Monitoring Cell Migration

Cell–surface interactions play an important role in the ability of a cell to migrate,
as, for instance, during wound healing or embryonic development. The easiest
assay for assessing cell migration on a given ECM in vitro is called the wound
healing scratch assay: a confluent cell monolayer grown on the surface under
study is mechanically wounded by scratching the tip of a pipette or a needle
through the cell layer. The size of the lesions depends on the size of the needle.
Cells from the periphery of the scratch migrate into the center of the wound
and this process can be documented and analyzed microscopically over time.
A weakness of this assay is the time-consuming analysis of the micrographs and
the fact that the applied mechanical wounds are often hard to reproduce. The assay
becomes significantly more reproducible and more convenient when the cell layer
is established on ECIS electrodes such that the electrodes can be used to apply a
lethal electric field and thereby wound those cells residing on the electrode surface.
When the conditions of the electric wounding pulse are properly selected, all the
cells on the electrode surface die but not those in the periphery of the electrode
(Fig. 12). Migration of viable cells from the electrode periphery to the center of the
electrode (wound healing) can be followed quantitatively by time-resolved ECIS

Fig. 11 Cellular
micromotion as revealed in
time-resolved measurements
of the normalized resistance
of an ECIS electrode covered
with a confluent monolayer of
MDCK (blue) or NRK cells
(red) before (thick lines) and
after fixation (thin lines) with
formaldehyde. The resistance
was measured at 4 kHz each
time
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readings [50]. In contrast to the mechanical scratch assay, the ECIS-based wound
healing assay provides well defined and highly reproducible wounds, as they
correspond to the size of the electrode.

Similar to cell attachment and spreading studies, the capacitance at a sampling
frequency of 40 kHz is the most useful indicator for monitoring the repopulation of
the electrode surface by cells migrating in from the periphery. Figure 12a shows
the time course of the normalized capacitance at 40 kHz after wounding a
confluent layer of NRK cells that have been grown on ECIS electrodes pre-coated
with laminin (LAM) in different concentrations. The arrow at position 1 marks the
time point when the invasive electric field was applied to the cells, killing the cells
on the electrode. Immediately after pulse application the capacitance increases
from its minimum value, which mirrors a confluent cell layer, to a typical reading
for an open, cell-free electrode. The electrical permeabilization of the cell mem-
branes allows the current to flow freely through the dead cells without a mea-
surable capacitance contribution from the cell membranes. As time progresses
Cnorm continuously decreases back to the pre-pulse values as the electrode is
gradually repopulated by cells that migrate in from the periphery. The rate of the
capacitance decrease depends on the LAM concentration. Eventually, the capac-
itance reaches the stationary level of a cell-covered electrode again, indicating that
the healing process is completed (closure of the wound). To characterize the assay
readout for different electrode coatings by a single parameter, it is useful to

Fig. 12 ECIS-based cell migration assay. a Time course of the normalized capacitance measured
at an AC frequency of 40 kHz along a complete wound healing/migration assay with NRK cells
grown on ECIS electrodes pre-coated with 40 lg/mL (filled circle) or 5 lg/mL (open circle)
laminin. Numbers 1–4 indicate the time points at which a vital stain of the cells on the electrode
was performed (cf. Fig. 12b). T1/2 is the time to reach half-maximal repopulation of the electrode.
Capacitance data was normalized to the first value after electrical wounding (cell-free electrode).
b Fluorescence micrographs of NRK cells stained with calcein AM and ethidium homodimer-1 at
different points of the wound healing/migration assay (green = vital cells, red = dead cells; the
staining was performed 1: before, 2: immediately after the wounding pulse, 3: after 50% wound
healing, and 4: after complete wound healing)

54 S. Michaelis et al.



determine the time T1/2 needed to attain half-maximal capacitance decrease after
wounding and, thus, half-maximal repopulation of the electrode (= wound healing).
The slope of the capacitance versus time curves mirrors the migration velocity.

Fluorescence microscopic observation of the ECIS-based wound healing assay
(Fig. 12b) provides images of the different stages of the wound healing process.
A fluorescence-based viability assay based on ethidium homodimer-1 (EthD-1; red
fluorescence) and calcein acetoxymethylester (CaAM; green fluorescence) was used
to discriminate live and dead cells in the micrographs at the times indicated in
Fig. 12a. The DNA-intercalating dye EthD-1 is a marker for membrane integrity as it
is non-membrane-permeable and can only access the nuclei after membrane
permeabilization. Calcein AM (CaAM) is essentially non-fluorescent but
membrane-permeable. Intracellular esterases inside living cells hydrolyze CaAM to
the membrane-impermeable calcein, which emits a green fluorescence. Before the
high-field application, all cells exhibit a green cytoplasmic fluorescence, which thus
indicates vital cells. After the elevated field is applied, all cells residing on the
electrode are selectively wounded as indicated by their EthD-1 stained cell nuclei
(red), while the cells surrounding the electrode remain vital, showing a green cyto-
plasmic fluorescence (Fig. 12b2). Figure 12b3 shows a fluorescence image of an
electrode covered with NRK cells after half-maximal wound healing. A radial
growth pattern in the cell layer near the electrode periphery can be observed as the
cells have migrated inward, suggesting a re-alignment of the cells during the
migration process. This pattern is even more pronounced for the image recorded after
wound closure (Fig. 12b4).

4.4 Acoustic Techniques for Studying Cell–Surface Interactions

Several acoustic approaches have been described that are capable of providing
valuable information about the formation and modulation of cell–surface inter-
actions. By far the most widely known device is the quartz crystal microbalance

Fig. 13 Top and side views
of a shear wave resonator as
used in QCM-based
experiments. The quartz
resonator is sandwiched
between two gold film
electrodes used to drive the
resonant oscillation and to
read the resonance frequency.
Under resonance conditions a
standing acoustic wave is
established between the
crystal’s surfaces. Resonance
parameters are very sensitive
to adsorption or desorption
processes at the surface
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(QCM) that has a long track record as a mass-sensitive tool to study adsorption
reactions at the solid–liquid interface. It operates non-invasively and with a superb
time resolution that is much better than necessary for most cell-related studies. The
core component of this technique is a thin, disk-shaped piezoelectric (AT-cut)
quartz crystal sandwiched between two gold film electrodes. When an oscillating
potential difference is applied between the surface electrodes, the piezoelectric
resonator is excited to perform mechanical shear oscillations parallel to the crystal
faces at the resonator’s resonance frequency (Fig. 13). This mechanical oscillation
is highly sensitive to changes that occur at the resonator surface, so that adsorption
or desorption processes can be followed by readings of the resonance frequency
f [51] or by analyzing the shear oscillation of the resonator using principles of
impedance analysis [52–54].

For many years the QCM technique was used as an established and accepted
tool for studying deposition processes of thin material films in the gas phase or in
vacuum. As long as the adlayer film is rigid and homogeneous, the resonance
frequency decreases in proportion to the amount of deposited mass [55], providing
a balance with nanogram sensitivity. Recent progress in designing better oscillator
circuits to determine the resonance frequency or alternative readout approaches
has paved the way to monitor adsorption processes even in an aqueous environ-
ment—a prerequisite for the detection of protein adsorption or cell adhesion
processes under physiological conditions.

4.4.1 Monitoring Attachment and Spreading on Protein-Coated
Resonators

The most sensitive operational mode for a quartz resonator is the active oscillator
mode. Here, the quartz resonator is integrated as the frequency-controlling element
in an oscillator circuit and the resonance frequency of the crystal is recorded with
high sensitivity and a time resolution of less than 1 s. The oscillator circuit only
compensates for energy losses and maintains the quartz resonator at its resonance
frequency. The general applicability of the QCM technique in the active oscillator
mode for studying cell adhesion has been demonstrated by various authors
addressing a variety of bioanalytical issues. Gryte et al. [56], Redepenning et al.
[57] and Wegener et al. [58] monitored the attachment and spreading of initially
suspended mammalian cells on the resonator surface in real time by readings of the
resonance frequency. They showed that the attachment and spreading of
mammalian cells upon the resonator surface induced a decrease in the resonance
frequency that was proportional to the fraction of the surface area covered with
cells (Fig. 14). Thus, time-resolved measurements of the resonance frequency
mirror the kinetics of cell attachment and spreading on the resonator surface.
To illustrate the quality of the data, Fig. 14a shows the time course of the
resonance frequency shift when increasing amounts of MDCK cells are seeded on
the resonator surface at time zero. After a transient slight increase of the resonance
frequency due to warm-up of the medium, Df decreases, reporting on the

56 S. Michaelis et al.



continuous progress in cell attachment and spreading. The total shift in resonance
frequency (Dfmax) increases with increasing seeding density up to a threshold
value. This becomes obvious when the total frequency shift is plotted against the
number of seeded cells, providing a saturation curve (Fig. 14b).

For low seeding densities the frequency shift is proportional to the fractional
surface coverage with cells. However, when all adhesion sites on the surface are
occupied by cells, the frequency shift does not further increase even though the
number of seeded cells is further raised. This observation confirms that only
those cells in direct contact with the resonator surface contribute to the QCM
signal.

Wegener et al. [58], who studied the adhesion of different mammalian cell
types, have additionally found that confluent monolayers of different cell types
produce individual shifts in resonance frequency, possibly reflecting individual
molecular architectures of their cell–substrate contacts. With a more detailed
understanding of this cell-type-specific QCM readout, unprecedented information
about the interactions of cells with in vitro surfaces will become available. This
next step requires methodological improvements with more observables than just
the resonance frequency. The resonance frequency of the quartz resonator is an
integral parameter sensitive to both mass deposition and changes in the density or
viscosity of the material in contact to the resonator surface [59]. Discrimination
between these two contributions is not possible from readings of the resonance
frequency alone. This, however, becomes important when the resonator is loaded
with a complex material that neither behaves like a rigid mass nor has uniform
contact with the surface. Cells are viscoelastic bodies for which the linear rela-
tionship between adsorbed mass and change in frequency is not valid [60, 61].
Rodahl et al. [61, 62] developed an extension of the traditional QCM technique,

Fig. 14 a Shift in resonance frequency during attachment and spreading of initially suspended
MDCK cells. From the upper to the lower curve seeding densities (in 105cm-2) increase (open
circle 0; filled circle 1.3; triangle 1.8; filled down triangle 3.7; filled square 7.7; open square 15).
Dfmax indicates the maximum frequency shift observed for a given seeding density. b Maximum
frequency shift Dfmax as a function of the cell density seeded on the resonator surface at time
point zero. T = 37 C
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the so-called QCM-D technique, which provides measurements of the dissipation
factor D in addition to the common measurement of the resonance frequency f. The
dissipation factor quantifies the damping of the quartz oscillation and is defined as
the ratio of the dissipated energy to the energy that is elastically stored during one
period of oscillation. Simultaneous f and D measurements are performed by
periodically switching off the driving power to the quartz oscillator and subse-
quently recording the free decay of the quartz oscillation. The measured decay
time of the damped sine wave is expressed as the dissipation factor, to which it is
inversely proportional. Readings of D indicate whether the recorded shift in
resonance frequency arises from dissipative processes, as occur with any viscous
loading of the resonator surface [61]. Thus, simultaneous f and D measurements
facilitate the detailed interpretation of QCM experiments.

Fredriksson et al. [63] and Nimeri et al. [64] used this approach to characterize
the attachment and spreading of mammalian cells and the interaction of neutro-
phils with a protein-coated surface. Reiss et al. [65] used functionalized (biotin-
doped) lipid vesicles and studied their adhesion onto a resonator surface coated
with specific ligands (avidin) as a simple model system to mimic cell attachment
and spreading. The adhesion of mammalian cells and liposomes gave rise to very
similar shifts in resonance frequency, whereas the viscous energy dissipation was
at least one order of magnitude higher when cells made contact with the resonator.
As a conclusion of these studies it was obvious that the viscous properties of the
cell–surface junction and the cell body had a great impact on QCM readings.

The second operational mode for QCM experiments is termed the passive
mode. Here, the quartz resonator is not oscillating freely but a sinusoidal voltage is
applied to the surface electrodes and the crystal is thereby forced to oscillate at
frequencies determined by the frequency of the applied AC voltage. The quartz is

Fig. 15 a Impedance spectra near resonance of a cell-free (open circle) and a cell-covered (filled
circle) 5-MHz quartz resonator. The arrow indicates the change of the minimal impedance
D|Zmin|, which was used to follow cell attachment and spreading upon the resonator surface.
b Time course of the minimal impedance D|Zmin| during the attachment and spreading of NRK
cells upon the quartz resonator. Changes of the load parameters are given relative to a cell-free
but medium-loaded resonator. t1/2 is the time required to induce a half-maximal change of D|Zmin|.
Mean ± SEM, n = 5; T = 37 C
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excited sequentially along a narrow frequency band around its fundamental
resonance and the electrical impedance of the system is recorded. Figure 15a
shows a typical impedance spectrum for a medium-loaded resonator compared to
the same resonator covered with a confluent monolayer of NRK cells.

The presence of cells on the resonator surface is most obviously expressed by a
significant damping of the shear oscillation as indicated by shifts of the minimal
(|Zmin|) and the maximal impedance (|Zmax|). Attachment of the cells to the reso-
nator induces only a minor shift of the impedance spectrum along the frequency
axis towards lower frequencies. This confirms that the cell monolayer induces
primarily dissipation of motional energy and only a negligible storage of elastic
energy.

Attachment and spreading of initially suspended cells to the resonator surface is
followed over time by continuously recording impedance spectra such as the one
shown in Fig. 15a. The gradual coverage of the surface is mirrored in the change of
the minimal impedance magnitude D|Zmin|, which is directly extracted from the
raw data (blue horizontal lines in Fig. 15a), as a function of time (Fig. 15b).
Figure 15b shows the time course of the minimal impedance D|Zmin| during the
attachment and spreading of initially suspended NRK cells seeded to confluence
upon the resonator surface, expressed relative to the value for the medium-loaded
resonator. Immediately after cell inoculation (t = 0), D|Zmin| shows a characteristic
steep increase, reaching a stationary value once spreading is complete. Since the
cells were seeded to confluence into the measuring chamber, i.e. they already
cover the entire quartz surface after sedimentation and adhesion without any need
for further cell proliferation, the final change in D|Zmin| corresponds to a confluent
monolayer of cells on the surface. The initial increase of D|Zmin| with time
describes the kinetics of cell attachment and spreading, which is quantified by two
parameters, t1/2 and s. The quantity t1/2 describes the time that is needed to reach
the half-maximal change of D|Zmin|, which corresponds to half-maximal surface
coverage. The slope s of the attachment curve quantifies the spreading rate and is
directly proportional to the adhesion energy of the cells.

With the help of these different operational modes it is possible to unravel
several key features of any QCM-based analysis of cell–surface junctions:

1. QCM readings only report on specific, integrin-mediated cell adhesion to the
resonator surface. Sedimentation and loose attachment of cells to the reso-
nator surface via nonspecific interactions do not influence the QCM readout
[58, 66].

2. QCM readings are only sensitive to those parts of the cellular body that are
involved in making cell–substrate contacts and that are close to the resonator
surface [66]. Thus, sensitivity is confined to the cell–surface junction.

3. The presence of a confluent cell layer on top of the resonator surface leads to a
significant increase in viscous energy dissipation, usually many times (2- to
10-fold) larger than the increase in the stored energy [67]. The impact of cells
on energy dissipation was shown to be cell-type-dependent reflecting individual
acoustic properties.
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4. A major contributor to the QCM signal of adherent cells is the actin cyto-
skeleton [66]. Taken together with point (2) above, it is the part of the actin
cytoskeleton associated with cell–surface junctions that contributes to the QCM
signal and can be probed by QCM experiments.

4.4.2 Biocompatibility Testing of Polymer Surfaces

In contrast to the electrochemical approaches described in the preceding section,
which are limited to conductive coatings of the electrodes with proteins or other
biomolecules, the QCM-based analysis of cell–surface interactions is also appli-
cable to polymeric, metallic or ceramic coatings of the resonator. Any of these
materials can be coated as a thin film on the resonator surface and then resonance
analysis is performed just as described above. The only requirements with respect
to material deposition are homogeneity and rigidity of the coating such that
no significant acoustic loss occurs within the adlayer, as this would reduce the
inherent sensitivity of the resonator for subsequent cell adhesion studies.
Figure 16a shows the time course of attachment and spreading of NRK cells after a
single-cell suspension was seeded to confluence on a quartz resonator coated with
a thin layer of polystyrene (PS). Spreading kinetics are again mirrored in the
time course of D|Zmin|. When initially suspended NRK cells are seeded on an
unmodified PS surface (open symbols), the minimal impedance D|Zmin| shows only
a minor and transient increase, indicating that specific interactions between cells
and the underlying surface are not allowed to form. Apparently, the cells are not
able to attach and spread properly on this surface. By contrast, after a selective
hydrophilization of the PS surface by short-term exposure to an argon plasma, cell

Fig. 16 a Time course of D|Zmin| after seeding equal numbers of initially suspended NRK cells
on a polystyrene-coated quartz resonator at time point zero. The PS film on the resonator was
either left unmodified (open circle) or had been exposed to an argon plasma (filled circle) prior to
inoculation. The value of |Zmin| at the beginning of the experiment was set to zero. (Mean ±

SEM,n C 5;T = 37 C). b Phase-contrast micrographs of NRK cells 10 h (1), 24 h (2) and 48 h (3)
after inoculation on unmodified PS (B1, B2, B3) and plasma-treated PS (C1, C2, C3)
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attachment and spreading occurs immediately (filled symbols in Fig. 16a). D|Zmin|
increases to a transient maximum within 350 min after cell inoculation and even
continues to increase to a final maximum. These results were confirmed by phase-
contrast micrographs recorded 10, 24 and 48 h after seeding of the NRK cell
suspension on both polymer surfaces (Fig. 16b).

On the unmodified PS surface only a small fraction of the seeded cells has
spread on the surface within 10 h (Fig. 16b1), whereas the predominant fraction
remains spherically shaped and forms clump-like aggregates floating in the culture
medium. 24 h after cell inoculation, small cell islets have formed (Fig. 16b2)
showing individual cells with a quite untypical, elongated morphology. 48 h after
cell inoculation, no adherent cells can be observed on the unmodified PS surface
but large aggregates of cell fragments and apoptotic cells are floating in the culture
medium (Fig. 16b3). By contrast, 10 h after cell inoculation upon the plasma-
treated surface, the biggest fraction of the surface is covered with spread cells
(Fig. 16c1). As time progresses a confluent cell monolayer is established with a
gradual increase in the cell number per unit area (Fig. 16c2, c3).

Compared to microscopic studies, an inherent advantage of the QCM approach
is that it directly provides quantitative and time-resolved data of cell spreading
kinetics without any need for complex and time-consuming image analysis. The
inability of cells to attach and spread upon unmodified, hydrophobic PS is in good
agreement with the literature [68–70] and might be related to the pre-adsorbed
protein layer which influences the behavior of cells approaching the surface. On
hydrophobic surfaces like unmodified PS, the soluble proteins are thought to
adsorb under conformational rearrangement (denatured conformation) on the
polymer surface, making the binding sites within the adsorbed proteins inacces-
sible to cell–surface receptors. Consequently, specific cell–substrate contacts
cannot be established and cell adhesion is almost completely inhibited. On the
other hand, PS surfaces after argon plasma treatment generally allow the proteins
to adsorb without unfolding, rendering the surface cytocompatible. Consequently,
the integrin binding sites within the adsorbed proteins should be accessible for the
cell-surface receptors of the arriving cells. This single example shows the general
applicability of the QCM approach to study the biocompatibility of different
biomaterials, no matter whether they are polymers, metals or ceramics.

4.4.3 Probing the Cell–Surface Junction Under Shear Stress

In the preceding paragraphs the QCM-device has been described as a sensor to
monitor the mechanical interactions between cells and surface. It can also be used
as an actuator capable of disturbing or even dissolving molecular recognition at
the solid–liquid interface, such as cell–surface contacts. In the actuator mode, the
resonator is used at an elevated lateral shear amplitude. The latter is controlled by
the driving voltage applied to the surface electrodes to excite the crystal. Heitmann
and Wegener [71] studied the impact of elevated lateral oscillation amplitudes on
the adhesion kinetics of different mammalian cells. By gradually increasing the
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amplitude of the resonator’s shear displacement during cell attachment, the authors
were able to determine a threshold lateral oscillation amplitude of *20 nm in the
center of the resonator (driving voltage: [ 5 V) beyond which cell adhesion to
the quartz surface was retarded or even entirely blocked. A maximum shear
amplitude of 35 nm (driving voltage: 10 V) was sufficient to completely inhibit
cell adhesion for all cell lines under study. However, shear oscillations of similar
amplitudes were unable to disrupt cell–surface interactions within established cell
layers. The cells could not be displaced from the surface once they had formed
mature adhesions. In the long run, this method might develop into a new approach
to probe the mechanical shear resistance of cell–surface interactions. As it is
possible to coat the resonator with different biomaterials without losing its sensor
function, the assay can be used to characterize a wide variety of materials.

5 Synopsis

Table 1 summarizes the various approaches and techniques for studying cell–surface
interactions as they have been described in this survey. We have included the
individual strengths and limitations of each technique according to our personal
perspective and judgment. The survey is not exhaustive but focuses on those
assays and concepts that have given or are expected to give significant input to a
better understanding of cell–surface interactions.
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Harnessing Cell–Biomaterial Interactions
for Osteochondral Tissue Regeneration

Kyobum Kim, Diana M. Yoon, Antonios G. Mikos and F. Kurtis Kasper

Abstract Articular cartilage that is damaged or diseased often requires surgical
intervention to repair the tissue; therefore, tissue engineering strategies have been
developed to aid in cartilage regeneration. Tissue engineering approaches often
require the integration of cells, biomaterials, and growth factors to direct and
support tissue formation. A variety of cell types have been isolated from adipose,
bone marrow, muscle, and skin tissue to promote cartilage regeneration. The
interaction of cells with each other and with their surrounding environment has
been shown to play a key role in cartilage engineering. In tissue engineering
approaches, biomaterials are commonly used to provide an initial framework for
cell recruitment and proliferation and tissue formation. Modifications of the
properties of biomaterials, such as creating sites for cell binding, altering their
physicochemical characteristics, and regulating the delivery of growth factors, can
have a significant influence on chondrogenesis. Overall, the goal is to completely
restore healthy cartilage within an articular cartilage defect. This chapter aims to
provide information about the importance of cell–biomaterial interactions for the
chondrogenic differentiation of various cell populations that can eventually pro-
duce functional cartilage matrix that is indicative of healthy cartilage tissue.
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GAG Glycosaminoglycan
GMP Gelatin microparticle
IGF Insulin-like growth factor
MDSC Muscle-derived stem cell
MMP Matrix metalloproteinase
MSC Mesenchymal stem cell
OPF Oligo(poly(ethylene glycol) fumarate)
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1 Introduction

Biomaterials have been used in the medical field for several decades to address a
variety of tissue defects and diseases. Initially, biomaterials applied for tissue
defects were generally intended to be biologically inert so as to prevent an immune
response. More recently, biomaterials have evolved to be bioactive and degradable
by design so they can temporarily fill a defect space and serve as a conduit for
tissue repair. Specifically, in the field of tissue engineering/regenerative medicine,
biomaterials are commonly employed as cell transplantation vehicles or as con-
duits to support the infiltration of host cells for tissue formation. Various pro-
genitor cells can differentiate into distinctive lineages and are responsible for
tissue maintenance. Biomaterials can act as a template and support structure for
cell differentiation, cell proliferation, and the production of proteins and extra-
cellular matrix (ECM). Additionally, biomaterials can be modified to promote cell
adhesion or delivery of growth factors necessary to enhance tissue growth and
maintenance. The field of tissue engineering has investigated the use of cells,
growth factors, and biomaterials for regeneration of tissues from a variety of
systems, such as cardiovascular, dental, endocrine, gastrointestinal, maxillofacial,
nervous, ophthalmologic, and orthopedic. In this review, cell–biomaterial inter-
actions will be highlighted within the context of cartilage tissue engineering
applications.

2 Background

Articular cartilage is a tissue that is located on the surface of articulating joints and
consequently may experience a significant amount of force and trauma. Since
native cartilage tissues have a limited capacity to heal naturally, cartilage may
accumulate damage over time, which can lead to discomfort and pain. As a result,
surgical procedures are often applied to aid in repairing the injured cartilage tissue.
Current surgical approaches for cartilage repair, including arthroscopic lavage/
debridement, autologous chondrocyte implantation, microfracture, and osteo-
chondral grafting, provide some pain relief and improved joint function but fail to
fully restore cartilage that has the same biomechanical function as healthy carti-
lage. Accordingly, tissue engineers are investigating alternative strategies that
involve the incorporation of cells, biomaterials, and/or biologically active factors
to create a suitable initial support system for cartilage repair. To successfully
realize a tissue engineering approach for cartilage regeneration, it is imperative to
first understand the organization of native cartilage and the way in which the tissue
components, especially cells and ECM molecules, interact with each other to allow
proper cartilage tissue function. By studying this communication in native
cartilage, researchers can determine the key components that are necessary to
successfully recapitulate articular cartilage in repair strategies. This chapter will
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briefly review the biological aspects and structure of cartilage and discuss how
cell–biomaterial interactions can be harnessed to aid in chondrogenesis and
regeneration of cartilage.

3 Cartilage

Cartilage is located throughout the human body in sites such as the ears, elbows,
knees, intervertebral discs, nose, and ribs. Articular cartilage, or hyaline cartilage,
is primarily located on the surface of load-bearing articulating joints (e.g., ankles,
elbows, knees, wrists) and enables the movement of the joints to occur smoothly.
Articular cartilage, unlike most tissue, is alymphatic, aneural, and avascular.
Consequently, the primary mechanism by which cells access nutrients and waste
products are removed is by diffusion through the synovial fluid [1]. Accordingly,
the transport of various molecules to and from cartilage is facilitated by the high
water content of the tissue. Water composes approximately 60–85% of the total
wet weight of cartilage [2]. When the tissue undergoes compression, some water is
expelled from the tissue, providing lubrication to the articulating surface and
allowing the joints to move with low friction. The remainder of the cartilage
weight comprises cells and the ECM. This section will briefly review the com-
ponents and architecture of cartilage.

3.1 Chondrocytes

Chondrocytes are the primary cell type in cartilage and compose 1–10% of the
total articular cartilage volume [3, 4]. They originate from embryonic mesodermal
cells, which are responsible for limb development. Mesenchymal stem cells
(MSCs) derive from the mesodermal cells and can differentiate into a variety of
cell types, including chondrocytes. Chondrogenic differentiation occurs by a
process known as cellular condensation. The process begins with degradation of
the local ECM to allow the MSCs to aggregate and enhance the number of cell–
cell interactions, which are necessary for chondrogenesis to occur [5–8]. Early
differentiated chondrocytes are metabolically active, exhibit a high proliferation
rate, and start to secrete ECM proteins. During this process, the chondrocytes
delineate into two different zones: peripheral and central. In the peripheral zone,
the characteristic zonal architecture of cartilage begins to develop, whereas in the
central zone, endochondral ossification occurs [9]. The mature chondrocytes have
a rounded morphology close to the subchondral bone, but at the cartilage surface,
their shape is flatter and more discoidal. Mature chondrocytes have limited pro-
liferative ability and are commonly surrounded by pericellular matrix [9, 10].
Chondrocytes interact with surrounding ECM through receptors, and they are
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primarily involved in maintaining the cartilage tissue by providing a balance
between degradation and synthesis of ECM molecules.

3.2 Extracellular Matrix

The ECM makes up approximately 95% of the total cartilage volume and thus has a
significant influence on the physical properties of cartilage [11]. The ECM comprises
collagen,proteoglycans,andglycoproteins,withthedryweightofcartilagecontaining
60%, 25–35%, and 15–20% of these molecules, respectively [9]. There are multiple
types of collagen such as types II, VI, and IX–XI [12, 13]. Type II collagen is the
predominant collagen in cartilage (90–95% of collagen dry weight) [14]. The other
collagens are fibrillar and tend to interweave throughout the ECM to create a
framework that imparts tensile strength to the cartilage tissue [9]. Proteoglycans
contain a protein core, which accounts for 5% of the molecule, with the rest being
composed of branched glycosaminoglycans (GAGs) stemming from the protein
core. [3]. GAGs are composed of long, nonrepeating disaccharides with negatively
charged carboxylate/sulfate groups, such as hyaluronic acid (HA), decorin,
biglycan, keratin sulfate, chondroitin sulfate (CS), dermatan sulfate, and heparin
sulfate [9, 10]. Proteoglycans are found within the pericellular matrix and are
known to aid in chondrocyte attachment to other matrix components [15]. Large
proteoglycan monomers tend to aggregate, which results in the formation of
aggrecan containing keratan sulfate and CS. Aggrecans can interact noncovalently
with hyaluronan, which is stabilized by link proteins [16, 17]. The negative charge
of GAGs and proteoglycans imparts the tissue with a high degree of hydrophilicity,
and repulsion of these molecules has been linked to the compressive properties of
cartilage [18]. Additionally, these aggregated molecules can prevent a large dis-
placement of the cartilage matrix when undergoing compression, which confers
cartilage with its resiliency and durability. Glycoproteins are simply polypeptides
that are covalently attached to a carbohydrate group, such as link protein, fibro-
nectin, laminin, vitronectin, thrombospondin, and tenascin-C, and are distributed
throughout the ECM [12, 15]. Fibronectin contains specific amino acid sequences
that are responsible for cell binding such as Arg-Gly-Asp (RGD), Arg-Gly-Asp-
Ser, Leu-Asp-Val, and Arg-Glu-Asp-Val [19]. Glycoproteins also contain adhe-
sion sites for chondrocytes and multiple binding sites that are able to stabilize
collagens and proteoglycans in the tissue [15]. Superficial chondrocytes produce
lubricin, also known as proteoglycan 4 or superficial zone protein, which is another
glycoprotein that has been found within the synovial fluid to facilitate joint
lubrication [20].

Cell-Biomaterial Interactions for Chondrogenesis 71



3.3 Architecture

Cartilage has a zonal architecture with four main compartments: superficial/tan-
gential, middle/transitional, deep/basal, and calcified. Overall, when looking from
the superficial zone to the deep zone, one finds that the water content decreases,
oxygen pressure decreases, compressive strength increases, and tensile strength
increases [9, 21]. The superficial/tangential zone is located at the articulating
surface and composes 10–20% of the total cartilage volume [22]. In the superficial/
tangential zone, chondrocytes are flat and disc-shaped with collagen fibrils densely
packed and parallel to the tissue surface. A limited number of proteoglycans are
located in this area with high amounts of fibronectin [3]. The superficial/tangential
zone receives the highest tension, compression, shear, and hydrostatic pressures
[22]. A large amount of superficial zone protein has been isolated primarily in this
zone [20]. The middle/transitional zone accounts for 40–60% of the total cartilage
volume [22]. In this zone, chondrocytes are more rounded in shape and the
proteoglycan content is greater compared with the superficial zone, with collagen
fibrils being more dispersed throughout the tissue. There is no specific orientation
of the cells and ECM in this zone. Within the deep/basal zone (30% of the total
tissue volume), chondrocytes are rounded, clustered, and aligned into columns that
are perpendicular to the subchondral bone, and the cells are more proliferative
compared with those in the other zones [22, 23]. Additionally, the ECM molecules
are aligned perpendicular to the joint surface. The ECM contains more collagen
and GAG than in the superiorly oriented zones [21]. The collagen is larger in
diameter in this zone and transcends the tidemark which delineates the deep zone
from the calcified zone. The calcified zone is a thin layer that is located above the
surface of the subchondral bone. Here, chondrocytes are rounded but smaller than
in the other zones, and the cells are surrounded by calcified ECM [9]. The quantity
of proteoglycans and collagen fibrils is lower in this zone, with the collagen fibrils
anchored into the underlying calcified bone [9].

Chondrocytes are also surrounded by pockets of ECM proteins that are clas-
sified into three different regions defined as the pericellular matrix, territorial
matrix, and interterritorial matrix. The pericellular and territorial matrices allow
the chondrocytes to bind to matrix proteins and protect them during mechanical
loading [10]. A chondrocyte surrounded by the pericellular matrix is known as a
chondron, and the thickness of pericellular matrix is approximately 2 lm [12].
The pericellular matrix contains minimal collagen fibrils, with the exception of
collagen type VI, and there are abundant proteoglycans, such as aggrecan,
hyaluronan, decorin, and biglycan, and glycoproteins such as fibronectin, link
protein, and laminin [10]. The territorial and interterritorial matrices function
primarily for load bearing. The territorial matrix surrounds the chondrocytes
2–5 lm from the membrane surface [12]. In this area, type II collagen is present
with high amounts of aggrecan containing CS [12]. All these proteins wrap around
the chondrocytes to protect them from the mechanical stresses. Collagen fibers
from the territorial matrix adhere to the pericellular matrix. The interterritorial
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matrix is the largest portion of cartilage (more than 5 lm from the surface of
chondrocytes) and is responsible for the zonal architecture of cartilage [9, 12]. This
area contains the most type II collagen and the lowest amount of aggrecan [12].

4 Chondrocyte–ECM Interactions

Cell–cell and cell–matrix interactions play a key role in the differentiation of
MSCs into chondrocytes during limb development. Initially, before condensation
occurs, MSCs produce type I and type II collagen, hyaluronan, fibronectin, and
tenascin C. These ECM components hinder the movement of the MSCs. However
during condensation, the progenitor cells produce enzymes that breakdown local
ECM components [24, 25]. The lower ECM density allows the cells to directly
interact with each other via cell adhesion molecules, such as neural cadherin and
neural cell adhesion molecule [26, 27]. Whereas neural cadherin and neural cell
adhesion molecule need to be expressed during condensation, their expression
must be lowered during the process of differentiation in order for chondrogenesis
to successfully occur [12, 28]. During chondrogenesis, interactions of cells with
the ECM once again become crucial for proper cartilage formation. One important
ECM component that is not modulated during both the condensation and the
chondrogenesis process is type II collagen [12]. The expression of the transcription
factor SOX9 by the cells allows the continual synthesis of type II collagen and is
considered a major constituent in chondrogenesis, as the absence of SOX9 gene
expression has been shown to result in lack of cartilage development [29, 30].
Additionally, L-SOX5 and SOX6 have been linked with SOX9 to further promote
chondrogenesis and can upregulate cartilage matrix production of type II collagen
and aggrecan [31, 32].

Mature chondrocytes are able to maintain healthy cartilage as they balance the
degradation and synthesis of ECM components. The signals that chondrocytes
receive from the surrounding environment help to define what is necessary to
maintain the tissue. Chondrocytes interact with the ECM via receptors that are
classified as non-integrin and integrin. Two common non-integrin receptors are
annexin V/anchorin CII and CD44. Type II collagen binds to chondrocytes via the
annexin V/anchorin CII receptor [33]. CD44 is a cell-surface glycoprotein that has
a high affinity for hyaluronan in cartilage [34]. Integrins themselves are glyco-
proteins that function as heterodimeric transmembrane receptors with a and b
subunits. Different types of a and b subunits can noncovalently associate to form
receptors with a high affinity for various ligands. b1 integrins with a1, a2, a3, or a5

have been found to influence chondrocyte attachment to type II collagen [2].
Chondrocytes interact with type VI collagen by a1b1 integrin and NG2/human
melanoma proteoglycan receptors [35, 36]. The a3b1 and a5b1 integrins can
mediate the binding of fibronectin [37].
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5 Cell Sources for Cartilage Tissue Engineering

Chondrocytes are the primary cell type in cartilage and are an obvious cell source
to be explored for cartilage regeneration. Indeed, a clinical product approved by
the US Food and Drug Administration for articular cartilage repair, Carticel�,
involves autologous chondrocyte implantation. The surgical procedure associated
with the application of Carticel� involves isolation of chondrocytes from a non-
load-bearing portion of cartilage, cell expansion, and subsequent implantation of
the autologous cells into the defect area. Recent studies have reported that 68% of
patients treated with Carticel� had graft failure, delamination, or tissue hyper-
trophy [38]. One possible cause of these complications is the chondrocytes
themselves. In healthy tissue, chondrocytes are able to produce and breakdown the
ECM in a balanced manner. However, in damaged cartilage, chondrocytes are
generally unable to repair the tissue. The chondrocytes that are placed into
the defect site might not be integrating with the surrounding tissue and may
therefore hinder cartilage repair. Additionally, the limited quantity of chondrocytes
in cartilage requires in vitro culture to expand the cell number to clinically viable
levels. The simplest method to culture chondrocytes is to passage them in a
monolayer, but this may alter the morphology and dedifferentiate the chondrocytes
[39]. The cells tend to adopt a fibroblastic morphology and the levels of pheno-
typic expression markers such as aggrecan and type II collagen decrease with an
increase in the level of type I collagen, indicating a fibroblastic phenotype [39].
Transformation of the chondrocytes in this manner may result in fibrocartilage
tissue formation. Other studies have found that chondrocytes entrapped in a 3D
hydrogel such as alginate or agarose are able to retain a spherical morphology and
have shown their ability to redifferentiate [40, 41]. A disadvantage of this approach
is that mature chondrocytes tend not to proliferate readily. Additionally,
3D constructs have diffusion limitations, with lower levels of nutrient and waste
exchange occurring in the center of the scaffold. Consequently, the size of the
construct is limited, which in the end affects how many cells can be entrapped
within the system. Further, it is difficult to achieve clinically relevant cell numbers
in 3D construct cultures as quickly as with monolayer cultures. Although under-
standing chondrocyte function is important to the development of approaches for
cartilage repair, major challenges are associated with the application of chon-
drocytes in strategies for cartilage regeneration. These limitations have led to the
investigation of alternative cell sources for promoting cartilage repair.

5.1 Stem/Progenitor Cell Sources

A variety of stem cell types can undergo chondrogenic differentiation and have
been investigated for application in cartilage tissue engineering. Stem cells are
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used because they are able to differentiate along multiple cell lineages, can pro-
liferate readily, and can be easily harvested.

5.1.1 Bone-Marrow-Derived Stem Cells

The bone marrow contains both hematopoietic stem cells and MSCs. The cloning
abilities of MSCs along with their multilineage capacity suggest their potential for
use in tissue engineering applications [42, 43]. The method used to culture MSCs
and the associated culture conditions can affect the phenotype of the cells.
Therefore, to identify a homogenous population of MSCs, the Mesenchymal and
Tissue Stem Cell Committee of the International Society of Cellular Therapy
proposed minimal criteria for human designation of MSCs as follows: (1) MSCs
must adhere to tissue culture plastic; (2) MSCs must be positive for CD105, CD73,
and CD90 and negative for CD45, CD34, CD14, or CD11b, CD79a or CD19, and
HLA-DR; (3) MSCs must be capable of differentiating into osteoblasts, adipo-
cytes, and chondroblasts under standard in vitro conditions [44]. The ability of
MSCs to differentiate into chondroprogenitor cells as well as to form cartilage in
vivo has led to continued efforts to utilize MSCs for cartilage engineering [45–47].

As previously discussed, the process of condensation drives cell–cell interac-
tions in vivo and initiates chondrogenesis. Therefore, MSCs have been cultured as
pellets, aggregates, or spheroids to promote chondrogenic cell–cell interactions.
MSCs are able to express type II collagen and aggrecan with low expression levels
of type I collagen when they are in pellet culture [48, 49]. Cell culture conditions,
such as the culture method and the presence of chondrogenic factors, play a key
role in directing MSCs towards a chondrogenic lineage. For example, MSCs
exposed to dexamethasone, an anti-inflammatory agent for MSC chondrogenesis,
and transforming growth factor (TGF)-b1/TGF-b3 together in pellet culture dem-
onstrated an increased level of aggrecan and type II collagen expression compared
with the presence of the individual chondrogenic factors [50, 51]. MSCs in pellet
culture in the presence of dexamethasone and TGF-b1/TGF-b3 have also shown
increased levels of type X collagen expression and alkaline phosphatase activity,
which indicates the pellet culture may induce hypertrophic chondrocyte differen-
tiation under certain conditions [49, 52]. However, when MSCs we co-cultured
with mature chondrocytes in a pellet culture with dexamethasone and TGF-b3,
type II collagen expression was found to be significantly higher than with culture
of chondrocytes alone [53]. Human MSC pellets cultured with dexamethasone and
TGF-b1 along with conditioned medium from human chondrocyte pellets induced
type II collagen expression and lowered type X collagen expression, when com-
pared with MSC pellets without conditioned medium from chondrocytes [51].
These co-culture systems provide a mechanism to expose MSCs to cartilage
proteins and ECM molecules produced by chondrocytes, which may facilitate the
initiation of chondrogenesis. Additionally, exposure of MSC pellets to 10 ng/mL
parathyroid-hormone-related peptide has been shown to reduce type X collagen
expression, which is responsible for inhibiting chondrocytes from transiting from a
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prehypertrophic to a hypertrophic state during condensation [32, 51]. Overall,
these findings suggest that chondrogenic differentiation of MSCs promoted by
cell–cell contact during in vitro culture can be enhanced by exposure to chon-
drogenic or cartilage-like factors.

The microenvironment has also been shown to greatly influence chondrogenic
differentiation of MSCs. For example, when MSCs are entrapped in alginate gels,
they are able to maintain a rounded morphology and express type II collagen in the
presence of TGF-b1, and type X collagen expression was found to be lower that for
MSCs grown in pellet culture [48, 54]. A lower level of type X collagen has been
shown to be expressed by MSCs when ECM components are present, such as
native cartilage-derived matrix with TGF-b3 and/or bone morphogenetic protein
(BMP)-6, versus culture in alginate alone [55], indicating the importance of
cell–matrix interactions in MSC differentiation. Exposure of MSCs to methacry-
lated HA has been found to upregulate type II collagen expression and, by also
incorporating TGF-b3, higher levels of type II collagen, SOX9, and aggrecan are
observed by 14 days of culture [56]. When the methacrylated HA constructs were
implanted subcutaneously in mice, the presence of TGF-b3 with MSCs in the
constructs resulted in better neocartilage expression than observed with MSCs in
poly(ethylene glycol) (PEG) hydrogels. Other work has shown that HA in
poly(ethylene oxide) diacrylate hydrogels allows entrapped MSCs to express type
II collagen and cartilage proteoglycans, but incorporation of TGF-b3 was able to
lower the expression of type I collagen [57]. Fibrin hydrogels with heparinized
nanoparticles releasing TGF-b3 were able to induce higher levels of type II
collagen, aggrecan, and SOX9 expression compared with fibrin hydrogels, fibrin
hydrogels with TGF-b3, and fibrin hydrogels with nanoparticles alone. In a rabbit
full-thickness articular cartilage defect, the MSCs in the fibrin construct containing
the nanoparticles and TGF-b3 showed the best neocartilage formation [58].
Overall, interactions of cells with growth factors and ECM molecules are essential
for chondrogenic differentiation of MSCs.

5.1.2 Adipose-Derived Stem Cells

Adipose-derived stem cells (ADSCs) are part of the embryonic mesoderm and can
be isolated from fat tissue, which is commonly removed from the body by lipo-
suction. ADSCs have a fibroblastic morphology and are positive for cell markers
CD90 and CD105 and negative for CD14, CD34, and CD45, which is similar to
the criteria suggested for selection of human MSCs [59]. Additionally, ADSCs can
be expanded for long periods of time with low levels of senescence. Cartilage
nodules containing sulfated proteoglycan-rich matrix and type II collagen
have been observed when ADSCs are cultured in a micromass culture [60].
The chondrogenic culture medium with dexamethasone containing TGF-b1, BMP-6,
and/or TGF-b3 has been found to be important to facilitate the differentiation of
ADSCs into chondrocytes [55, 61].
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ADSCs in direct contact with porous native articular cartilage ECM showed
increased expression levels of type II collagen and aggrecan, with decreased levels
of type X collagen in the absence of chondrogenic growth factors in the culture
medium. These results indicate the importance of cell–matrix interactions for
chondrogenic differentiation of ADSCs [62]. Additionally, the interaction of
ADSCs with biomaterials can further influence chondrogenesis. For instance,
biomaterials such as alginate and agarose, which naturally lack attachment
sequences, allow ADSCs to maintain a rounded morphology. However, in fibrin or
gelatin hydrogels, which contain cell binding sites, ADSCs tend to spread and
become more fibrochondrogenic [63]. ADSCs entrapped within elastin-like
polypeptides with repeating sequences of Val-Pro-Gly-Xaa-Gly, where Xaa is any
amino acid except proline, were able to synthesize high levels of type II collagen,
with low type I collagen formation in the absence of chondrogenic medium for at
least 2 weeks [64]. Human ADSCs cultured on silanized hydroxypropylmethyl-
cellulose hydrogels demonstrated higher type II collagen, COMP, and SOX9
expression in 3D culture versus 2D culture without chondrogenic medium.
However, to form cartilage matrix in vivo, culture of ADSCs in chondrogenic
medium was necessary [65]. The preculture of ADSCs with chondrogenic medium
has been found in other studies to be effective in the growth of cartilage ECM in
vivo. When ADSCs are grown in a monolayer with chondrogenic medium and
then subcutaneously implanted with alginate, an increase in type II collagen,
COMP, aggrecan, and SOX9 expression was exhibited after 20 weeks, but there
were low levels of type I and type X collagen [66]. ADSCs in micromass culture
with TGF-b1 have been grown in an atelocollagen honeycomb-shaped scaffold and
placed into an osteochondral rabbit defect [67]. Although cartilage-like tissue
formed in the scaffold with and without ADSCs, larger amounts of cartilage tissue
and the histological scoring of the tissue indicated that the presence of ADSCs
results in improved cartilage repair.

5.1.3 Embryonic Stem Cells

Human embryonic stem cells (ESCs) are pluripotent cells that are derived from the
inner mass of the embryonic blastocyst. ESCs are self-maintaining and are able to
proliferate indefinitely [68]. Even though the use of these cells is subject to ethical
debate, there have been initial promising signs of their ability to differentiate into
chondrocytes. Successful chondrogenesis of ESCs was initially thought to require
the formation of embryoid bodies (EBs) [69]. Enzymatically dissociated EB cells
cultured in 2% agarose with chondrogenic medium without any exogenous growth
factors showed higher collagen and sulfated GAG content than native EBs [70].
Exposing ESCs to BMP-2, BMP-4, and BMP-7 has been found to aid in the
expression of cartilage matrix, but TGF-b1 can hinder chondrogenic differentiation
of these cells [71–74].
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Directed differentiation of ESCs to chondrocytes has also been accomplished by
culturing the cells with exogenous growth factors that may allow them to first
differentiate into primitive streak mesendoderm [fibronectin matrix, WNT3A,
activin A, fibroblast growth factor (FGF)-2, BMP-4], then to differentiate into a
mesoderm population (fibronectin matrix, FGF-2, BMP-4, neurotrophin-4,
follistatin) [75]. Culturing the mesoderm cells with fibronectin and gelatin, and
weaning them off BMP-4 while supplying FGF-2, neurotrophin-4, and growth
differentiation factor 5, led the cells to express the chondrogenic marker SOX9 as
well as to produce type II collagen and sulfated GAGs [75]. Additionally, new
approaches have begun to investigate how to bypass the formation of an EB,
because of the lack of control of EB size and the associated cell number. Cell–cell
interactions promoted by pellet or micromass culture of ESCs in combination with
growth factors can further enhance the formation of type II collagen [73, 74, 76].
Co-culture of ESCs with chondrocytes can also aid in chondrogenic differentiation
in vitro and in vivo [77, 78]. ESCs were initially co-cultured with irradiated
chondrocytes and TGF-b3. Co-culturing these cells with fresh ESCs in Hyaff-11,
a hyaluronan gel, and TGF-b1 showed positive alician blue–van Gieson staining
for collagen and GAGs [78]. In addition, human ESCs cultured in RGD-modified
PEG hydrogels showed an increase in synthesis of GAG and collagen as well as a
stimulated gene expression level of link protein and type II collagen versus cells
cultured in unmodified PEG hydrogels [79].

5.1.4 Other Stem Cells

Stem cells can be isolated from other tissues as well, such as the muscle and
periosteum. These stem cells have shown the potential to become chondropro-
genitor cells. Muscle-derived stem cells (MDSCs) are located in the muscle tissue,
have been shown to be multipotent, and can proliferate quickly with limited
senescence. New cartilage was able to form in full-thickness osteochondral defects
in rats after they had been treated for 5 weeks with a type I collagen gel scaffold
containing MDSCs [80]. The presence of 10 lg BMP-2 in a MDSC pellet culture
in a diffusion chamber resulted in expression of type II collagen and aggrecan [81].
Additionally, when this pellet was placed in an in vivo rat patellar groove defect,
the newly formed tissue covered the defect area with GAGs and collagen, as seen
by histological sections stained with hematoxylin and eosin as well as with tolu-
idine blue. MDSCs retrovirally transduced with a BMP-4 gene have been found to
express type II collagen in vitro when cultured in chondrogenic medium supple-
mented with TGF-b1 [82]. Injection of the MDSCs with acellular fibrin glue into a
rat osteochondral defect resulted in glossy cartilage being formed after 24 weeks.

The periosteum is located on the surface of the bone cortex and contains two
distinct layers: a fibrous outer layer and the cambium. Chondroprogenitor cells
have been isolated in the thin, inner, cambium layer, which is located adjacent to
the bone surface [83]. Surface markers that are present for MSCs have also been
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found in periosteum-derived stem cells (PDSCs) [84]. However, further research
will be necessary to properly identify and locate chondrocyte precursors within the
bulk PDSCs. The exposure of PDSCs to growth factors such as TGF-b1, TGF-b3,
FGF-2, and insulin-like growth factor (IGF)-1 significantly influences chondro-
genesis [85–87]. PDSCs and periosteum explants have been successfully cultured
in alginate, agarose, and atelocollagen gels, but the presence of growth factors is
necessary for successful neocartilage formation with these cells under these con-
ditions [87, 88].

5.2 Fibroblasts

As an alternative to stem cells, fibroblasts are being investigated for cartilage
engineering. Almost every organ in the human body contains fibroblasts, which
originate from the mesoderm. An abundant source of fibroblasts can be isolated
from skin biopsies and can be used for potential autologous transplantation.
Fibroblasts have properties similar to those of MSCs, such as being able to adhere
to tissue culture plastic, being positive for CD73 and CD105, and being negative
for hematopoietic markers (e.g., CD14, CD34, CD45) [89]. Human dermal
fibroblasts (hDFs) are able to produce cartilage-like matrices containing compo-
nents such as chondroitin 4-sulfate and keratin sulfate when cultured on a colla-
gen-sponge-demineralized bone matrix composite [90]. Treating adult hDFs with
IGF-1 before culturing them on aggrecan led to production of type II collagen as
observed by immunohistochemical staining [91]. Additionally, exposing entrapped
neonatal hDFs in alginate beads to 5% oxygen with 100 ng/mL BMP-2 under
3 weeks of hydrostatic compression (1 Hz for 4 h/day) increased collagen pro-
duction and aggrecan gene expression compared with static culture conditions [92].
Dermis-isolated, aggrecan-sensitive cells, which are isolated by culturing dermal
fibroblasts in a monolayer on aggrecan, can be cultured as a micromass in an
agarose gel [93]. The dermis-isolated, aggrecan-sensitive cells have been shown to
produce a cartilage-like ECM. These results underscore the importance of
cell–ECM interactions. Additionally, cell–cell interactions have been shown to be
a significant parameter for fibroblasts to progress along a chondrogenic lineage.
Co-culturing hDFs with porcine articular chondrocytes on poly(lactic acid)/
poly(glycolic acid) as well as a micromass of hDFs with lactic acid has shown that
these cells are able to synthesize type II collagen [94, 95]. Additionally, fibroblasts
reprogrammed to progress towards a chondrogenic lineage, such as BMP-7-
transduced fibroblasts cultured on collagen hydrogels, retrovirally SOX9 induced
fibroblasts, and fibroblasts induced by cartilage-derived morphogenetic protein 1,
have shown promising in vitro and in vivo results for the production of cartilage-
associated ECM proteins [96–98].
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6 Chondrogenesis in Biomaterials

6.1 Cell Homing

Biomaterials can be utilized as progenitor cell transplantation vehicles as well as to
provide moieties that can aid in cartilage regeneration. Tissue engineering strat-
egies may also involve leverage of biomaterials for the homing of progenitor cells,
such as MSCs, from the host to the construct to facilitate cartilage repair.
In general, the recruitment of endogenous host cells from a cell storage niche, such
as the bone marrow, to an anatomic compartment is considered cell homing [99].
MSC homing is also specifically defined as a MSC population that is arrested
within the vasculature of a tissue and transmigrated across the endothelium [100].

Natural healing and regeneration in defect tissues involves mobilization,
homing, and subsequent reparative actions at the injured sites [101]. MSCs
released from a cell storage niche first circulate in response to signals from distal
injured tissues (mobilization), and vasculature arrestment as well as transendo-
thelial migration (homing) occurs where MSCs will develop into mature healthy
tissue [100, 101]. One of the early studies to investigate the origin and function of
the progenitor cells involved in the repair of full-thickness defects of articular
cartilage demonstrated that the repair was mediated entirely by proliferation and
chondrogenic differentiation of primitive MSCs from the bone marrow [102].
It was also indicated by autoradiography after labeling with 3H-thymidine and
3H-cytidine that the chondrocyte population from the residual adjacent articular
cartilage was not fully involved in defect repair. Therefore, this study emphasized
the importance of bone marrow as a progenitor cell reservoir for articular cartilage
regeneration and osteochondral tissue repair.

Owing to the potential drawbacks of clinical cell delivery, including undesired
immune responses, pathogen transmission, and technical barriers associated with
regulatory approval, cell homing to recruit MSCs from surrounding host tissues
has been suggested [99]. Nonetheless, there are a limited number of publications
investigating cell homing strategies for articular cartilage repair and chondrogenic
tissue regeneration [101]. Owing to the lack of vasculature in a cartilage tissue,
MSC homing strategies for cartilage tissue repair may need to target cell storage
sources such as bone marrow and synovial fluid. One recent study has shown the
potential use of synovium stem cells as a host cell source as well as the feasibility
of a biomaterial-based cell homing strategy to induce articular surface regenera-
tion [99]. The scaffold for the entire articular surface of the synovial joint was
anatomically customized with poly(e-caprolactone) (PCL) and 20% hydroxyapa-
tite powder based on the surface morphology of a rabbit forelimb joint.
An acellular scaffold containing interconnected microchannels (200–400 lm in
diameter) with and without TGF-b3 infusion was implanted in a rabbit model.
TGF-b3 was envisioned to serve as a cell homing molecule to accelerate functional
recovery and hyaline cartilage regeneration. Compared with the scaffolds in the
absence of TGF-b3, scaffolds infused with TGF-b3 recruited a greater number of
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cells to the injured site, exhibited mechanical properties similar to those of native
cartilage, and contained higher concentrations of type II collagen and aggrecan.
In addition, the microchannels in the scaffold functioned as conduits for cell
homing, diffusion, histogenesis, and angiogenesis, thereby promoting tissue
regeneration. In this study, it was proposed that some of the endogenous cells were
recruited from the synovium, bone marrow, adipose tissue, and vasculature. The
porous surface of the proximal end of the implanted scaffold and the presence of
the microchannels may enable access to synovium stem cells and bone marrow
progenitor cells, while providing a conduit for the migration of these cells.
Therefore, this study demonstrated the possibility of utilizing a cell homing
strategy to regenerate the entire articular cartilage surface, beyond focal defect
healing, with the aid of growth-factor-loaded scaffolds.

6.2 Hydrogels

For cartilage tissue engineering, hydrogels are the most extensively investigated
class of scaffold materials, as they provide a variety of advantages, including high
water content and elastic properties that mimic native cartilage tissue, technical
capacity for cell encapsulation, and effective transport of water and nutrients
owing to their high equilibrium swelling [103]. Hydrogels may be tuned to mimic
the function and architecture of native cartilage, which is composed of chondro-
cytes and ECM proteins [104, 105]. Therefore, success criteria for a functional
hydrogel material for the delivery of cells and growth factors for cartilage
regeneration include (1) biocompatibility, (2) an ability to encapsulate cells and
support their viability and proliferation, (3) a capacity for sufficient hydration to
provide effective diffusion of molecules in physiological conditions, (4) suitable
mechanical properties, and (5) possible degradation to provide space for neotissue
regeneration and remodeling. Naturally derived polymers such as alginate [106],
fibrin [58, 107], silk [108, 109], chitosan [110, 111], and blends of these com-
ponents [112, 113] as well as ECM components in native cartilage, including
collagen, HA [56, 114], and CS [115], have been used to fabricate functional
hydrogels for cartilage regeneration [116]. Although hydrogels comprising natu-
rally derived materials generally exhibit excellent cytocompatibility and cell
adhesion, synthetic polymers have the potential to overcome some of the limita-
tions of naturally derived hydrogel materials, especially the general lack of tun-
ability and insufficient mechanical strength. Synthetic polymers have been utilized
in the fabrication of functional hydrogel systems owing, in large part, to their
ability to modulate key physical properties of the hydrogels, such as the
mechanical properties (e.g., elasticity and injectability), as well as the degradation
kinetics. Surface properties of synthetically derived polymeric biomaterials can
also be modulated to increase hydrophilicity, mobilize ECM-derived proteins, and
fabricate micropatterned and nanopatterned surfaces [117]. In addition, it is also
possible to fabricate hybrid composite gels by combining natural and synthetic
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polymers [110, 118] or by incorporating other molecules into the polymer struc-
ture [119]. Modification of hydrogel materials may be harnessed to provide
enhanced functionality to stimulate encapsulated cell responses, particularly
chondrogenic differentiation and matrix formation.

7 Modification of Biomaterials

Although synthetic polymeric materials generally lack biological moieties on the
surface to interact with cells, an advantage of synthetic polymers is their tunable
properties, which may be leveraged to conjugate a series of biologically active
peptides. Other biological modifications of materials include delivery of exoge-
nous growth factors through substrate materials or carrier molecules. Genetic
modification by delivering genes encoding therapeutic growth factors could also
be introduced to stimulate the production of growth factors from the seeded cell
population without further modulation in a system. Moreover, intrinsic properties
of biomaterials, including surface charge, roughness, topology, and scaffold
architecture, could also be key parameters to modulate the cell–biomaterial
interaction and influence chondrogenic differentiation of progenitor cells.

7.1 RGD Peptide Incorporation

Modification of biomaterials by utilizing biomimetic and bioactive motifs, such as
short ligands, could improve the interaction between cells and materials [120].
Many studies have investigated a variety of bioactive peptides to improve cell
adhesion, osteoinductivity of biomaterials, and maintenance of chondrocyte
phenotype in a synthetic scaffold, including laminin-derived YIGSR [121], elastin-
derived VPGIG [122], proteoglycan-binding peptide FHRIKA [123], osteopontin-
derived peptide [124], and matrix metalloproteinase (MMP)-derived peptide [125].
Among various peptides, adhesive peptides containing RGD sequences are known
to function as a binding domain for cell integrins [117]. Many studies have
demonstrated that the immobilized RGD peptides on the surface of scaffolds
facilitate cell–biomaterial interactions, specifically cell binding and adhesion.
Recent investigations have shown that the presence of RGD peptides on bioma-
terial surfaces or the proper bulk incorporation of RGD peptides within a 3D
matrix can improve the chondrogenic differentiation of stem cells to facilitate the
process of cartilage repair [126, 127]. As a cell-binding sequence, RGD peptides
present on poly(hydroxyalkanoate) (PHA) scaffolds may improve cell survival and
motility [126]. PHA scaffolds coated with PHA granule binding protein PhaP and
fused with RGD peptide showed increased cell spreading, adhesion, proliferation,
and chondrogenic differentiation of human MSCs [127]. This RGD-modified
scaffold exhibited higher expression levels of chondrogenic differentiation
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markers, including type II collagen, aggrecan, and SOX9, as well as increased
production of sulfated GAG and total collagen than a PhaP scaffold without RGD
and a blank scaffold.

RGD peptides immobilized on macroporous alginate scaffolds have also been
shown to stimulate chondrogenic differentiation of human MSCs [128]. Specifi-
cally, the positive effect of RGD modification of scaffolds upon chondrogenesis was
illustrated in the observation that the TGF-induced Smad signaling pathway
involved in chondrogenic differentiation of MSCs was more activated in the
presence of RGD peptide under the conditions studied [128]. A western blot and
its densitometric analysis showed that the phosphorylation of both SMAD2 and
ERK1/2 was significantly higher in the RGD-incorporating scaffolds than in the
control alginate scaffolds. This result is consistent with the observed upregulation
of chondrogenic maker gene expression, including type II collagen and SOX9.
A study using human articular chondrocytes also demonstrated that bioactive RGD
incorporation on a copolymer substrate of polystyrene/poly(L-lysine)/PEG
improved GAG production and type II collagen messenger RNA (mRNA)
expression compared with a blank polystyrene substrate [129]. Another study
sought to mimic native RGD release by combing MMP-13 cleavage sites and
demonstrated the importance of temporal regulation of integrin-binding peptides in
chondrogenic differentiation [130]. In this study, human MSCs were encapsulated
in PEG hydrogels with either an uncleavable RGD tether (CRGDSG) or a cleavable
RGD tether (CPENFFGRGDSG). Both tethers were designed with MMP-13-
specific cleavage sites. Once MMP-13 had been produced by encapsulated cells,
RGD was released from the hydrogel system via the MMP-13 enzymatic cleavage
of the tether. Released RGD induced greater chondrogenic differentiation of the
MSCs than gels with uncleavable sequences, as indicated by higher GAG deposi-
tion and type II collagen staining. It has been suggested that RGD also functions as
a mechanotransducer [131]. Under the mechanical loading environment, RGD
ligands stimulated cartilage-specific gene expression and ECM protein synthesis.
When dynamic compressive strains were applied to bovine chondrocytes encap-
sulated in a PEG hydrogel, the chondrocyte phenotype index (the expression ratio
of collagen II and collagen I) and the proteoglycan synthesis were enhanced in
RGD-incorporating gels relative to those without RGD incorporation.

ADSCs obtained from rats have also been used to investigate the influence of
the integrin-binding peptides on chondrogenic differentiation [132]. RGD-
chimeric protein with a cellulose binding domain in alginate beads resulted in
increased gene expression of type II collagen, SOX9, aggrecan, and fibronectin, as
well as the accumulation of chondrogenic matrix during TGF-b3-induced differ-
entiation. The results also demonstrated that the mechanism of RGD-chimeric
protein stimulation of chondrogenic differentiation might be associated with
suppressed RohA activity in the early differentiation stage. Furthermore, human
ESC-derived cells could also be encapsulated in RGD-incorporating hydrogels
[79, 133]. Human ESC-derived MSCs were positive for MSC surface markers
including CD29, CD44, CD109, and platelet-derived growth factor a [79].
These cells exhibited in vitro neocartilage formation with basophilic ECM
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deposition and upregulated chondrogenic gene expression in RGD-modified PEG
diacrylate hydrogels. An in vivo study using predifferentiated human ESC-derived
MSCs demonstrated the potential application of this cell type for osteochondral
tissue repair, indicated by a smooth articular cartilage surface and architecture of
repaired cartilage similar to that of normal cartilage [133].

Although RGD-incorporating hydrogel systems have shown the capacity to
induce in vitro chondrogenesis and possible approaches to stimulate in vivo
articular cartilage repair, there have also been some controversial results with use
of RGD-modified materials [134, 135]. For example, bovine MSCs encapsulated
in unmodified alginate gels have been shown to enhance chondrogenic gene
expression and matrix accumulation, whereas this observation was not found in
RGD-modified alginate gels [134, 135]. However, it was found that the inhibition
of sulfated GAG synthesis was stimulated by increasing RGD density [134, 135].
Another study also reported apoptosis of chondrocytes and synovial cells could be
induced by RGD peptides [135].

7.2 Growth Factor Incorporation

Chondrogenic differentiation of progenitor cells into mature chondrocytes, cartilage-
specific ECM deposition, and articular cartilage regeneration require a dynamic
interaction of various growth factors as soluble signaling molecules to initiate, stim-
ulate, and maintain differentiated cell function. A number of studies have investigated
the functions of specific growth factors with a given progenitor cell population in
a synthetic environment as well as the influence of combinations of growth factors in a
dynamic fashion. Members of the TGF-b superfamily, such as certain TGF-bs and
BMPs, have been found to aid in the upregulation of type II collagen, SOX9,
and aggrecan expression. Specific molecules that have shown promising results
for chondrogenesis include TGF-b1, TGF-b2, and TGF-b3 [49, 52, 136–141], IGF-1
[142–146], BMP-2, BMP-4, BMP-6, and BMP-9 [55, 147–151], and FGF [152–158].
Combinational and dynamic effects of these growth factors on chondrogenic differ-
entiation and articular cartilage repair have also been investigated [144, 158–160].
Effective delivery of growth factors is of importance to induce the chondrogenesis of
progenitor cells and enhance articular cartilage regeneration. In addition to selection
of the growth factor and the combination of a series of growth factors, other
parameters such as the dose and release kinetics are also of importance to augment
cartilage repair. To this end, sustained, controlled growth factor delivery to defect
sites by using various delivery vehicles has also been investigated.

7.2.1 Gelatin Microparticles

Among a number of available methods to incorporate a growth factor into a
scaffold or matrix material, gelatin microparticles (GMPs) have been intensively
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investigated because of their ability to form electrostatic complexes with charged
growth factors under physiological conditions (pH 7.4), depending upon the charge
of the growth factor and the gelatin [161]. Through enzymatic degradation of
gelatin, incorporated growth factor(s) can be released in a controlled manner by
regulating tunable fabrication parameters, such as the extent of cross-linking. For
instance, controlled release of TGF-b3 from GMPs stimulated chondrogenic
matrix production by MSCs in pellet culture [162].

Simultaneously, degradation of gelatin can also result in a porous inner mor-
phology in a 3D matrix or hydrogel containing GMPs. Growth-factor-loaded
GMPs can be incorporated with injectable hydrogels, such as systems based on
oligo(poly(ethylene glycol) fumarate) (OPF) [163]. GMPs made of acidic gelatin
with an isoelectric point of 5.0 can electrostatically complex with appropriately
charged protein in aqueous solution under physiological conditions [164].
An initial in vitro release study revealed that the release profile of TGF-b1 from
GMPs in OPF hydrogels and degradation of the hydrogel composites could be
modulated by altering key fabrication parameters, including the amount of loaded
GMPs, the cross-linking extent of GMPs, and the molecular weight of OPF [165].
A study of TGF-b1 release in the presence of the enzyme collagenase demon-
strated that this OPF–GMP hydrogel system could be applicable to the cartilage
wound healing environment [166]. In addition, dual growth factor loading using
TGF-b1 and IGF-1 was also evaluated for controlled and localized release [160].
To demonstrate the capability of this composite hydrogel system as a delivery
vehicle for cells and growth factors, primary chondrocytes from the condyle of calf
femurs [167] and rabbit bone marrow MSCs were embedded in the hydrogel [168].
Encapsulated chondrocytes in OPF hydrogels exhibited higher levels of prolifer-
ation and GAG production in the presence of GMPs loaded with TGF-b1 for
28 days of in vitro culture compared with control OPF gels as well as OPF gels
with unloaded GMPs [167]. Chondrogenic differentiation of bone marrow MSCs
derived from rabbit femurs was also investigated because of the potential appli-
cation of MSCs as progenitor cells for cartilage tissue regeneration as mentioned
previously [168]. Quantitative reverse transcription polymerase chain reaction data
indicated that chondrogenic differentiation of bone marrow MSCs was upregulated
with a medium dose of TGF-b1 incorporation (10 ng/mL) at low cell seeding
density (ten million cells per milliliter of gel). Dual growth factor delivery of
TGF-b1 and IGF-1 affected in vitro chondrogenic differentiation of encapsulated
rabbit MSCs in the OPF–GMP composite hydrogels [145]. In this study, the dual-
growth-factor-loaded group showed a significantly higher expression level of
collagen type II and aggrecan on day 14, as determined by quantitative reverse
transcription polymerase chain reaction, compared with the group with single
growth factor incorporation. Moreover, the molecular weight of OPF was sug-
gested to be a tunable parameter to potentially modulate the chondrogenic dif-
ferentiation of MSCs, owing to the higher swelling ratio and larger mesh sizes of
surrounding OPF hydrogels [169]. Therefore, in vitro chondrogenic differentiation
of encapsulated bone-marrow-derived MSCs could be upregulated by modulating
the formulation of OPF–GMP composite hydrogels.
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7.2.2 Polymeric Microspheres

In addition to GMPs, polymeric microparticles could also be utilized as a delivery
vehicle for growth factors and therapeutic agents. Poly(L,D-lactic-co-glycolic acid)
(PLGA) is one of the most widely used polymeric materials for the fabrication of
microsized carriers for growth factors [170]. Pharmacologically active microcar-
riers fabricated with fibronectin-coated PLGA microspheres have been applied to
deliver TGF-b3 in a controlled and sustained fashion for chondrogenesis [171].
Adsorbed fibronectin induced MSC adhesion onto the surface of the microspheres,
and released TGF-b3 stimulated chondrogenic differentiation of MSCs. In vitro
differentiation of adherent MSCs was dependent on the amount of TGF-b3,
as indicated by upregulated mRNA expression levels for aggrecan, type IIB
collagen, and type X collagen. Qualitative histological image analysis of subcu-
taneous implantation of TGF-b3/PLGA microcarriers with adherent MSCs onto the
surface in SCID mice also indicated high levels of type II collagen and aggrecan
production as well as the formation of neotissue surrounding microspheres.

PLGA microspheres have also been applied for the delivery of other therapeutic
factors, such as dexamethasone [172, 173]. Porous PLGA microspheres loaded
with dexamethasone were incorporated within HA (4% w/v) based hydrogels and
subcutaneously implanted in nude mice [172]. After 4 weeks, gene expression
levels for cartilage-specific markers, including type II collagen and SOX9, were
significantly higher in porous PLGA microspheres than in nonporous microspheres
and the control treatment (bulk dexamethasone loading without PLGA carrier).
Histological and immunohistochemical analyses also showed higher levels of
GAG staining, as well as type II collagen synthesis, in the porous microsphere
group. In addition, for the dual delivery of growth factor and dexamethasone, a
more complex delivery system was introduced [173]. Dexamethasone-coated
PLGA microspheres were conjugated with heparinized TGF-b3, and this complex
allowed dual release of dexamethasone and growth factor from the surface of the
microspheres [173, 174]. Rabbit MSCs were cultured with these complexes and
injected subcutaneously into the backs of nude mice. The dual delivery complex
exhibited higher gene expression levels for chondrogenic differentiation markers,
including type II collagen and aggrecan, than dexamethasone-coated PLGA
microspheres as well as the blank PLGA control. In the presence of both dexa-
methasone and TGF-b3, the accumulation of proteoglycans and polysaccharides in
the microspheres was observed.

7.3 Gene Delivery

In addition to exogenous growth factor incorporation during the hydrogel fabri-
cation for localized and sustained delivery, gene transfer has also been explored to
stimulate the encapsulated cell population to produce various chondrogenic growth
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factors [175–178]. Delivery of growth factor to the cartilage defect site in an
animal model might be limited because of rapid clearance from the joint tissues
[175]. Therefore, as an alternative means of delivery of exogenous growth factor,
it has been hypothesized that overexpression of growth factors by transplanted
chondrocytes or MSCs might enhance the repair of articular cartilage defects.
Rabbit articular chondrocytes transfected with plasmid vectors encoding human
IGF-1 complementary DNA by using nonviral and nonliposomal lipid formula-
tions (FuGENE 6) demonstrated in vitro IGF-1 secretion from cells in the alginate
construct [176]. In addition to the in vitro IGF secretion from transfected cells in
alginate over a prolonged period (36 days), in vivo transplantation of the con-
structs led to enhanced articular cartilage repair and subchondral bone formation
compared with what was seen in groups that were transfected with the lacZ
reporter gene. This lipid-based transfection was also used for combined gene
transfer for both human IGF-1 and human FGF-2 in vivo [177]. This study
demonstrated that combined overexpression of both growth factors from NIH 3T3
cells encapsulated in alginate could accelerate the repair of full-thickness osteo-
chondral cartilage defects, compared with the group receiving IGF alone and lacZ
implants. In addition to nonviral gene delivery, viral vectors, including adenovirus,
lentivirus, and retrovirus, could also be used as gene transfer agents [178–180]. In
a study using adenovirus-mediated TGF-b1 gene transfer to human MSCs,
improved cartilage repair was observed 12 weeks after osteochondral implantation
in a rat model [178]. FGF-2 has also been produced successfully by adeno-asso-
ciated-virus-delivered transgene and improved in vivo cartilage tissue repair [179,
180]. Moreover, direct implantation of vector-laden, coagulated bone marrow
aspirates (i.e., gene plug) has also been developed [175]. Typical ex vivo gene
transfection techniques require a series of processes including expansion of cell
number, transfection of cells with target genes, fabrication of cell/scaffold con-
structs, and surgical implantation [175]. By use of this alternative ex vivo protocol,
implantation of bovine bone marrow aspirate transduced with adenoviral vector to
deliver TGF-b1 resulted in improved cartilage repair in partial-thickness defects of
the medial condyle in mature sheep models.

7.4 Modulation of the Intrinsic Properties of Biomaterials

Other than the incorporation of biological moieties such as peptides and growth
factors into hydrogel systems, there have been various investigations to enhance
the level of cell–material interaction by altering surface properties of scaffolds,
by modulating mechanical stimulation, and by changing the architecture of bio-
material scaffolds. In addition to promotion of cell–material interactions by
addition of biologically active stimuli, modulation of the intrinsic properties of
biomaterial substrates can also influence the chondrogenic differentiation of cell
populations as well as the in vivo tissue responses.
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7.4.1 Surface Properties

Wetability

Surface hydrophilicity/hydrophobicity of the biomaterials can be one of the
important parameters to regulate a series of cellular functions, including attach-
ment, migration, cytoskeletal organization, and differentiation [181]. Although it is
known that hydrophobic surface characteristics favor protein adsorption from the
aqueous surrounding solution, a hydrophilic surface is also necessary to initiate
cell attachment [117]. Therefore, controlling the optimum level of hydrophilicity/
hydrophobicity of the material surface could induce positive cell responses.
Technical methods to increase the hydrophilicity of hydrophobic synthetic poly-
meric biomaterials include grafting hydrophilic polymer through copolymerization
[182], plasma treatment to increase the number of oxygen-containing groups such
as –OH and –C=O [183, 184], and photooxidation to introduce peroxide groups
onto the material surface with the aid of UV treatment [117]. For instance,
increasing hydrophilicity in copolymeric hydrogels by increasing the hydrophilic
PEG content relative to the hydrophobic PCL content resulted in higher prolif-
eration of primary rabbit chondrocytes [182]. In addition, more hydrophilic gels
(e.g., 14 wt% PEG and 6 wt% PCL) could be optimum to induce chondrogenic
differentiation, as determined by stimulated gene expression levels of type II
collagen, aggrecan, SOX9, and COMP. Plasma-treated electrospun PCL nanofibers
also showed higher chondrocyte adhesion and proliferation than untreated
hydrophobic PCL surfaces [184].

Roughness and Topography

Modulation of the hydrophilicity of the material surface can usually be related to
changes in topography and roughness [181, 184–186]. Cell adhesion of both
human MSCs and porcine chondrocytes mediated by integrin b was influenced
by different topologies and surface roughness of PLGA-, PLA-, and PCL-coated
plates [187]. In addition to initial cell adhesion, topographical changes of the
material surface also affected chondrocyte aggregation (i.e., mesenchymal con-
densation) [188] and the osteoblastic signaling pathway [186]. Another study
using a composite bone scaffold also demonstrated the related changes in
increasing hydrophilicity and roughness by incorporation of hydroxyapatite
nanoparticles into a hydrophobic poly(propylene fumarate) scaffold [185]. In this
study, a mineral particle content of 20 wt% resulted in higher hydrophilicity and
roughness, and the changes in the physicochemical properties of the composite
material influenced osteogenic signal expression of rat bone marrow stromal
cells.
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7.4.2 Scaffold Architecture

Architectural Design for Cartilage Tissue Engineering

In addition to altering surface properties of biomaterials to improve cell–material
interactions, modulation of the structure and architecture of a scaffold can also
influence the cellular behaviors, since architectural changes, including pore size,
porosity, interconnectivity, and morphology of the substrate surface, can affect
subsequent cellular behaviors [189–192]. Architectural design is of importance in
fabrication of bone-tissue-engineered scaffolds to induce osteoblastic differentia-
tion [190, 191], but the influence of structural parameters can also be observed in
altering chondrocyte behaviors and differentiation for cartilage tissue engineering.
One recent study demonstrated that morphological changes in four different
cell-graft systems, including hyaluronan web, collagen fleece, collagen gel, and
collagen sponge, affected chondrocyte distribution, morphology, and cell–scaffold
interactions [192]. Passive chondrocyte distribution throughout the inner region of
porous scaffolds might depend on porosity and structure, whereas changes in
cell morphology may be correlated to fiber size. In addition, adhesion might be
influenced by material composition through membrane receptors and adhesive
matrix molecules.

Nanofiber Mesh Scaffold

Another example of architectural changes for cartilage tissue engineering scaffolds
is a nanofiber mesh scaffold. Fiber meshes are commonly fabricated via an elec-
trospinning technique [193, 194]. A potential advantage of electrospun nanofibrous
scaffolds is the similarity of the fiber diameter to that of native collagen fibrils,
which may provide an appropriate microenvironment for chondrogenic cell
responses [194]. However, there are also some limitations to nanofiber scaffolds,
such as insufficient control of pore size, inherent planar structure, and subsequent
limited cell infiltration into the inner region of scaffolds [194]. Nevertheless, many
researchers have shown that nanofiber mesh scaffolds can support chondrogenic
differentiation of MSCs seeded on the scaffold [195–198] as well as multilineage
differentiation, including osteogenesis and adipogenesis [199–201]. Composite
fibrous scaffolds can also be fabricated by the dispersion of nanoparticles (e.g.,
hydroxyapatite minerals) in polymeric solution for electrospinning [197]. Some in
vivo studies using nanofibrous scaffolds with MSCs revealed a promising method
to repair cartilage defects [202, 203]. Six months after implantation, PCL nano-
fibrous scaffolds with both allogeneic chondrocytes and xenogeneic human MSCs
in a swine model exhibited higher articular tissue regeneration over acellular PCL
scaffold and the no-implant control [203]. Another in vivo study using periosteal
cells from skeletally mature New Zealand White rabbits was also reported [202].

Varying the diameter of fibers in fibrous scaffolds could provide different
architectures and morphologies of the substrate for cell interaction. Subsequent
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architectural changes such as specific surface area could be related to chondrocyte
phenotype, ECM protein synthesis, and chondrogenic differentiation [192, 195, 198].
It has been demonstrated that a rounded morphology and disorganized cytoskeletal
structure of cells were observed in nanosized fiber meshes, whereas well-spread
chondrocytes with organized cytoskeletons were seen in microfibers [195]. This
observation is correlated to another report demonstrating that rounded cell shape was
retained when chondrocytes attached on fibers with a smaller diameter than the size
of the cell [192]. In addition to morphological changes caused by altering the fiber
diameter, GAG production and qualitative immunostaining for type II/IX collagen,
aggrecan, and cartilage proteoglycan link protein were higher in nanofibrous
poly(lactic acid) scaffolds than in microfiber scaffolds [195]. Moreover, type II
collagen gene expression in a PCL fibrous scaffold with a diameter of 500 nm was
also higher than in a PCL fibrous scaffold with a diameter of 1,000 nm [198].
Therefore, it can be speculated that changes in fiber diameter and subsequent
modulation of architecture in nanofibrous scaffolds can regulate the cell–material
interaction and chondrocyte behavior can be optimized.

8 Osteochondral Tissue Regeneration

8.1 Zonal Cartilage Engineering

As previously described, articular cartilage is an avascular tissue with a single cell
population and dense ECM that has a zonal organization. Each zone has a unique
distribution of chondrocytes, biochemical composition, and mechanical properties
[118, 204]. To closely mimic the native phenotype and formation across articular
cartilage tissues, chondrocyte subpopulations in two or more distinct layers of
hydrogel have been engineered.

Superficial and deep zone chondrocytes from bovine articular cartilage have
been encapsulated in photopolymerized bilayered poly(ethylene oxide) diacrylate
hydrogels [204]. In this bilayer co-culture system, deep zone cells produced
more collagen and proteoglycan than superficial cells after 6 weeks of in vitro
culture. In addition to the inhomogeneity of ECM production, deep zone cells also
exhibited higher shear and compressive strength than the homogeneous cell
control. This research showed the heterotrophic cell interaction and modulated
biological/mechanical properties of engineered cartilage tissues. Another study
also demonstrated that engineered agarose hydrogels containing zonal chondro-
cytes exhibited depth-varying cellular and mechanical inhomogeneity similar to
that of native tissue [205]. Following 42 days of in vitro culture, the data indicated
that production of GAG and collagen from superficial and middle/deep zone
chondrocytes was enhanced when they were layered with the other subpopulation
in a bilayered construct. One of the recent approaches to mimic the highly orga-
nized zonal architecture of articular cartilage investigated a variety of hydrogel
formulations with a combination of CS, MMP-sensitive peptides, and HA in PEG
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hydrogels [118]. This study demonstrated that the unique mechanical properties
and ECM composition of each formulation might direct a zonal-phenotype-
specific chondrogenic differentiation. The result indicated that the PEG/CS/MMP-
sensitive peptide group corresponded to the superficial zone, the PEG/CS group
corresponded to the middle zone, the PEG/HA group corresponded to the deep
zone, and the CS group corresponded to the calcified zone.

8.2 Bilayered Hydrogels

In addition to zonal engineering of articular cartilage, implantable bilayered
hydrogel systems have also been investigated for osteochondral tissue regeneration
with two distinct sublayers. Osteochondral tissue contains an articular cartilage
surface at the top and subchondral bone underneath the cartilage tissue that pro-
vides mechanical support [206–208]. Therefore, biphasic layers with distinct
biomechanical properties could simultaneously mimic the chondrogenic surface as
well as the bony subchondral tissue. For the full-thickness joint defect,
an approach using a bilayered structure of implantable hydrogel or scaffold could
induce osteochondral tissue regeneration.

A composite bilayered hydrogel of OPF matrix and growth factor-incorporating
GMPs has been studied as a functional model for osteochondral tissue regeneration
[209–211]. An early in vivo trial with this composite hydrogel demonstrated the
support of healthy tissue growth in New Zealand White rabbit osteochondral
defects by showing hyaline cartilage improvement in the chondral region and bone
filling in the subchondral region at 14 weeks [211]. In this study, hydrogel com-
posites of 3-mm diameter and 3-mm thickness were implanted in the full-thickness
defect of a rabbit knee joint. The TGF-b1-loaded chondral layer exhibited a sig-
nificant improvement in morphology of neoformed surface tissues among various
histological scoring criteria compared with gels encapsulating blank GMPs
without the growth factor. Additionally, the in vitro influence of the differentiation
stage of an encapsulated cell population in this hydrogel system was also inves-
tigated [210]. A combination of MSCs with TGF-b1-loaded GMPs in the chondral
(top) layer and osteogenically induced (6 days of culture in medium with osteo-
genic supplements) MSCs with blank GMPs in the subchondral (bottom) layer
showed significantly higher mRNA expression levels of collagen type II and
aggrecan compared with both nonosteogenic cells and TGF-b1-free groups. This
study demonstrated that osteogenic cells in the subchondral region might produce
chondrogenic-signaling molecules to induce chondrogenic differentiation of MSCs
in the chondral layer. This observation was only seen in the presence of TGF-b1,
which indicated the importance of the additional effect of growth factor on MSC
differentiation in a hydrogel system. Similarly, precultured MSCs in medium with
osteogenic supplements in the subchondral layer with the aid of TGF-b3 induced a
significantly higher level of in vitro chondrogenesis of MSCs in a chondral layer
after 28 days of culture compared with groups without TGF-b3 [209].
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Although many in vitro studies have demonstrated that incorporation of growth
factor within various cartilage scaffolds enhances chondrogenesis of progenitor
cell populations and results in minor improvement after subcutaneous implantation
in vivo, functional in vivo tissue regeneration in an articular cartilage surface
remains a challenge. Some of the studies have shown only partial repair of car-
tilage defects and a minor level of improvement. Dual growth factor delivery using
a bilayer osteochondral hydrogel was also investigated to demonstrate the inter-
action of growth factors in cartilage repair [159]. In this study, GMPs with TGF-
b1, IGF-1, and both of them were incorporated in a chondral (top) layer of OPF
hydrogels and the gels were implanted in rabbits. In vivo analysis indicated that
single IGF-1 delivery showed minor chondral repair with GAG and cell content of
the cartilage compared to other groups, whereas single TGF-b1 and dual delivery
did not show any improved tissue repair. A lack of any synergistic effect of dual
growth factor delivery suggests the complexity of the dynamic process of cartilage
repair and the existence of other parameters to investigate beyond a simple
combination of growth factors.

In addition to growth factor delivery, functional remodeling of osteochondral
tissue by MSC delivery remains a target for investigation. Despite various in vitro
studies that indicate successful chondrogenic differentiation of encapsulated MSC
populations in hydrogels with the aid of exogenous growth factor delivery, in vivo
cartilage regeneration with complete cartilage repair remains a challenge. Rabbit
MSCs in OPF hydrogels with or without TGF-b1 incorporation did not show any
significant improvement in cartilage tissue regeneration [212]. Both reduced car-
tilage thickness and improved surface regularity were observed with MSC-loaded
gels. It might be hypothesized that faster subchondral bone formation in OPF/MSC
groups provided sufficient mechanical support to the articular surface region and
resulted in smoother articular surfaces. A smoother surface could also be obtained
by the participation of implanted MSCs in cartilaginous matrix secretion and
remodeling. A similar MSC/growth factor delivery in a rabbit in vivo model using
a composite hydrogel made from the self-assembling peptide sequences (RADA)4

and (KLDL)3 showed inconsistent results with in vitro chondrogenesis and
chondrocyte phenotypes [213]. Neither the addition of dexamethasone as well as
the chondrogenic growth factors TGF-b1 and IGF-1 nor the combinational
incorporation of these growth factors and bone-marrow-derived MSCs in a
hydrogel led to any beneficial effect on cartilage repair. Fibrous tissue formation
was even observed in the MSC/growth factor/hydrogel group. This study dem-
onstrated a possibility to direct a single stem cell population to different zonal
phenotypes within a 3D structure with multiple layers.

Other in vivo studies using tricopolymer scaffolds with gelatin, chondroitin
6-sulfate, and sodium hyaluronate demonstrated TGF-b1 release could help
articular cartilage repair in the full-thickness defect (4 mm in diameter and 3 mm
in thickness) in rabbits [214, 215]. An amount of 0.8 ng of TGF-b1 released from
embedded GMPs induced chondrogenic differentiation of autologous MSCs loa-
ded onto scaffolds [214]. Histological observation and semiquantitative scoring
data indicated that a controlled TGF-b1 release using GMPs might be superior to
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stimulate cartilage repair to the absence of growth factor delivery to the cells.
A hybrid PLGA scaffold with this tricopolymer also showed better in vivo carti-
lage regeneration [215]. After 24 weeks of implantation, histological grading
revealed that cell morphology/matrix staining, surface regularity, and subchondral
bone reconstruction were significantly better in the tricopolymer-incorporated
PLGA scaffolds than in blank PLGA scaffolds.

9 Summary

The microenvironment plays a key role in engineering tissue. Therefore, special
care and attention are necessary to create a successful combinatorial approach for
tissue regeneration that involves the integration of cells, growth factors, and
biomaterials. A variety of stem cells as well as fibroblasts have been investigated
for cartilage regeneration. The process of chondrogenic differentiation requires the
interaction of cells with growth factors and biomaterials. Biomaterials can be
modified to control the release of bioactive molecules as well as to aid in cell
adhesion to enhance cartilage formation. Ultimately, biomaterials can be used
to recapitulate the cartilage architecture, which can enhance cellular function
to successfully tissue-engineer cartilage as well as to potentially regenerate
full-thickness osteochondral defects.
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Interaction of Cells with Decellularized
Biological Materials

Mathias Wilhelmi, Bettina Giere and Michael Harder

Abstract The idea to create the concept of cardiovascular ‘‘tissue engineering’’ is
based on the recognition that until then all known allogeneic/xenogeneic biolog-
ical or alloplastic implant materials were associated with shortcomings, which led
to graft deterioration, degradation and finally destruction. Thus, it aims to develop
viable cardiovascular structures, e.g. heart valves, myocardium or blood vessels,
which ideally demonstrate mechanisms of remodeling and self-repair, a high
microbiological resistance, complete immunological integrity and a functional
endothelial cell layer to guarantee physiological hemostasis. In our current review
we aim to identify basic limitations of previous concepts, explain why the use of
decellularized matrices was a logical consequence and which limitations still exist.
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1 Introduction

In the search for a method ‘‘designed and constructed to meet the needs of each
individual patient’’ [1], the idea of tissue engineering was created as an interdis-
ciplinary field that applies the principles and methods of engineering and the life
sciences to the development of biological substitutes that restore, maintain, and/or
improve tissue function [1, 2]. The concept of ‘‘cardiovascular tissue engineering’’
aims to develop viable cardiovascular structures, e.g., heart valves, myocardium,
and blood vessels, which demonstrate mechanisms of remodeling and self-repair,
a high microbiological resistance, complete immunological integrity, and a
functional endothelial cell layer to guarantee physiological hemostasis. Thus,
regardless of the desired tissue type, all tissue engineering approaches rely on four
essential components: (1) tissue-specific cells which form and vitalize the tissue,
(2) signals (chemical and mechanical) which modulate cellular gene expressions
and, thus, extracellular matrix (ECM) production, (3) cellular and humoral
components of the recipient’s immune system which allow and facilitate tissue
integration or graft deterioration and destruction, and (4) matrix scaffolds which
maintain these cells in a definite three-dimensional architecture.

2 Native Grafts

As early as the beginning of the eighteenth century, autologous vessel grafts
were used for substitution or reconstructive vascular interventions [3–5].
However, allogeneic vascular grafts were not used until the 1940s. The clinical
application of these prostheses was mainly based on works by Hufnagel [6] and
Gross at al. [7, 8]. Harvested mainly from autopsies, these grafts were sterilized by
cobalt radiation and predominately used for aortic replacement. In the 1950s, the
first tissue banks were established and allogeneic vascular grafts were used to
replace nearly any diseased central or peripheral artery. In the 1960s, Barret-Boyes
[9] and Ross [10] were the first to use biological, allogeneic human heart valve
prostheses in the clinical setting. In contrast to mechanical prostheses, the lack of
distracting ‘‘clicking’’ noises and oral anticoagulation following the implantation
of these biological valves to avoid thrombembolic complications made these
valves increasingly attractive and the clinical demand by far exceeded their
availability [11, 12]. However, degenerative changes were observed 8–10 years
following implantation of both these valvular and vascular grafts, showing up on
X-rays as severe calcifications and indicating ongoing degenerative processes,
which ultimately led to complete graft loss [13–15] and thus required redo
operations.

Another milestone in the history of biological grafts was laid by Rosenberg and
Henderson [16, 17], who tried to reduce the immunogenicity of bovine carotid
artery grafts by impregnation with dialdehyde starch. It was anticipated that
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induced cross-linkings between ECM proteins of these vessels would weaken the
immunological responses of the recipient, while preserving graft structure/shape
and prolonging its storage time. However, it emerged that dialdehyde starch was a
bad choice, as all grafts demonstrated severe calcification and degradation.
Another chemical agent—glutaraldehyde—was discovered and was found to be a
much better choice. Many different tissues were impregnated very successfully
with this agent, which, as a result, became readily available off-the-shelf. In 1973,
Dardik and Darkik [18] evaluated glutaraldehyde-preserved human umbilical
veins as an alternative biological bypass material, i.e., for lower extremity
bypasses. However, as already postulated by Kunlin [19] in 1949, these grafts
failed long term and, again, the greater saphenous vein was found to be the most
suitable graft in this anatomic area.

Reviewing the underlying mechanisms of graft deterioration, on find two
factors in particular which seem to play a major role in this phenomenon:
(1) immunological reactions in the sense of subliminal tissue rejection [20, 21],
which seem to be induced by the antigeneity of resident allogeneic cells, and
(2) the method of preservation/fixation of these tissues with glutaraldehyde.
Initially, this latter agent was used to reduce the immunogenicity of tissues via
the cross-linking of collagen fibres to prolong its durability. In the meantime,
however, it had become clear that glutaraldehyde increases the risk of calcifi-
cation, potentially amplifies immunological reactions, and inhibits processes
of in vivo regeneration [22]. Today it is believed that the antigeneic properties of
allogeneic prostheses in the sense of histocompatibility differences are respon-
sible for immunological responses and their resulting tissue rejection. Although,
at least in theory, it is possible to modify immunological differences between
donor tissue and the recipient immune system, e.g., via various methods of tissue
preservation or low-dose immunosuppressive therapy, current clinical application
of allogeneic grafts is mostly limited to special cases such as infections or
elderly patients. In contrast, autologous vessel grafts, e.g., the greater saphenous
vein, are still the first choice for reconstructive and substitutional interventions,
especially in small- and medium-caliber vessels.

The clinical restriction of alloplastic vascular grafts to mainly large-vessel areas
is explained by the clinical observation that autologous vessel grafts such as the
greater saphenous vein still show superior patency rates. However, contrary to the
assumption that the greater saphenous vein may represent a universally applicable
vessel graft, it should be noted that this vessel is not available in every patient
because of prior surgical interventions, varicosis, or deep vein thrombosis.
Furthermore, it belongs to the venous and, consequently, low-pressure part of the
cardiovascular system, predisposing ectatic and degenerative deformation when
exposed to arterial/higher blood pressure load. Other autologous venous grafts,
e.g., the femoral vein, or those obtained from the upper extremity exhibit the same
structural disadvantages and are reported to be even less suitable than the greater
saphenous vein. Autologous arteries, too, are not available in every patient and are
shorter in length, so bypass grafts, e.g., at the lower extremity, are difficult to
perform.
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3 Decellularized Grafts

The use of decellularized tissues as matrix scaffolds seems to be obvious.
Decellularized tissue is composed mainly of the ECM, and cellular residual com-
ponents that are not washed out, such as DNA, RNA, cell membrane, and debris
from cell organelles (nucleus, mitochondria, etc.). The degree of contamination by
cellular components depends on the method and tissue used.

The ECM is a secreted product composed of functional proteins, glycosami-
noglycans, glycoproteins, and small molecules arranged in a unique, tissue-
specific, three-dimensional architecture. The composition and ultrastructure of the
ECM are determined by the resident cells, the mechanical stress, and physiological
conditions. In addition, proteases (such as kallikrein) and modulators (growth
factors, cytokines) are associated with the ECM. All cellular activities, such as
settlement, migration, and three-dimensional growth, are strongly determined by
the structural and functional roles of the ECM and the physiological and biome-
chanical setting of the ECM.

Although the components of the ECM are highly homologous across different
species, xenogeneic ECM is often rejected by the recipient. Chemical cross-linking
passivates the antigenic epitopes, resulting in a material which is less immuno-
genic but also less biocompatible.

Decellularized tissue has been developed as a biologic scaffold for tissue
engineering applications in virtually every body system, such as bladder, tendons,
and cardiovascular structures. Interaction of cells with the decellularized tissue in
terms of immunogenicity and repopulation can best be studied in artery and heart-
valve substitutes, as these systems are in direct contact with blood and because
their initial functionality does not depend on living cells, avoiding any necrotic or
other adverse effects.

A working group led by Wilson [23] established a multistep decellularization
process for heart valves, which was based on the use of hypotonic and hypertonic
solutions, detergents, and enzymes to remove all cellular (predominate antigenetic)
components of allogeneic canine heart valve prostheses. After 1 month following
implantation of these valves in the pulmonary position in dogs, the valves
were macroscopically intact and gave no indication of inflammatory reactions or
other immunological side effects. Other working groups who used similar in vitro
decellularization protocols prior to implantation reported comparable good results.
Thus, the first commercially available decellularized and cryopreserved heart valve
prosthesis was created. However, despite evidence that decellularized valves exhibit
reduced immunogenicity in comparison with native control valves [24], Simon
et al. [25] warned that the application of these decellularized valves may lead to
accelerated destruction, especially when used in infants. The presumed reason for
this phenomenon was an elevated activity of the immune system of infants in
combination with a physiologically increased calcium metabolism at this age.

A working group headed by Huynh [26] used small intestinal submucosa
and bovine type-I collagen to generate a new kind of vascular prosthesis. After the
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removal of all cellular components via hypotonic solutions, Huynh et al. [26]
tested autologous, allogeneic, and xenogeneic grafts in large-animal models and
reported excellent patency rates. In the histological analysis they found that these
primary decellularized implanted grafts were spontaneously reseeded in vivo and,
therefore, obviously underwent regenerative processes. However, in experiments
using smaller animals such as rats, these small-caliber vessel grafts were found to
be occluded at a very early stage owing to thrombus formation [27].

4 Reseeding Concepts

Trying to avoid the immunological influence of residual cellular fragments,
Gulbins et al. [28] reseeded cryopreserved human allografts with autologous
endothelial cells in vitro without prior decellularization and implanted these
prostheses in animals—with moderate success. Another concept which can be
taken as a logical consequence of the previously described method was the
autologous endothelial reseeding of decellularized allogeneic and xenogeneic heart
valve prostheses. Following very promising data in animal models, initial results in
human patients are now available (xenogeneic heart valves reseeded with autol-
ogous human endothelial cells) [29].

Another approach to autologous endothelial reseeding of decellularized heart
valve prostheses was implemented in Hanover in close cooperation with the
University of Chis�inău (Moldava). On the basis of the consideration that decell-
ularized, i.e., xenogeneic, matrix scaffolds may still induce immunological reac-
tions because of interspecies differences, human allografts which had been
decellularized using an elaborate protocol were reseeded with autologous endo-
thelial cells obtained as mononuclear cells isolated from individual blood samples.
Positive stains for von Willebrand factor, CD31 (platelet/endothelial cell adhesion
molecule 1) and flk-1, as observed in monolayers of cells cultivated and differ-
entiated on the luminal surface of the scaffolds in a dynamic bioreactor system,
indicated the endothelial nature of these cells. Reseeded valves were implanted in
a pulmonary position of two pediatric patients (aged 13 and 11 years) with con-
genital pulmonary valve failure. Postoperatively, a mild pulmonary regurgitation
was documented in both children. On the basis of regular echocardiographic
investigations, the hemodynamic parameters and cardiac morphology changed in
3.5 years as follows: increase of the pulmonary valve annulus diameter (18–22.5
and 22–26 mm, respectively), decrease of valve regurgitation (trivial/mild and
trivial, respectively), one decrease (16–9 mmHg) and one increase (8–9.5 mmHg)
of the mean transvalvular gradient, and one remaining (26 mm) and one
decreasing (32–28 mm) right ventricular end-diastolic diameter. The body surface
area increased (1.07–1.42 and 1.07–1.46 m2, respectively) and no signs of valve
degeneration were observed in either of the patients 7 years after the procedure.
Thus, it could be shown that the tissue engineering of heart valves using autolo-
gous endothelial progenitor cells is a feasible and safe method—at least for
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pulmonary valve replacement. Tissue-engineered valves have the potential to
remodel and grow according to the somatic growth of a child [30, 31].

The first vascular prosthesis completely generated on the basis of biological
materials goes back to the work of Weinberg and Bell [32]. They seeded smooth
muscle cells in vitro on a collagen gel, which mimicked the lamina media, added
fibroblasts to the outer surface of this construct, and, thus generated a bioartificial
adventitia. Following 2 weeks of in vitro culture, endothelial cells were subse-
quently added to the luminal surface to serve as an artificial lamina interna.
Scanning electron microscopy evaluations revealed closed endothelial monolayers
on the luminal surface of these grafts, which stained positive for von Willebrand
factor. However, although histological data were very promising, biomechanical
tests revealed that this construct had only very limited structural stability, so
Dacron nets had to be wrapped around the grafts to allow at least physiological
pressure loads [32]. L’Heureux et al. [33] adopted up this method, but changed
some of the culture conditions. They noticed that it was possible to positively
influence graft stability and pressure tolerance/burst strength [34]. In an attempt to
further evaluate the in vivo behavior of decellularized and autologous reseeded
vascular grafts, Koenneker et al. [35] implanted xenogeneic bovine internal
arteries as arteriovenous shunts into sheep. Following periods of 3 and 6 months,
most endothelial reseeded (n = 6/6; 6/7) and decellularzed (n = 5/6; 5/7) grafts
were patent and not significantly stenosed. However, histological analyses
revealed complete endothelial surface coverage of reseeded grafts but not of
decellularized grafts and, most importantly, only decellularized grafts exhibited
pronounced tissue calcification. Thus, these data further support the hypothesis
that autologous endothelial graft reseeding induces immunotolerance to some
extent and protects even xenogeneic decellularized matrices against immunolog-
ical processes, deterioration, and destruction [35].

Another approach was described by Campbell et al. [36], who implanted silastic
tubings into the peritoneal cavity of rats. After 2 weeks, they observed that
fibroblasts and mesothelial cells seeded on the outer surface of these tubings. The
resulting tubular tissue sheet was then dissected and everted so that the previously
outer mesothelial cells subsequently built up the inner surface and thus, mimicked
the lamina interna. In animal models these bioartificial vessel grafts showed
physiological reactivity towards vasoactive agents and were patent for up to
4 months.

5 Spontaneous In Situ Autologization

Spontaneous in situ autologization of decellularized tissue is a successful procedure
which has been shown by numerous groups to be effective for heart valves. Spon-
taneous in situ autologization fulfills a major prerequisite to maintain a durable valve
replacement [37, 38]. Numerous animal experiments have been conducted to
demonstrate the in vivo re-endothelialization and cellular infiltration of deeper tissue
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layers. Regardless of the animal model (xenogeneic, allogeneic), the method of
decellularization, and the type of valve replacement (aortic or pulmonary valve), the
results are extremely homogeneous. Figure 1 shows the degree of cell-population
settlement as a function of time. The element which all experiments have in common
is that decellularized tissues were implanted in an orthotopic position (with the
exception of [39]). An early-stage endothelialization is mainly observed after
3 months. In some experiments, it was possible to observe the invasion of interstitial
cells and the production of procollagen [38, 40–43]. After 6 months, a confluent
endothelium and a colonization of the deeper layers of tissue was observed in most
cases [39, 44, 45]. An exception to these findings is the study of Baraki et al. [40],
where, even after 9 months, no confluent endothelium was determined. In these
experiments, however, aortic valves were implanted. The average pressure in the
aorta is about 100 mmHg [46] and in the pulmonary artery it is about 14 mmHg [47].
It is conceivable that the increased blood flow in the aorta impedes or delays a
cellular settlement. Furthermore, increased mechanical stress at the coaptation sites
of the valve leaflets results in a very thin thrombotic layer that prevents the adhesion
of cells. The ingrowth of interstitial cells, such as myofibroblasts and smooth muscle
cells, neovascularization, and synthesis of procollagen between months 3 and 11 are
evidence for tissue remodelling of the adventitial side and the subsequent recon-
struction of deeper layers of tissue.

There are only few clinical spontaneous in situ autologization data available.
The reasons for this are the lack of in vivo imaging systems and the low number
of explanted heart valve substitutes based on decellularized tissue. In 2006,

Fig. 1 Spontaneous in situ autologization of decellularized tissues in various animal models.
Akhyari et al. [64], Baraki et al. [40], Ota et al. [39], Dohmen et al. [42],

Dohmen et al. [44], Elkins et al. [43], da Costa et al. [65], Leyh et al. [45],
Lichtenberg et al. [41], Erdbrügger et al. [38]. The division of the time axis is not equidistant
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Erdbrügger et al. [38] published data from a clinical trial involving patients who
had received a decellularized porcine valve replacement. The substitute was
explanted after 10 months because of an aneurysm at the ligature. Histological
analysis on the explant demonstrated endothelial cells on the surface and recolo-
nization of deeper tissue layers with recipient cells. Similar results were reported
by Dohmen et al. [48] in 2007; however, the patient received a decellularized heart
valve, which had been reseeded in vitro before implantation. The patient was
reoperated on after 3 months. A monolayer of endothelial cells and interstitial cells
was found in deeper tissue layers of the heart valve biopsy.

6 Immunogenicity of Extracellular Matrices

The failure of allogeneic heart valve substitutes may have immunological causes
[49–54]. Basically, the genetic differences of the cellular surface antigens, the
human leukocyte antigen (HLA) molecules, are responsible for immunological
compatibility between donor and recipient. Therefore, incompatibility between
recipient and donor in terms of blood groups (A, B, O) and HLAs may trigger
immunological reactions [53]. The resulting graft rejection is a host-versus-graft
disease. Use of decellularized tissue may overcome this disadvantage. The cellular
components of the starting material are removed, so the resulting decellularized
tissue mainly consists of an ECM. The elimination of cellular components results
in a reduction of alloreactivity.

In 2005, da Costa et al. [55] published a study involving 20 patients who
underwent heart valve replacement: 11 patients received decellularized grafts and
nine patients received conventional cryopreserved homografts. The immune status
with regard to the formation of HLA antibodies was collected after 5, 10, 30, 90,
and 180 days. The basal levels in homograft recipients increased 1 month after
surgery and were still elevated 6 months after the surgery. In contrast, no increase
in HLA class I and HLA class II titer was determined in seven patients who
received decellularized grafts. One patient showed a slight increase of HLA class I
levels and two additional patients exhibited an abnormal increase (Fig. 2).

The human, pulmonary, decellularized, and cryopreserved CryoValve� SG heart
valve from CryoLife� has been available on the market sine 2000. CryoValve� SG
valves are already in clinical use and publications have report a lower alloreactivity
compared with conventional vital homografts. Several groups have shown that HLA
antibody levels after CryoValve� SG implantation were significantly reduced.
Working groups based around Zehr [56] and Elkins [57] reported that the CryoValve�

SG valve was tolerated by most patients (91%): after 1 month 86% were HLA neg-
ative, 88% were HLA negative after 3 months, and 95% were HLA negative after
1 year. By contrast, HLA immunogenicity of cryopreserved homografts is much
higher. In studies involving pediatric patients (n = 9), Shaddy et al. [52] demonstrated
an average increase in HLA class I level of 3.2% before surgery to 63% 25 days after
surgery and to 99.7% 3 months after the operation. Further analysis showed that these
antibody levels persisted at a level of about 87% for up to 1 year after surgery.
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Bechtel et al. [58] compared the immunological data from 24 CryoValve� SG
recipients with the data from 22 patients who had received a standard cryopre-
served homograft. No anti-HLA antibodies were detectable in the CryoValve� SG
group between months 1 and 6 after surgery. But 66% of the homograft recipient
group patients developed positive HLA titers [58]. The data are consistent with the
findings of Hawkins et al. [59].

Improper decellularization seems to be one major factor for the fatal outcomes
of decellularized porcine heart valves [25]. Significant cellular components were
still detectable [60]. Other decellularized porcine heart valves have produced
unsatisfactory clinical results, as they are repelled relatively quickly [61].

Numerous publications of clinical data have shown a reduced immunogenicity
of decellularized human tissue [55–59, 62, 63]. The depletion of the immunogenic
cellular components by the decellularization process in vivo leads to a significant
decrease of HLA class I and HLA class II antibody stimulation compared with
conventional homografts (and compared with xenogeneic matrices) and thus to a
better acceptance by the immune system. This is an important basis for long-term
durability of heart valve replacements.

7 Conclusion

The shortcomings of all known alloplastic implant materials, namely, infectious and
thrombembolic complications, blazed a trail for biological and bioartificial tissue
substitutes. However, although these grafts found their way into clinical practice and
improved methods for tissue decellularization were established over the last few

Fig. 2 Patients developing
antibodies after implantation
of homografts or
decellularized homografts.
Homografts: open diamonds
class I, filled diamonds class
II (Hawkins et al. [59]); open
triangles class I, filled
triangles class II (Hawkins
et al. [63]); open squares
panel reactive antibodies
(Shaddy et al. [52]); filled
squares panel reactive
antibodies with DDT
(Shaddy et al. [52]).
Decellularized homografts:
open circles class I, filled
circles class II (Hawkins
et al. [59]); asterisks class I
(Elkins et al. [43])
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years, residual immunological differences between donor tissue and the recipient
immune system still restrict current clinical applications of allogeneic and xeno-
geneic grafts. Thus, prospective scientific efforts will be focused on the development
of strategies for in vitro or improved/accelerated in situ autologization of these
tissues to overcome this last major barrier of bioartificial tissue implantation.

References

1. Vacanti JP, Langer R (1999) Tissue engineering: the design and fabrication of living
replacement devices for surgical reconstruction and transplantation. Lancet 354(Suppl
1):32–34

2. Skalak R, Fox C (1988) Tissue engineering. In: Skalak R, Fox C (eds) Workshop on tissue
engineering 26–29.02.1988, Granlibakken, Lake Tahoe, CA, USA. Liss, New York

3. Murphy JB (1897) Resection of arteries and veins injured in continuity—end-to-end suture:
experimental results and clinical research. Med Res 31:73–88

4. Carrel A (1902) La technique operatoire des anastomoses vascularies at le transplantation des
visceres. Lyon Med 89

5. Goyanes J (1906) Nuevos trabajos de cirurgia vascular. Siglo Med 53:446–561
6. Hufnagel CA (1947) Preserved homologous arterial transplants. Bull Am Coll Surg 32:231
7. Gross RE, Bill AH (1948) Preliminary observations on the use of the human arterial grafts in

the treatment of certain cardiovascular defects. N Engl J Med 239:578–591
8. Gross RE, Bill AH, Preice EC (1949) Methods for preservation and transplantation of arterial

grafts: observations on arterial grafts in dogs; report on transplantation of preserved arterial
grafts in nine human cases. Surg Gynecol Obstet 88:68–71

9. Barratt-Boyes BG (1965) A method for preparing and inserting a homograft aortic valve. Br J
Surg 52:847–856

10. Ross D (1967) Homograft replacement of the aortic valve. Br J Surg 54:842–843
11. Szilagyi DE, McDonald RT, Smith RF (1957) Biologic fate of human arterial homografts.

Arch Surg 75:506–529
12. Crawford ES et al (1960) Evaluation of late failures after reconstructive operations for

occlusive lesions of the aorta and iliac, femoral, and popliteal arteries. Surgery 47:79–104
13. Outdot J (1951) La greffe vasculaire dans les thromboses du Carrefour aortique. Presse Med 59:234
14. Outdot J, Beaconsfield P (1953) Thromboses of the aortic bifurcation treated by resection and

homograft replacement. Arch Surg 66:365–374
15. Dubost C, Allary M, Oeconomos N (1952) Resection of an aneurysm of the abdominal aorta:

reestablishment of the continuity by a preserved human arterial graft, with result after five
months. Arch Surg 64:405–408

16. Rosenberg NG, Henderson J (1956) The use of segmental arterial implants prepared by
enzymatic modification of heterologous blood vessels. Surg Forum 6:242

17. Rosenberg N (1976) The bovine arterial graft and its several applications. Surg Gynecol
Obstet 142(1):104–108

18. Dardik I, Darkik H (1973) Vascular heterograft: human umbilical cord vein as an aortic
substitute in baboon. A preliminary report. J Med Primatol 2(5):296–301

19. Kunlin J (1949) Le traitement de lìschemie obliterante par la greffe veineuse longue. Arch
Mal Couer 42: 371–372

20. Wilhelmi MH et al (2003) Role of inflammation and ischemia after implantation of
xenogeneic pulmonary valve conduits: histological evaluation after 6 to 12 months in sheep.
Int J Artif Organs 26(5):411–420

21. Wilhelmi MH et al (2003) Role of inflammation in allogeneic and xenogeneic heart valve
degeneration: immunohistochemical evaluation of inflammatory endothelial cell activation.
J Heart Valve Dis 12(4): 520–526

114 M. Wilhelmi et al.



22. O’Brien MF et al (1999) The Synergraft valve: a new acellular (nonglutaraldehyde-fixed)
tissue heart valve for autologous recellularization first experimental studies before clinical
implantation. Semin Thorac Cardiovasc Surg 11:194–200

23. Wilson GJ et al (1995) Acellular matrix: a biomaterials approach for coronary artery bypass
and heart valve replacement. Ann Thorac Surg 60:S353–S358

24. Bechtel JFM et al (2003) Evaluation of a decellularized homograft valve for reconstruction of the
right ventricular outflow tract in the Ross-procedure. In: Second biennial meeting of the Society
for Heart Valve Disease; 28 June–01 July 2003, Palais des Congres—Porte Maillot, Paris, p 347

25. Simon P et al (2003) Early failure of the tissue engineered porcine heart valve SYNERGRAFT
in pediatric patients. Eur J Cardiothorac Surg 23:1002–1006; discussion 1006

26. Huynh T et al (1999) Remodeling of an acellular collagen graft into a physiologically
responsive neovessel. Nat Biotechnol 17(11):1083–1086

27. Schmidt CE, Baier JM (2000) Acellular vascular tissues: natural biomaterials for tissue repair
and tissue engineering. Biomaterials 21:2215–2231

28. Gulbins H et al (2003) Implantation of an autologously endothelialized homograft. J Thorac
Cardiovasc Surg 126:890–891

29. Dohmen PM et al (2002) Tissue engineering of an auto-xenograft pulmonary heart valve.
Asian Cardiovasc Thoracic Ann 10:25–30

30. Cebotari S et al (2006) Clinical application of tissue engineered human heart valves using
autologous progenitor cells. Circulation 114(1 Suppl):I132–I137

31. Cebotari S et al (2002) Construction of autologous human heart valves based on an acellular
allograft matrix. Circulation 106(12 Suppl 1):I63–I68

32. Weinberg CB, Bell E (1986) A blood vessel model constructed from collagen and cultured
vascular cells. Science 231(4736):397–400

33. L’Heureux N et al (1998) A completely biological tissue-engineered human blood vessel.
FASEB J 12(1):47–56

34. Edelman ER (1999) Vascular tissue engineering: designer arteries. Circ Res 85(12):1115–1117
35. Koenneker S, Teebken OE, Bonehie M, Pflaum M, Jockenhoevel S, Haverich A, Wilhelmi MH

(2010) A biological alternative to alloplastic grafts in dialysis therapy: evaluation of an
autologised bioartificial hemodialysis shunt vessel in a sheep model. Eur J Vasc Endovasc
Surg 40(6):810–816

36. Campbell JH, Efendy JL, Campbell GR (1999) Novel vascular graft grown within recipient’s
own peritoneal cavity. Circ Res 85(12):1173–1178

37. Mertsching H, Leyh R, Haverich A (2001) Tissue engineering of autologous heart valves.
Results of 3, 6, and 9 months implantation in a growing sheep model. Paper presented at the
EACTS/ESTS joint meeting, Lisbon

38. Erdbrügger W, Konertz W, Dohmen PM et al (2006) Decellularized xenogenic heart valves
reveal remodeling and growth potential in vivo. Tissue Eng 12(8):2059–2068

39. Ota T, Taketani S, Iwai S, Miyagawa S et al (2007) Novel method of decellularization of porcine
valves using polyethylene glycol and gamma irradiation. Ann Thorac Surg 83(4):1501–1507

40. Baraki H, Tudorache I, Braun M et al (2009) Orthotopic replacement of the aortic valve with
decellularized allograft in a sheep model. Biomaterials 6240–6246

41. Lichtenberg A, Tudorache I, Cebotari S et al (2006) Preclinical testing of tissue-engineered heart
valves re-endothelialized under simulated physiological conditions. Circulation 114(1 Suppl):
I559–I565

42. Dohmen PM, da Costa F, Holinski S et al (2006) Is there a possibility for a glutaraldehyde-
free porcine heart valve to grow? Eur Surg Res 38(1):54–61

43. Elkins RC, Goldstein S, Hewitt CW et al (2001) Recellularization of heart valve grafts by a
process of adaptive remodeling. Semin Thorac Cardiovasc Surg 13(4 Suppl 1):87–92

44. Dohmen PM, Costa F, Lopes SV et al (2005) Results of a decellularized porcine heart valve
implanted into the juvenile sheep model. Heart Surg Forum 8(2):100–104; discussion E104

45. Leyh RG, Wilhelmi M, Rebe P et al (2003) In vivo repopulation of xenogeneic and
allogeneic acellular valve matrix conduits in the pulmonary circulation. Ann Thorac Surg.
75(5):1457–1463; discussion 1463

Interaction of Cells with Decellularized Biological Materials 115



46. Speckmann EJ, Hescheler J, Köhling R (2008) Physiologie, 5th edn. Urban & Fischer,
Munich

47. Schmidt RF, Lang F (2007) Physiologie des Menschen, 30th edn. Springer, Berlin
48. Dohmen PM, Hauptmann S, Terytze A, Konertz WF (2007) In vivo repopularization of a

tissue-engineered heart valve in a human subject. J Heart Valve Dis 16(4):447–449
49. Rajani B, Mee RB, Ratliff NB (1998) Evidence for rejection of homograft cardiac valves in

infants. J Thorac Cardiovasc Surg 115(1):111–117
50. Breinholt JP 3rd, Hawkins JA, Lambert LM et al (2000) A prospective analysis of the

immunogenicity of cryopreserved nonvalved allografts used in pediatric heart surgery.
Circulation 102:179–182

51. Bechtel JF, Bartels C, Schmidtke C et al (2001) Does histocompatibility affect homograft
valve function after the Ross procedure? Circulation 104:I25–I28

52. Shaddy RE, Thompson DD, Osborne KA et al (1997) Persistence of human leukocyte antigen
(HLA) antibodies after one year in children receiving cryopreserved valved allografts. Am J
Cardiol 80(3):358–359

53. Shaddy RE, Hawkins JA (2002) Immunology and failure of valved allografts in children. Ann
Thorac Surg 74(4):1271–1275

54. Vogt PR, Stallmach T, Niederhäuser U et al (1999) Explanted cryopreserved allografts: a
morphological and immunohistochemical comparison between arterial allografts and
allograft heart valves from infants and adults. Eur J Cardiothorac Surg 15(5):639–644;
discussion 644–645

55. da Costa FD, Dohmen PM, Duarte D et al (2005) Immunological and echocardiographic
evaluation of decellularized versus cryopreserved allografts during the Ross operation. Eur J
Cardiothorac Surg 27(4):572–578

56. Zehr KJ, Yagubyan M, Connolly HM et al (2005) Aortic root replacement with a novel
decellularized cryopreserved aortic homograft: postoperative immunoreactivity and early
results. J Thorac Cardiovasc Surg 130(4):1010–1015

57. Elkins RC, Lane MM, Capps SB et al (2001) Humoral immune response to allograft valve
tissue pretreated with an antigen reduction process. Semin Thorac Cardiovasc Surg 13(4
Suppl 1):82–86

58. Bechtel JF, Müller-Steinhardt M, Schmidtke C et al (2003) Evaluation of the decellularized
pulmonary valve homograft (Synergraft). J Heart Valve Dis 734–739; discussion 739–740

59. Hawkins JA, Hillman ND, Lambert LM et al (2003) Immunogenicity of decellularized
cryopreserved allografts in pediatric cardiac surgery: comparison with standard
cryopreserved allografts. J Thorac Cardiovasc Surg 126(1):247–252; discussion 252–253

60. Kasimir MT, Rieder E, Seebacher G et al (2006) Decellularization does not eliminate
thrombogenicity and inflammatory stimulation in tissue-engineered porcine heart valves.
J Heart Valve Dis 15(2):278–86; discussion 286

61. Rüffer A, Purbojo A, Cicha I et al (2010) Early failure of xenogenous de-cellularised
pulmonary valve conduits–a word of caution, Eur J Cardiothorac Surg 38(1):78–85

62. Elkins RC, Dawson PE, Goldstein S et al (2001) Decellularized human valve allografts. Ann
Thorac Surg 71:S428–S432

63. Hawkins JA, Breinholt JP, Lambert LM et al (2000) Class I and class II anti-HLA antibodies
after implantation of cryopreserved allograft. J Thorac Cardiovasc Surg 119(2):324–330

64. Akhyari P, Kamiya H, Gwanmesia P, Aubin H, Tschierschke R, Hoffmann S, Karck M,
Lichtenberg A (2010) In vivo functional performance and structural maturation of
decellularized allogenic aortic valves in the subcoronary position. Eur J Cardiothorac Surg
38(5):539–546

65. Affonso da Costa FD, Dohmen PM, Lopes SV, Lacerda G, Pohl F, Vilani R, Affonso da Costa
MB, Vieira ED, Yoschi S, Konertz W, Affonso da Costa I (2004) Comparison of
cryopreserved homografts and decellularized porcine heterografts implanted in sheep. Artif
Organs 28(4):366–370

116 M. Wilhelmi et al.



Evaluation of Biocompatibility
Using In Vitro Methods: Interpretation
and Limitations

Arie Bruinink and Reto Luginbuehl

Abstract The in vitro biocompatibility of novel materials has to be proven before
a material can be used as component of a medical device. This must be done in cell
culture tests according to internationally recognized standard protocols. Subse-
quently, preclinical and clinical tests must be performed to verify the safety of the
new material and device. The present chapter focuses on the first step, the in vitro
testing according to ISO 10993-5, and critically discusses its limited significance.
Alternative strategies and a brief overview of activities to improve the current in
vitro tests are presented in the concluding section.
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1 Introduction

The clinical success of a medical device, such as a catheter, stent, artificial knee
implant, or simple forceps, is determined on the one hand by its functional
properties, e.g. the mechanical characteristics of the materials and the design of the
device. On the other hand, it is also defined by the way biological tissues will react
that are in contact the implant. In that context, the term biocompatibility is defined
as ‘‘the ability of a biomaterial to perform its desired function with respect to a
medical therapy, without eliciting any undesirable local or systemic effects in the
recipient or beneficiary of that therapy, but meanwhile generating the most
appropriate beneficial cellular or tissue response in that specific situation, and
optimizing the clinically relevant performance of that therapy’’ (Definition [5]
based on [155]). Thus, biocompatibility testing is the fundamental requirement
when developing new materials and their surfaces for medical devices and tissue
engineered medical products (TEMPs). The cellular and tissue responses towards a
material may be very diverse and they can be classified in many ways, but they can
roughly be divided into (i) strong effects, i.e. modification of cell viability
(cytotoxicity, genotoxicity), (ii) moderate to nearly negligible effects, i.e. irre-
versible to transient changes in cell functionality (e.g. complement activation,
pharmacological effects), or (iii) the absence of measurable effects. The inclusion
of ‘‘appropriate response with respect to its function’’ to in the definition
emphasizes that biocompatibility is not a general characteristic but is defined by
the location of implantation and envisioned function of the device material. This
implies that the end-use application should already be known when evaluating
biocompatibility and that the evaluation has to be adapted accordingly. Each end-
use application and therapy may have different requirements. A biomaterial may
fulfil all criteria for a specific therapy to be biocompatible, but may fail and cause
an unwanted tissue reaction in another application and as a result must be defined
in that case as being not biocompatible. For example, in the case of non-absorbable
hernia nets, soft tissue integration is crucial, while in the case of intraocular lenses,
absence of a tissue reaction and cell on-growth are important criteria for bio-
compatibility. The situation gets further complicated by the fact that the materials
will elicit variable and different degrees of reactions in each host, i.e. each patient.
For instance, the stainless steel alloy, UNS S31675, is known to be biocompatible
and can be used as implant material. However, sometimes the host’s immune
system may react towards the material immediately or after a while, requiring the
removal of the device, as the steel alloy contains 9–11% nickel (mass/mass).
Although in the majority of cases the absence of the release of toxic compounds
represent a key issue being evaluated, also in this regard the absence of cytotox-
icity does not represent in general a key issue for being biocompatible that must
always be fulfilled. Therefore, interpreting biocompatibility of investigated bio-
materials with regard to the final use of the material is crucial. In the following, the
different test methods and acceptance criteria for biocompatibility are critically
discussed.
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1.1 Standards for Biocompatibility Testing of Biomaterials

The market for medical devices and therapies is large and steadily growing. The
global market for medical products and hospital supplies is over $220 billion [55].
Within this, the market for tissue engineering and cell therapy products is set to
grow from a respectable $8.3 billion in 2010 to nearly $32 billion by 2018 [52].
The global market for minimally invasive devices and instruments was worth
$14.8 billion in 2008, and could reach $23.0 billion in 2014 [14]. Orthopaedics is
one of the largest segments of the medical device sector. The global orthopaedic
instrumentation market is projected to surpass US $47 billion by the year 2015,
driven by an aging global population, the rising incidence of age-related conditions
such as osteoarthritis and sports-related injuries, and improving orthopaedic sur-
gical procedures [141]. As a result, industry is strongly motivated to take part in
the global competition and to enter this market or increase their share with new
products and solutions which are heavily advertised by companies as the best on
the market. In order to prevent fraud and negative consequences for the patients,
federal agencies and notified bodies (NBs) survey the medical devices market and
assess the performance of each device.

One premise of these products is that they have to fulfil criteria such as bio-
compatibility, and its assessment according to standard test methods has been one
objective approach by which the NBs evaluate these products. These standards test
methods have been included as an instrument by federal agencies and NBs to be
able to assess the performance of each device and to prevent fraud and negative
consequences to the patients from new medical devices entering the market. In the
early 1980s the standards organization American Standards and Test Methods
international (ASTM international) developed the first standards for testing
cytotoxicity and skin irritation based on industrial needs and the demand of NBs
[6, 7, 9]. The catalogue of standard tests was slowly broadened and the umbrella
document F748 defining the requirements of biocompatibility testing was issued
[8]. These documents were adopted by the International Organization for Stan-
dards (ISO) which issued their first standard on biocompatibility series ISO 10993-
1 [70]. Ever since, many new standards on biocompatibility have been issued and
revised by several organizations (see Table 1). Today, each new material that is
considered for use in medical devices has to pass a whole battery of standard tests
before it can be used in a product and put onto the market. As discussed above,
biocompatibility depends largely on the end-use application. Therefore, the stan-
dards differentiate and classify not the material itself but the end-use applications.
Typically, the material–tissue interaction is addressed regarding duration of con-
tact and end-use, i.e. contacting tissue type. In addition, the ratio of contact area to
host size may also matter and might have to be considered. At this point it is
important to point out that the test outcome should be an intrinsic property of the
material. This means that if a material of a given quality is tested for biocom-
patibility, taking the same exposure time and with the same material contact area
to host ratio, the same result should always be obtained—independent of the
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variability within the biological tests. In order to pick -up modifications due to
processing of the raw material (e.g. contamination, chemical disruption), standards
tests are required to evaluate the final product. Process-based contamination is a
cleanliness issue which is not a material property but a process consequence,
and therefore it should not be addressed using biocompatibility approaches
but by chemical and physical analysis as described in ASTM F2847. The bio-
compatibility standards conform regarding material–tissue contact duration, which

Table 1 Standards for testing specific responses

Specific response USP ASTM ISO

Cytotoxicity \87[ F813-07 10993-05
F895-84
F1027-06
F1903-98

Sensitization – F720-81 10993-10
F2147-01
F2148-07

Irritation or intracutaneous reactivity; mucous
membrane irritation

\88[ F719-81 10993-10
F749-98

Systemic toxicity (acute toxicity) \88[ F750-87 10993-11
Subchronic toxicity (subacute toxicity) – – 10993-11
Genotoxicity; reproductive or developmental toxicity – E1202-87 10993-3

E1262-88
E1263-97
E1280-97
E1397-91
E1398-91

Blood biocompatibility/complement activation – F2382-04 –
F1984-99
F2065-00

Immune response – F1905-98 10993-20
F1906-98

Hemocompatibility – F 756-08 10993-4
Chronic toxicity – – 10993-11
Carcinogenicity – F 1439-03 10993-3
Biodegradation – F1983-99 10993-9

10993-13
10993-14
10993-15

Implantation short term–long term \88[ F1408-97 10993-6
F763-04
F1904-98
F981-04
F1983-99

Note The listing is based on standards as issued in 2011. Requirements may change and standards
may be withdrawn or new standards issued over time. Therefore, it is important to consult with
the standards organizations on the validity of specific standards
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is differentiated into three time periods: (i)\24 h, intra-operative contact, (ii) 24 h
to 30 days, defined as short term implantation, and (iii)[30 days, which is called
permanent or chronic implantation.

The classification of the end-use of a medical device product requires a more
distinct approach. The first class is called external devices, and includes wound
dressings, monitors, and splints. Here, intact and injured (breached) body surfaces
are distinguished. The ISO standard suggests the addition of a third subclass, i.e. for
devices coming in contact with mucous membranes. The second class is termed
externally communicating devices, which include any devices that are applied and
inserted via natural channels or trans-cutaneously. Examples include contact lenses,
tracheal tubes, all types of catheters and hypodermic needles. While ISO 10993-1
differentiates only between indirect blood path, tissue/bone/dentin, and circulating
blood, ASTM F748 makes a more pronounced differentiation between devices
communicating with intact natural channels, communicating with body tissues and
fluids, indirect blood path, and direct blood path. The third and last class is
implantable devices. Again, ASTM and ISO standards diverge in their subcatego-
rization. ISO has tissue/bone and blood as subcategories while ASTM differentiates
between their contacting tissues, especially ‘‘devices principally contacting
bones, devices principally residing in the subcutaneous space, devices principally
contacting soft tissue and tissue fluids, and devices principally contacting blood’’.

All the standards require specific tests to be performed, dependent on the classi-
fication, subcategories and contact duration. The cytotoxicity, sensibilization and
irritation/intracutaneous reactivity tests are required and common to all products and
materials. Additional requirements depend on the subcategories and contact duration.
Details should be sought in the respective ISO 10993-1 or ASTM F748 standards
since requirements may change over time. It is important to realize that standards are
not irrevocable documents, but undergo revisions and changes that allowing for
incorporation of new insights or novel techniques. The committee F04 on Medical and
Surgical Materials and Devices of ASTM international actively follows the needs of
industry for new and refined standard test methods and guides; in particular, the
subcommittees F04.42/43/44/46 on different aspects of Tissue Engineered Medical
Products and F04.16 on biocompatibility are very active and consolidate very recent
findings (see for details see [5]). In all the discussion on biocompatibility one has to
keep in mind that it is just a rated definition without hard limits.

2 Cytotoxicity

2.1 Factors Influencing Toxicity

The appearance of cellular responses (summarized in Fig. 1) depends on the kind
of compound and its concentration, and can be classified as toxic, cytoeffective,
and no visible effects. Each of the responses can be assessed in vitro by a specific
test regimen and evaluating the corresponding key parameter(s). The varieties of
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pathways by which the response may be (primarily) induced are summarized in
Fig. 2. The importance of these pathways in the appearance of the cell responses
is strongly dependent on the exposure period and/or the period between start of
the exposure and the time-point at which the cell response is assessed (which
need not always to be the same). By prolonging the period between start of the
exposure and time-point at which effects are measured, the possible mechanisms
by which the cell responses are induced also increase, and thus the kind of
appearances of the effects in the test concentration range. If the period between
start of the exposure and measurement of the effects is very short, observed
effects are mainly based on acute responses, i.e. the induction of cell necrosis.
Apoptosis may also become manifest if the time period is prolonged, e.g. after 2
h when treating cardiomyocytes with 0.1 mM H2O2 [134], or in the case of
treating SCC-9 cells with 50 lM quercetin after 72 h [64]. These two toxins
reveal one of the problematic points with regard to standard testing methods: the
appearance of the cell response is not a fixed event, but may vary tremendously
and is highly specific as to the function of the compound and the cell phenotype;
in this case the difference is a factor of 36. While necrosis and apoptosis are
early effects, the consequences for cell proliferation can be measured only if the
treatment period is further increased corresponding to the normal proliferation
rate of the cells used. The consequences becomes more visible by progressing
the treatment period. Effects on cell number manifest only after many days in
cell culture, e.g. six days for 300 lM and at least ten days for 30 lM AlCl3 on
osteoprogenitor cells [15].

Compounds may interact in two different ways [27]. (1) By a direct interaction
with the target cell protein inducing the effects. For this kind of response, a single
moment of a critical concentration is needed to induce the effect. Cell necrosis is
an effect which is probably induced by direct interaction. (2) By accumulation of
the toxicant in a sensitive cell compartment. Effects are induced if a critical
concentration is reached. For this accumulation, the compound has to be taken
up by the cell and transported into the sensitive or target cell compartment.
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This uptake and transport may be rate-limited and will take some time, resulting in
a delay of the time-point of effect induction and thus of effect appearance. Several
factors may affect toxicity and its appearance: (i) The critical effective compound
may be a constituent released by an implant itself. (ii) It may be a constituent
altered by metabolization. (iii) It may be a compound whose formation is induced
or catalysed by the released constituent—for example, reactive oxygen species
(ROS) may be formed by an indirect reaction. (iv) The effects found in vitro may
be strongly modified by other components that are present, which by themselves
within a wide concentration range affect the cells differently or not at all [33, 37].
(v) In cell cultures containing several cell types, the toxicant may be produced by
one type but affect the other cell type(s). Examples are the bioactivation of
cyclophosphamide and isophenphos by liver cells resulting in a toxic product for
nerve cells [36]. (vi) The effects are not necessarily observed during treatment but
may appear several days after exposition (delayed or progressive effects). The
existence of delayed or progressive effects can be proven by removing the toxicant
after a short treatment period, replacing the culture medium with a fresh one
without the toxicant. A strong indication for the presence of delayed effects is
present if the effect of the initial treatment prevails several days later. Examples of
compounds that induce such delayed effects are cisplatin [28] and single wall
carbon nanotubes [39].

2.2 What is Measured in the ISO 10993-5 (2009)
Standard Test for Cytotoxicity?

The ISO 10993-5 in vitro cytotoxicity test guideline does not define one single
standard test method but it describes testing schemes that require decisions at
given time-points. Three categories of tests are proposed for assessing the cyto-
toxicity of potentially released materials: (1) extract tests, (2) direct-contact tests
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and (3) indirect-contact tests (agar diffusion test, filter diffusion test, see Fig. 3 for
schemes). One or more tests may be used for the evaluation depending on the
nature of the sample material.

Cytotoxicity is assessed using different parameters based on cell and culture
morphology (qualitatively), quantitative measurement of cell impairment, such as
effects on cell growth (proliferation), and specific aspects of cell metabolism.
Qualitative and quantitative measurements are reported to correlate very well [20].
Extract tests are normally based on a so-called extract obtained by exposing cell
culture medium to the test material or compound of interest for 24 h at 37 �C.
Subconfluent cell cultures are treated by measuring effects on cell functionality
typically after 24 h, or low-density cultures are revealed by measuring effects after
a prolonged time period of six days. In the latter case, effects are assessed by
counting the number of colonies consisting of, as proposed, at least 50 cells. In the
direct contact test, a test sample covering about 10% of the subconfluent cell layer
is placed on top of that layer, while in the agar diffusion test an agar layer covers
the cells instead of cell culture medium and the test samples are placed on top of
the agar layer. In both tests, the sample is removed after 24–72 h exposure time
and the cells are qualitatively and quantitatively assessed below and adjacent to the
test samples. Another suggested test method is the filter test. For this cells are
cultured until confluency on one side of the filter, which is then placed with
the cell side on top of an agar layer. Subsequently, the test material is placed on the
other side of the filter. Effects on cells are qualitatively assessed after 2 h exposure
time.

The most striking limitation of all suggested tests in ISO 10993-5 is the short
test period, i.e. 2 h (filter diffusion), 24 h (extract acute cytotoxicity), or 24–72 h
(agar diffusion). By defining a reduction of 30% as the threshold for an extract to
be toxic, only a cell lysing compound, a compound inducing apoptosis in a very
short term, or very strong inhibitor of cell proliferation will be able to give rise to
such a reduction after a treatment period of 24 h. For instance lidocaine (1 mM),
known to reduce cell proliferation of the suggested cell line (NIH 3T3), yields a
65% reduction in cell count after 120 h, but only 30% reduction is observed after
the required culture period of 72 h. No clear-cut effects on cell numbers are seen
even 48 h after treatment [49]. Clear results are only obtained if the colony-
forming test is chosen, having the prolonged incubation period of six days.
Therefore, the short test duration is very limiting regarding the informative value
and the kind of effects that can be assessed. In particular, effects based on accu-
mulation and delayed/progressive effects will not be detected.

A second general limitation is the use of cell lines, in particular of cell lines that
may not be relevant for the proposed use of the biomaterial. The standard asks
indirectly for a justification of the cell sources used in tests, but limits the use of
primary cells to applications that require specific sensitivity. The result is that
industry will hardly ever test with primary cells or organ cultures, in order to
reduce the risk of a cytotoxic outcome. Therefore, fibroblast L-929 or NIH 3T3
cells are used for most if not all medical devices that are in contact with muscle
and skeletal tissues.
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Fig. 3 The ISO 10993-5 tests. Schematic overview of the extract tests [acute cytotoxicity test
(A1) and colony-forming test (A2)], direct-contact test (B), and indirect-contact tests [agar-
diffusion test (C1) and filter-diffusion test (C2)]
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2.2.1 Limitations of Extraction Procedure

Extraction of compounds from materials is not as simple as it sounds. The stan-
dard describes different extraction fluids for preparing extracts, and each one has
its own limitation. Generally speaking, the proposed fluids are not designed to
extract compounds from a material! It is a very mild procedure which detaches
some compounds from the surface and may extract very soluble ones from the
near surface bulk material, but the procedure does not reflect in vivo conditions in
any way, i.e. prolonged contact between cells/tissue/tissue fluids and the material.
The extraction yield can be easily \10%, depending on the extractable com-
pounds, as compared to an exhaustive extraction. In particular, the approach is
not suited for polymeric systems that may contain extractable hydrophobic
constituents, as, for example, is well-known from total organic carbon (TOC)
measurements [87].

The standard suggests three extraction fluids: (a) culture medium with serum,
(b) physiological saline buffer, or (c) other ‘‘suitable extraction vehicles’’ including
pure water or dimethyl sulfoxide (DMSO) \0.5%. The use of culture medium
containing serum has the disadvantage that the material surface is immediately
covered by a protein layer of albumin and fibronectin. This layer passivates the
material interface, limiting the release of possible toxic components. Here it must
be noted, however, that this kind of barrier is also formed after implantation of the
material and thus in principle mimics the in vivo situation to a certain extent. The
use of physiological saline buffer is only suited for the extraction of hydrophilic
compounds including soluble salts. Other extraction fluids such as pure water or
fluids containing minute amounts of DMSO allow for comprehensive extraction of
neither hydrophobic and hydrophilic components. Furthermore, DMSO (1–2%) is
known to alter the cell phenotype [51, 131]. However, the goal and at the same
time also the problem of the extraction procedure is that it should capture all
compounds that might be released from the surface or that might diffuse out of the
material during the lifetime of the device—which might be many years. Obvi-
ously, hydrophilic soluble substances are not seen as a problem for collection in
the extract, but most organic hydrophobic substances will escape the collection
since their saturation in an aqueous medium is extremely low. Furthermore, dif-
fusion processes in polymers are usually very slow and apolar solvents are
required to speed the process up.

The ISO 10993-5 standard also dictates the extraction temperature and time.
Four different standard conditions are given: 24 h at 37�C, 72 h at 50�C, 24 h at
70�C, and 1 h at 121�C. Among the different extraction temperatures suggested,
37�C is certainly a physiological temperature and matches cell culture and serum
extraction media. The advantage of using higher temperatures (50/70/121�C) is
that the release of components may be induced that would not be released under
normal conditions. However, this may occur with the disadvantage that the
released components may be modified due to the higher temperature. Therefore, by
using higher extraction temperatures the absence of these modifications needs to
be ensured to prevent the occurrence of false positives and negatives.
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A further variable portrays the surface to extract fluid volume ratio. It is
suggested that the surface to volume ratio should be 1.25–6 cm2/ml depending
on the thickness, or 0.1–0.2 g/ml or 6 cm2/ml in the case of materials with
indeterminate surface irregularities like foams [1]. Starting from the 100% stock
extract, dilution series may be prepared with culture medium. The standard is,
however, very inaccurate since it does not define the minimum surface to volume
ratio.

2.2.2 Limitations of Direct Contact Test

As discussed briefly above, the sample material is placed on top of a subcon-
fluent cell layer. That tight contact between material surface and cells is thought
to reflect the material–cell interaction. Such tests have to be carried out with
great care to avoid artefacts and misinterpretation of the results. The first
problems may be encountered if samples are placed on the cell layer. Most often,
the sample weight is either too high or too low. For instance, e.g. a sample made
of a CoCrMo alloy has a density of 8.3 g/cm3and might crush easily the cells,
while a dense polyurethane sample is slightly below 1 g/cm3and will float on the
cell culture medium. The contact regime will be completely different for these
two samples. Another problem that might occur is that the cells adhere to the
material surface instead of to the tissue culture plastic. Rupture of the underlying
cell layer due to sample removal or apparent ‘‘reduction’’ of the number of cells
below the sample may be the result. In this case, it will be difficult to judge the
contact test, although preferential adherence as compared to tissue culture plastic
is a good sign.

Another drawback of contact tests is that released toxic components may be
diluted in the culture media to such an extent that they no longer affect the
cells. In this situation the released components are extracted during the tests
instead of before testing as is the case in the extract tests. The difference
between the extract test and direct contact test is the ratio between the material
surface and medium and is well illustrated by the following situation. A circular
film sample with a thickness of less than 0.5 mm is evaluated with extract and
direct contact tests both using 3.5-cm diameter culture dishes with 3 ml of
culture medium. In order to obtain an extract according to the ISO 10993-12,
the surface to volume ratio must be 6 cm2/ml. In the present example, this is
the case if the diameter of the sample is 3.4 cm. However, that contradicts the
requirement of the direct contact test where the sample should cover only 10%
of the culture dish surface. The latter corresponds to 0.96 cm2and thus the
circular sample should not exceed 1.1 cm in diameter. Furthermore, in the case
of the extract test, cells are already treated from the beginning with the con-
centration of the constituents that is released over a period of 24 h. In the direct
contact test this maximal concentration occurs only at the end of the treatment
period, normally 24 h.
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2.2.3 Limitations of Indirect Contact Test

(i) Agar diffusion test. This tests exhibits the same limitation regarding dilution of
the toxicant as the direct contact test, since again only 10% of the cell surface
should be covered. This test is even less sensitive because only one sample side
comes into contact with the agar layer separating the cells and sample. In addition,
the toxicants have to be able to diffuse freely through the agar and must not react
with the agar. In cases where the chemical properties of the released compounds
are not known, it may be very challenging to prove the latter. Furthermore, a good
contact between the sample and the agar must be ensured. The advantage of the
present test is that an incubation period of 24–72 h is suggested, of which 72 h is
certainly preferred, enabling the measurement of cytotoxic effects via other
pathways in addition to acute cytotoxicity. Another advantage of the agar diffusion
test is that the samples can be heavier, since the agar layer protects the cell to a
certain extent and the cell layer cannot be disrupted due to a sample removal.

(ii) Filter diffusion test. The advantage over the agar diffusion test is that the
distance between cells and material is much smaller and mimics the direct contact
test in this regard. The only limitation of the test is that a good contact between
sample and filter must be ensured, i.e. the fluid layer is in contact with the cells and
the sample surface over the whole filter surface. Furthermore, it must be dem-
onstrated that the released constituents do not bind to the filter. The advantage of
testing extracts instead of pure samples is that with extracts exposure to maximal
constituent concentration is ensured from the moment the extract is applied.
However, the exposure period is extremely short (2 h ± 10 min).

2.3 Limitations of Parameters for Cytotoxicity

Typically, only final values of the cytotoxicity parameters are considered after a
specified exposure period in cell cultures according to ISO 10993-5. The history,
i.e. what occurred in between, is not taken into account. For instance, the presence
of fewer cells in an exposed well relative to control may be evoked by cell death,
reduction of cell proliferation or a combination of both. The absence of an effect
may be the result of a real absence of adverse effects or of a too short exposure
period (for instance, inhibition of cell proliferation can certainly not be detected in
the filter diffusion test). Furthermore, the cells used for these tests will affect the
outcome. This is due to the variable sensitivity of cells and the activity of the cells
(e.g. the MTT conversion activity varies between different cell types and may also
differ between cell line and primary cells of the same cell type). As a rule of
thumb, it can presumed that the relevance of the chosen cell types and therefore
the test outcome are directly connected with the proposed application of the
biomaterial. Furthermore, it must be noted that false positive results may be
obtained if the biochemical assay is influenced by a cross-reaction between test
sample and/or the compound itself and the constituents of the biochemical assay.
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In the following examples, the use and limitations of some common tests will be
discussed.

2.3.1 Example: MTT-Test for Measuring Viability or Cell Number

One of the most common tests used in cytotoxicity evaluation is the test based on
the conversion of 3-(4,5-dimethylthiazol-2-yl)-2,5-diphenyltetrazoliumbromide
(MTT) to its formazan product. MTT is membrane-impermeable and the cellular
uptake of MTT is endocytosis-dependent [83]. The reduction is associated with the
cytoplasm and non-mitochondrial membranes including the endosome/lysosome
compartment [83]. How far mitochondria participate in formazan formation, as
first suggested [127], remains unclear [18, 83, 86]. As reducing enzymes,
NAD(P)H-oxidoreductases [19, 83] and glutathione S-transferase [161] are pro-
posed, among others. The final formazan product is transported to the cell surface
through exocytosis [83]. Some research teams use the test to enumerate cells [86].
This might be correct under normal conditions but it has been shown that in
several situations where adverse effects of compounds and particles are assessed
this is not the case [30, 72, 148, 152]. Another application is to evaluate cell
viability. Here also cases have been reported where results obtained with the MTT
test do not reflect viability measures using other kinds of assays [123, 146, 148].
Since both aspects, cell number and cell activity, will affect the level of MTT
conversion, this test may be taken as an index of cell activity of the culture as a
whole. Special attention has to be paid to the interaction between test sample and
assay. For instance, evidence was found that the MTT formazan product is able to
bind to the carbon nanotubes (CNT), reducing the dissolved MTT formazan yield.
A pseudo-reduction of MTT formazan levels is therefore observed [16, 98].
In addition, CNT interferes with the assay by a second pathway. In a control
experiment, under cell- and serum-free conditions it could be shown that CNT by
themselves are able to reduce MTT [16]. Similar effects are observed in systems
containing high salt levels, such as in combination with absorbable calcium
phosphate scaffolds (Luginbuehl et al., unpublished data). One other disadvantage
of the test is that the MTT by itself may affect cell functionality, as shown for
astrocytes. As a result, some discrepancies of cell functionality data using other
assays may occur [71]. This test should therefore be used with care; i.e. its limi-
tations and interference potentials must be addressed before use.

2.3.2 Example: Neutral Red Uptake Test

Neutral red (3-amino-7-dimethylamino-2-methylphenazine hydrochloride, Basic
Red 5, Toluylene red, NR) is a lipophilic free base used for staining in histology,
as a pH indicator in the range of 6.8–8.0 and for measuring cell viability [10, 162, 26].
It can be measured by light absorbance (at 540 nm) but also by fluorescence
(488 nm extinction, 590–600 nm emission). After addition, NR is taken up by

Evaluation of Biocompatibility Using In Vitro Methods: Interpretation and Limitations 129



living cells. It accumulates linearly in the lysosomes of living cells as a function of
time [162]. There is one limitation to this test, due to the lipophilic characteristics of
NR. It may bind to certain test samples or adsorb on components such as carbon
black. The resulting high background levels depend on sample surface or concen-
tration of components and have to be subtracted in analysis [98].

2.3.3 Example: MTS

The MTS [3-(4,5-dimethylthiazol-2-yl)-5-(3-carboxymethoxyphenyl)-2-(4-sulf-
ophenyl)-2H-tetrazolium, inner salt] assay can be used as an alternative to the
MTT test. As in the MTT test, the conversion of MTS to its formazan product is
measured. The advantage over the MTT test is that the MTS formazan product is
water-soluble and by that does not need to be solubilized. In analogy to the
MTT, the MTS assay cannot be used for measuring antiproliferative activity
since it also underestimates the antiproliferative effect [146, 148]. It may be
assumed that the MTS conversion cannot be taken as an index of cell viability,
like the MTT conversion. In toxicological studies comparing the results of MTS
and neutral red assay, MTS systematically underestimated toxicity [11, 110].
Since cell number and cell activity both play a role in total culture MTT con-
version activity level, this test may be taken as an index for total culture cell
activity, like the MTT test.

2.3.4 Example: DCF Test for Measuring ROS

Reactive oxygen species (ROS) are important in several metabolic pathways, act
as intracellular signalling molecules and are important in homeostasis. ROS are
formed as metabolic products and exhibit a very high reactivity due to their
unpaired oxygen electron. Below a certain concentration range, their adverse
effects are reduced by numerous scavenger molecules that are produced by the cell
for this purpose. If cells are stressed, e.g. due to drugs, particles, UV light or
endotoxins, the production of ROS is increased, reaching concentrations which
may be harmful for the cells. One of the common tests for evaluating ROS for-
mation is the H2DCF-DA test [58, 103, 118, 139, 158]. In cell cultures, the
H2DCF-DA test is primarily used for the detection of a variety of ROS species
including peroxyl and hydroxyl radicals, the peroxynitrite anion and nitric oxide,
as well as hydrogen peroxide [44, 104]. The 20,70-dichlorodihydrofluorescein
diacetate (H2DCF-DA) test is based on the assumption that this non-fluorescent
dye is taken up by cells and deacetylated to its non-fluorescent congener 20,70-
dichlorodihydrofluorescein (H2DCF), which is thereafter entrapped within cells.
ROS react with H2DCF, converting it to the highly fluorescent 20,70-dichloroflu-
orescein (DCF) which is not membrane-permeable [13, 80, 137]. Recently, some
doubts have arisen as to how far the DCF test is adequate for measuring ROS [22].
Additionally against current opinion, H2DCF as well as DCF is found not to be
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Fig. 4 Release of H2DCF and DCF after H2DCF-DA loading of A549 cells. A549 cells were
loaded with H2DCF-DA loading for 60 min. After two washes with HBSS medium, the
supernatant of some of the cultures was collected every 60 min and new HBSS was added.
Fluorescence of supernatants and cell cultures with medium replacement was measured every 60
min until 300 min after H2DCF-DA loading (485 nm extinction; 528 nm emission). DCF
fluorescence was seen in the supernatant and, at the start, also in the cells. The sum of the
fluorescence of all supernatants was similar to that of the cultures in which the medium was not
replaced. Thus it could be shown that DCF was formed in the cells and released in the
supernatant. After 300 min all media and cultures received H2O2 (b). Fluorescence was measured
just before (t = 0) and 15 min and 18 h afterwards. Under the influence of H2O2, additional DCF
was formed in the supernatants, proving that H2DCF was also released by the cells. H2DCF-DA
was found to be insensitive to H2O2. Data are presented as mean ±SEM over three independent
experiments (A. Bruinink and U. Tobler, unpublished results)
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entrapped within the cells (Fig. 4) and H2DCF may be converted to a significant
extent into DCF in a cell-free environment under the influence of various drugs
like apocynin (100 lM) and chlorpromazine (10 lM) (A. Bruinink and U. Tobler,
unpublished results).

2.4 Cytotoxicity Parameters and Prognostic Value
for In Vivo Situations

Based on current data and tests, it must be stated that the prognostic value of in
vitro cytotoxicity tests for animals and humans is limited and depends on the kind
of released compounds and the in vitro model. In some cases a correlation is found
[57, 160], but unfortunately in most cases not [17, 62, 136, 149]. The general
limitations of current in vitro tests are that the in vivo situation is not mimicked.
In vitro, tests are performed under static conditions in terms of fluid flow, while in
vivo dynamic situations prevail resulting in a homeostatic condition in stead of an
equilibrium regarding compound release (including particles). The homeostatic
concentration is defined by the rate of compound release and its clearance. One
key issue defining the homeostatic concentration at the implant surface is the
microcirculation in the vicinity of the implant defining not only the clearance [59]
but also the component release [67]. A clearance can only be achieved in vitro
either by compound metabolism/degradation, by inactivation through binding to
proteins, or via medium exchange (e.g. medium replacement, presence of an
artificial fluid flow) [27, 59]. However, a medium exchange is usually not per-
formed (unless the consumption of nutrients are makes it necessary) during the
short cell culture period for cytotoxicity evaluation.

The lack of correlation between in vitro tests and clinical experience is probably
not only related to the clearance but also to a variety of other factors:

1. Exposure period. One important factor is certainly the short exposure period in
the ISO 10993-5 tests, as discussed above. The biological reactions in vivo may
be induced by different pathways and continue beyond the evaluated exposure
period of 2–72 h.

2. Release kinetics. The release of toxic implant constituents may occur only
initially with a strong decline with time (burst release), or be nearly constant or
even increase [65]. The outcome of the in vitro ISO 10993-5 is in both cases the
same and does not distinguish between the different reactions. However, the
response of the body to these two types of materials may differ strongly. For
instance, Rosengren and co-workers inserted polyurethane discs with 0.5 or 1%
zinc diethyldithiocarbamate and nontoxic discs in the abdominal wall of rats for
1 day up to 6 weeks and investigated the foreign body response [114]. They
could show that the foreign body reaction disappeared with the reduction of
toxic compound release (in vivo, tissues may react with an inflammatory
response while in vitro cells may respond to toxic compounds with signs of
cytotoxicity). Thus an initial release of toxic constituent need not be dramatic
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as is generally seen, as long as it is limited to this initial period. (It even may be
argued that a rapid initial toxic release of constituents at levels that are able to
kill these bacteria without systemic effects is desirable for most types of
implants, since the introduction of bacteria into the wound during implantation
is unavoidable). As a result, materials which in vivo could perform well may be
seen as unacceptable based on the ISO 10993-5 test.

3. Cell-type specificity. A suboptimal selection of cell type with which to perform
the tests may result in false positive and false negative results. In the standard
ISO 10993-5 guideline, cell lines are used whose sensitivity may differ greatly.
Such variations are not only seen between primary cells and cell lines but also
between cell lines (e.g. after a treatment period of six days 7.5 ppm of Fe2O3

nanoparticles was lethal for MSTO-211H pleural cells, whereas 30 ppm of
these particles was almost ineffective for 3T3-NIH fibroblast cells [40].

In order to improve the prognostic value of in vitro tests, on the one hand several
specific in vitro parameters must be analysed and this data should be combined with
the known chemical information and biokinetic data (e.g. [88, 115]), and on the
other hand the cytotoxicity of untreated and washed samples (e.g. after 24 h in
medium or even longer) should be compared. In addition, the in vitro models
should be improved to mimic more precisely the in vivo situation at the site of
implantation.

3 Bioactivity

Early tissue reaction to a biomaterial that does not release cytotoxic components
ranges between normal inflammatory reaction and subsequent wound healing, to
strong foreign body reaction, expressed in prolonged inflammatory reaction,
accumulation of multinucleated macrophages and formation of a thick fibrous
capsule at the tissue implant interface. In normal wound healing, different
sequential phases can be discriminated, starting with (a) stopping bleeding by
producing a temporary blood cloth, followed by (b) an inflammatory phase
characterized by swelling, debridement (removal of debris, foreign bodies and
bacteria mainly by phagocytosis by inflammatory cells), (c) closing the wound
with new tissue (proliferative phase) and finally (d) a remodelling phase (Fig. 5).
If a foreign body reaction develops against the biomaterial, the inflammatory phase
of the healing process is greatly prolonged. Since the foreign body, i.e. the bio-
material, cannot be removed, the acute inflammation turns into a chronic type of
inflammation characterized by the formation of foreign body giant cells and a thick
fibrotic, generally avascular, capsule around the biomaterial, isolating it from the
host. The capsule is typically not tight around the biomaterial and the void is filled
with wound liquid.

The influences of a biomaterial on cell functionality can be divided into the
general groups of (i) chemical and spatial influences, (ii) mechanical influences,
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and (iii) topography and porosity influences. The chemical properties include
aspects of chemical functionalities of the cells/tissue, biomacromolecule coating,
chemical patterning of surfaces, or absorption and degradation behaviour including
secondary metabolic compounds (e.g. [74]). The mechanical properties of a bio-
material, i.e. its elastic modulus, pressure, and flow, influence to a large extent cell
behaviour and tissue formation adjacent to the biomaterial [54]. Most cells are
mechano-sensitive and have at their surfaces elements that respond to mechanical
stimulations. Good examples of that responsiveness are muscle cells, chondro-
cytes, bone cells, nerve cells and dendritic cells. Last but not least, cells are
influenced by the surrounding topography. One of the best investigated examples
is the so-called SLA surface-grid blast and acid-etched surfaces of dental implants.
That treatment introduces macro-, micro- and nanometer 3D surface structures on
titanium metal surfaces favouring the functionality of osteoblast cells and allowing
enhanced and fast osseointegration of the implants [42, 129]. Separating the
reaction towards each characteristic is, however, only of theoretical interest. Cells
always respond to all of these characteristics of a biomaterial [84, 125].

The extent of these influences varies from general to cell-type specific. Cell-
type-specific effects may results in a shift in the original tissue composition of the
cells in the environment of the implant and thus result in a (pathological) change in
its functional characteristics. For instance, in the bone environment, bone tissue
may alter locally in soft tissue after placing a new implant. Surface nanostructures
and chemistry, including surface charges and the bioenvironment, i.e. local tissues
and fluids, will in their combined action influence which set of proteins will adsorb
to the surface, in which orientation they will adhere and in how far after adhesion
these proteins will change their conformation, with denaturation as the most
extreme situation [92, 113, 135, 150, 156]. Protein adsorption occurs immediately
upon contact with the biomaterial and fibronectin and albumin adsorb predomi-
nantly, due to their serum concentrations. Depending on the material, equilibrium
in protein adhesion regarding protein quantity, composition and z-potential is
reported to be reached after 1–24 h after immersion in protein solutions, during
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which time small proteins and proteins with low affinity are rearranged and
replaced by those with higher affinity [2, 43, 68, 76, 128]. Total protein adsorption
and the final adsorbed protein composition is affected by surface charge and
surface energy (surface wetting capability) [4, 93, 107, 120, 157].

Protein denaturation may induce cascades of unwanted events, resulting in a
foreign body reaction. Cells adhere to the implant surface through accessible
integrin binding motifs of adsorbed proteins. Integrins are cell membrane proteins
that mediate the contact of the cell with these proteins. Cells express several types
of integrins. The relative expression of these integrins is defined by the type of
surface [126] and is probably defined by the type of accessible integrin binding
motifs of the adsorbed proteins as specific ligands. Different proteins adsorbed to
the surface result in different cell adherence profiles [143]. Furthermore, the
integrin expression pattern is related to the functional differentiation of the cells
[82, 101]. The cell be able to form a stable connection between cells and implant
surface only if integrins can cluster to focal adhesions. The ability to form focal
adhesions is defined by the intermolecular spacing size of the surface-bound
integrin adhesion ligands [48]. A spacing of above 90 nm has been reported to
inhibit focal adhesion formation [121]. This might also be one reason why cells
have difficulty in adhering to certain (sub-) micrometer structured surfaces [21].
Upon maturation of these focal adhesions, actin filaments network are strength-
ened and the cytoskeleton reorganizes accordingly. Finally, with sufficient cellular
forces (cytoskeletal contractility and/or globular actin motion), adhesions mature
into long-lasting entities. This last step is essential for cell contractility and
decisive underpinning of mechanosensing and cellular physical integrity [84].

Whereas the effects of nanostructuring are probably mainly protein-based, the
effects of microstructure are assumed to be based on surface-induced modifi-
cation of cell shape [23, 38, 75]. The cell shape is thought to directly affect cell
functionality [23, 90, 124]. Although much research has been carried out, so far
the crucial cues that steer and define cell functionality cannot be exactly iden-
tified. Furthermore, cell stiffness adapts depending on the elastic modulus of the
biomaterial surface. It is known that cells can adapt to a variation in the stiffness
of their environment within 0.1 s [94] and a modification of the substrate’s
elastic modulus is known to affect cell morphology, cytoskeleton structure
and adhesion [159]. The elasticity of the material surface defines the strain in
the cytoskeleton of the cells, which affects cell physiology in vitro and in vivo
[35, 138].

Since tissue formation adjacent to a material is directly affected and defined by
the cell–surface interactions, it may be assumed that material surfaces which best
mimic the targeted tissue environment perform best if all influences such as
chemistry, mechanical moduli and topography are adapted and considered
[130, 154].

In vitro, bioactivity can be measured on a molecular level by assessing specific
gene expressions as a function of time and/or synthesis of certain proteins. On the
cellular level, it is evaluated by measuring cell adherence, proliferation and/or
differentiation.
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3.1 General Limitations of In Vitro Bioactivity Measurements

The advantage of in vitro systems is that they are simple and that all parameters
can be defined. Furthermore they are cheaper and less time-consuming than in vivo
tests. However, current in vitro systems also have their drawbacks:

1. Cell source. As for cytotoxicity tests, cell line cells used for these studies are
often of animal, not human, origin (e.g. mouse MC3T3 or human MG63 cells
for osteoblasts [46, 74, 105, 119].

2. Assumptions. The assessments are based on certain assumptions which are often
not correct, since the prognostic values of in vitro bioactivity parameters versus
in vivo performance have not been systematically evaluated. For example, the
assumed correlations between in vivo performance and the degree of cell
adherence, cell proliferation rate and cell differentiation are not valid (e.g. a
parameter of early osteoblast differentiation, alkaline phosphatase (ALP)
activity, is increased [74]).

3. Heat-inactivated serum. Heat inactivation alters the conformational state of
heat-labile proteins. It is known that heat inactivation of these proteins may
affect cell functionality and cell–surface interactions [25, 37]. Furthermore,
culture medium containing a dilution of heat-inactivated fetal calf serum may
give a result for a protein layer not comparable to one present after implantation
in an environment of 100% interstitial fluid or serum, both of which are not
heat-inactivated [97]. As a result, not only cell spreading but also proliferation
and differentiation may be affected. The use of media with denatured proteins
thus certainly represents one important drawback of current in vitro systems for
selecting biomaterials, investigating cell material interactions and elucidating
the underlying mechanisms.

In most studies in which the prognostic value of in vitro studies is a theme, a
comparison of these studies with animal studies is made. However, since the
prognostic value of animal studies for the human situation is also limited, the
outcome of such a comparison is questionable and it might be discussed how far
such a comparison should be made at all.

3.1.1 Example: Cell Adherence

Generally, it can be assumed that cell adherence is directly related to the cell’s
ability to interact with the surface. Experimentally, cells are seeded on top of the
samples and cell adherence is measured by quantifying cell number at defined
times thereafter. The incubation period used varies depending on the research
group: 1 h [105], 2 h [99], 3 h [74], 4 h [81, 117], 5 h [106], 0.5–6 h [140] or 24 h
[85]. However, comparing in vitro with in vivo data, such a correlation could
not always been found (a correlation is seen in, e.g. [81, 99], but not in, e.g.
[105, 117]). One explanation could be that cell adherence is measured before
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protein adsorption equilibrium is reached. A solution would be to immerse the
sample in the culture medium for 24 h, at which time-point it may assumed that
protein adsorption equilibrium is reached, before seeding cells on top of it.
Furthermore, depending on the type of proteins that are adsorbed onto the surface,
the period for obtaining maximal cell adherence has been reported to differ from
30 min to 6 h, suggesting that 6 h might be the optimal seeding period in a cell
adherence test [143].

3.1.2 Example: Cell Proliferation

It can be assumed that tissue integration of a material correlates with optimal cell
proliferation. If cell lines are used, they are based in most cases on tumour cells of
specific organs, e.g. from bone or connective tissue. Thus, the question has to be
addressed why cells that are selected to readily proliferate and whose genetic
background is not identical to the original cell type should be a good model for
primary cells. Therefore, it is not surprising that contradictionary reports have been
published regarding their prognostic value for in vivo performance. For instance,
the optimum for titanium surface roughness for maximal MC3T3-E1 osteoblastic
cell proliferation (Ra: 0.0125–6.3 lm) [46] is similar to that found to be optimal
for in vivo bone response and implant fixation (Ra: 0.5–8.5 lm) [122]. However,
in another study comparing smooth titanium surfaces (Ra 0.1–0.2 lm) with rough
surfaces (Ra 3 lm), an inverse relationship between osteoblastic MG63 cell pro-
liferation and bone–implant contact (screws, in sheep vertebrae) was found [119].
The use of primary cells instead of cell lines, however, improves the prognostic
value only marginally. For instance, the team of Ravanetti investigated different
titanium surfaces and found an inverse relationship between human primary
osteoblast cell number as measured after 4 weeks and in vivo performance (bone
contact) after 2 weeks in rabbits [112]. In contrast, Brama and co-workers
described a direct correlation of primary human osteoblast proliferation with in
vivo performance when comparing titanium and titanium carbide-coated titanium
materials [24].

It is important to point out that not one but various cell types are present at
the location where the implants are placed and that if multiple cell types adhere
to the surface all of these will proliferate. The cell reaction on the surface might
differ depending on surface and cell types [78]. Furthermore, these cells will
interact with each other resulting in a modification of the proliferation rates
[41, 151]. It can be hypothesized that in this case it is probably not important to
have the highest proliferation rate of osteoblast progenitor cells, but to have an
advantage relative to other cell types with which they have to compete. This
would imply that proliferation must always been seen in the context of other
cells and might be a reason why this parameter, as it is assessed now, is limited
in its prognostic value.
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3.1.3 Example: Cell Differentiation

An important measure of the cell–material interaction is the maintenance of cell
phenotype or the capability of progenitor cells to differentiate into the tissue-
respective phenotype, e.g. for an applications in bone, that mesenchymal pro-
genitor cells differentiate into osteoblasts. Therefore, phenotype-specific gene
markers or proteins must be assessed. These assessments have to be performed at
different time-points to allow a statement regarding the expression kinetics. The
time-point of measurement is critical here, since the up-regulation of mRNA
markers and protein concentrations have their own optima [73, 164]. The
expression kinetics are influence by the material. The time-points of maximal and
also of overall expression can be shifted. Thus by investigating one time-point
only, it is not possible to make any useful statement. This may be another reason
for the contradictionary in vitro and in vivo results [62].

So far, unfortunately, a systematic evaluation comparing in vitro and clinical
data is still missing. The types of influences that a material evoke are broad and
limitations of in vitro tests may vary largely between the type of influence
(for instance surface topography or drug) and parameter that is measured in vitro.
However, it must be noted that, especially for such complex processes like dif-
ferentiation, the current in vitro systems might be far too simple to expect a good
correlationship between in vitro performance and clinical success.

4 Future Perspectives: Advanced In Vitro Systems
Mimicking the In Vivo Niche

In vitro and in vivo systems are hard to compare due to the differences in their
complexity. In vitro systems are designed to be as simple as possible, i.e. there is
only one cell type which is cultivated under two-dimensional conditions, on tissue
culture treated polystryrene (TCPS) and with an optimized culture medium con-
taining partly overdosed but mostly very underdosed factors. In contrast, in vivo
there is always more than one cell type involved and cells act in a three-dimen-
sional environment in a dynamic fashion surrounded by interstitial fluids and
extracellular matrix (ECM). It is this artificial, for the cells, pathological envi-
ronment to which cells adapt and respond. For cell lines this pathological adaption
may even be more striking. It is in this context that the biocompatibility of
materials is currently evaluated in vitro. The fact that cells are in a pathological
situation which is related in hardly any aspect to the in vivo counterpart probably
represents the predominant reasons for the limitations in translating in vitro
findings into preclinical applications. So far, no final solutions have been presented
and the bridging of the gap between in vitro and in vivo is still a matter of
further research. However, various efforts have been undertaken which are very
promising.
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• From single to multiple cell types. Recently, there have been many attempts to
address this issue. On the one hand, different mature cells types are cultivated in
the same culture, either completely mixed or separated via membranes. On the
other hand, obtained knowledge from stem cell research leads to the awareness
that an in vitro mixture of progenitor cells in different states of differentiation
and sometimes dedicated to different phenotypes yields more significant results
than single cell types (e.g. [132]). If a material is placed in a multi-cell-type
environment, each cell interacts with another in a synergistic way which is
crucial for tissue formation in vivo and in particular for tissue repair and tissue
homeostasis. The various cell types mutually affect cell proliferation, state of
differentiation, and functionality of other cells, either directly via membrane-to-
membrane contact or indirectly via released factors [41, 109, 116, 147]. If a
material is placed in such a multi-cell- type environment, different cell types
will adhere to the surface and will thereafter compete for the space. The selected
cell-type composition should depend on the target application of the implant
material. In the case of materials used in a bone environment, key cell types may
include mesenchymal progenitor cells, osteoblasts, osteoclasts, fibroblasts and
endothelial cells, whereas for a topical application of a material, fibroblasts,
keratinocytes and endothelial cells are probably the key players. The cell type
with the strongest competitive force will finally prevail at the material surface
and will probably determine which kind of tissue is formed at the surface. The
material surface characteristics strongly affect the competitive force based on
cell proliferation and cell migration, which may occur cell-type-dependently as
shown by Vrana and co-workers [142]. The competitive force can be determined
by seeding different cell types on the material of interest and subsequently
evaluating the change in cell number of each cell type as a function of the
presence of the other cell type(s). Furthermore, the effect on the state of dif-
ferentiation of each of the different cell types might also be measured by
assessing cell-type-specific marker proteins [89, 151].

• From 2D to 3D. In current cell culture biomaterial evaluations, single cells are
seeded on top of the material to evaluate its bioactivity. Under in vivo condi-
tions, an implant is placed within a tissue and thus tissues and less single cells
will contact the implant. It is generally accepted that cells in a 3D environment
behave differently from those in a 2D environment [12, 56, 66, 102]. Nearly 25
years ago Sutherland started to use multicellular spheroids as an experimental
model to elucidate processes taking place in a tumour [133]. Since the multi-
cellular spheroids made of tumour cell line cells closely resemble solid tumours,
it has recently been suggested to use this model as a high-throughput test system
for antitumour drug development [77]. Similarly we have proposed the use of
cell reaggregates of primary cells to evaluate biomaterials [95, 96]. For this, cell
reaggregates are prepared of a defined cell number of one of the key cell types of
the tissue that after implantation will contact the implant. The latter reaggregate,
which can be seen as a kind of organoid, is placed on the test material and
outgrowth is assessed. Cells in this situation have the choice to grow out on the
material or to stay within their own context. One driving force to grow out of the
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reaggregate is the stiffness gradient [63] which is probably formed when soft
reaggregate comes into contact with the stiffer biomaterial. Stiff material gen-
erally attracts cells. We suggested to take the surface that is covered by the
outgrown cells as an index of bioactivity. In addition, the cell morphology of the
outgrown cells can be assessed as an additional parameter. The point which
might affect the outcome is the difference in the oxygen tension gradient in vivo,
with probably the lowest tension at the implant surface, and in this in vitro
system where the lowest oxygen tension is not at the reaggregate–test material
surface but in the centre of the reaggregate. Oxygen tension gradients may
greatly affect cell migration activity and cell proliferation rate [47, 111].

• From culture medium to body fluid mimicry. Culture medium contains a mixture
of salts, amino acids and dilute quantities of serum proteins (mostly heat-
inactivated fetal calf serum, 10% concentration), and specific growth factors.
Under in vivo conditions, the cell environment is crowded with proteins
resulting in a reduction of diffusion and local high concentrations of released
cell products. In this environment, nonspecific reactions play an important role.
Unlike the in vivo environment, procollagen produced by the cells, for instance,
only slowly coverts to collagen under common in vitro conditions. One solution
for this nonphysiological situation is given by the team of Raghunath. They
could show that, by the addition to the medium of charged macromolecules with
a large hydrodynamic radius, the situation is changed and collagen is formed as
in vivo [79]. Additionally, differentiation of various cell types is promoted in
such an environment [45]. These effects show the biological relevance of the
excluded volume effect by macromolecules and suggest that by adding mac-
romolecules the original microenvironment can be better mimicked [45].

• From static to dynamic. The in vivo situation is characterized by the presence of
microcirculation in the vicinity of the implanted material [59]. Dolder and
co-workers reported that proliferation and differentiation towards osteoblasts
(ALP activity, calcium deposition) of rat bone marrow stromal cells is (or at
least tends to be) increased in the presence of a fluid flow [50]. This effect might
be due to locally increased nutrients and oxygen tension, or to fluid-flow-
induced mechanical loading [12]. It has been shown that fluid flow affects the
outcome of material evaluation (e.g. scaffold mesh size [69]). By developing an
in vitro set-up, the question arises which situation should be mimicked, since the
microcirculation is strongly dependent on the site of implantation. Besides fluid
flow variation, fluctuations in hydrodynamic compression and strain are nor-
mally occurring within the body, affecting cell performance [144].

• Oxygen tension. Control and adaptation of oxygen tension in cell culture is
hardly ever considered even though it is a very important factor in how cells
react [53]. While hypoxia is a pathological condition for most cell types, it is a
key factor for chondrocyte development and behaviour. In native tissue, chon-
drocytes are exposed to oxygen concentrations ranging from 1–5%, since the
distance to the vessels supplying the synovial membrane is exceptionally large
compared to other tissues [163]. Cells react to a hypoxic environment by
switching their metabolism from aerobic to anaerobic, up-regulating stress
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proteins to withstand the toxic insults of hypoxia, and releasing vasoactive
factors to re-establish proper perfusion and thus oxygen supply. Under these
conditions, chondrocytes up-regulate collagen II production and aggrecan pro-
duction [53]. An elegant approach to mimicking the in vivo oxygen tension
gradient as well as an ECM environment is to place a collagen or agar gel layer
with embedded cells on top of the test material. With this set-up, another
important in vivo aspect would be taken into consideration—the dimensionality
(3D instead of 2D). Collagen gels with embedded cells are currently used for
various investigations including gene transfer [61], effects of matrix stiffness
[63], mechanical load and tissue engineering [145]).

All these are single individual attempts to improve the test system by taking at
least one key issue of the in vivo niche in the direct vicinity of the implant into
account. However, a combination of several of these modifications of the test
system would certainly help to better mimic this niche and as a result to further
improve the test system.

4.1 Proposed Testing Strategy

By assessing in vitro biocompatibility of new materials in principle, answers to ten
important questions are sought. In Fig. 6 these questions are listed together with
which kind of tests we think could be used to find an answer. Since current testing
strategies for biocompatibility have strong limitations regarding their prognostic
value, we propose a multi-level sequential approach in which cytotoxicity is
evaluated in the first of two levels. The first two levels are similar but not identical
to the ISO 10993-5 test. In subsequent tests, bioactivity is investigated. For this, no
in vitro test standards are currently present. The proposed multi-level test sequence
is shown in Fig. 7. The complexity of the tests and their specificity increases from
one level to the next. Each level focuses on another aspect relevant for biocom-
patibility and the biological performance of a material. In total, this test sequence
should give an answer to all the questions mentioned in Fig. 6. The set-up pre-
sented assumes that the material is implanted for at least five days. The cells used
for the first two levels are based on cell lines that are representative for the site of
implantation of the material. Subsequent levels are based on primary cells (opti-
mally human cells), again specific for the site of implantation. The various levels
can be described as follows:

• Level 1—direct contact test (induction of cell necrosis): The first level is
identical to the ISO 10993-5 direct contact test. With this test, a statement on the
induction of acute cell necrosis can be made (within 24 h) (=[Answer to
question 1).

• Level 2—extract test (effects on cells mass): For the second level, slight
modifications are suggested to the ISO 10993-5 extract test. Instead of sub-
confluent cultures to which the extract is given, a seeding density is chosen
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resulting in subconfluent cultures after 6 days. Furthermore, three culture
medium extracts are prepared instead of one: one according to ISO 10993-5
(24-h extract at 37 C). For the second extract, the sample used to obtain the first
24-h extract is transferred to the same quantity of fresh medium and incubated
for another 24 h at 37 C (24–48-h extract). A 48–72 h extract is prepared
similarly. With these extracts of the sample, compounds are extracted that are
not released during the first 24 h or 48 h of incubation. Cells are allowed to
adsorb and adhere for 24 h before addition of the extract media at different
concentrations. As diluent, a medium is used that was treated similarly but
without the test sample. Total culture cell mass (measured by parameters such as
total culture cell protein or DNA) is assessed five days after addition of the

Fig. 6 Schematic overview of the sequence of ten important questions (Q1–10) which arise
when assessing for in vitro biocompatibility
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extracts. During the five days incubation period, the cell mass of the controls
should increase at least five-fold relative to the initial mass. A deviation of
observed cell mass would indicate that the material compromises the cell pro-
liferation rate. The difference between the three types of extracts enables a
statement of how far an initial toxicity may be of relevance (=[Answer to
questions 2–4).

All samples for the next four levels are incubated in culture medium for 24 h
before cells are seeded on them, ensuring that the protein layer composition is in
equilibrium. Furthermore, at the same time toxic constituents are excluded that are
released in the first 24 h in an initial burst type of release. As the time-point of
measurement, five days after seeding is taken as a reference point but may be
increased depending on the application, target tissue and cells. The subsequent
tests should be feasible for most cell types but for some cell types the proposed test
needs to be adapted.

• Level 3—cell adherence and spreading test: Cells are seeded on top of the test
material at a density such that they reach 50% confluence after five days. Cells
are stained for nuclei, actin and eventually for a typical differentiation marker.
Cell spreading is qualitatively assessed. This test evaluates how far cells are able
to attach to the test material surface, a process which should occur before
apoptosis is induced [91], and how far the test material supports ‘‘normal’’ cell
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spreading and proliferation. This parameter of course can also be negatively
influenced by test material constituents that are (sub-)toxic for the seeded cell
type (=[Answer to questions 5 and 7).

• Level 4—cell on-growth test: In this level, material integration in tissues is tested.
Normally tissues are in direct contact with an implant material. Cell aggregates
containing around 15,000 cells of one or more typical cell types of the targeted site
of the implantation niche are prepared and placed on top of the samples. The cells
have the choice to stay within the tissue or to leave the tissue-like environment and
contact and migrate onto the test material. Cell outgrowth is analysed after five
days in culture. The area covered by cells is determined and compared with
reference surfaces. A reduced coverage gives an indication of the cells intrinsic
competitive strength to cover the test material surface and, if more cell types are
included, also relative to each other (=[Answer to question 6).

• Level 5—cell differentiation test: In this test level, cells are seeded on top of the
samples at a density ensuring sub-confluency after five days in culture. There-
after, mRNA is isolated and the relative concentration of mRNA of specific
genes determined. The outcome yields information on how far the material
supports cell differentiation and allows statements on how far differentiation is
influenced by the material. Statements regarding the extent and time evolution
of cell differentiation can be made if more than one time-point is investigated
(=[Answer to question 9).

• Level 6—cell–cell competition test: The final level would allow for assessment
of cell affinity to the substratum in a cell–cell competitive manner. Labelled
cells of different cell types in a defined ratio and amount are seeded on top of the
material. After five days in culture, the cell number of each cell type is assessed
as well as the expression of cell-type-specific differentiation markers. The latter
and final test has the potential to predict which cell type finally covers the
implant surface (=[Answer to questions 8 and 9).

The idea behind this suggested set-up is that each test is more stringent, reducing
the number of promising materials from one level to the next. Materials that perform
adequately in all test levels are considered to be optimal and ready for subsequent in
vivo testing. The proposed test battery has the potential to reduce the time to market
and cost per new developed implant that will positively pass the human trials.
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Artificial Scaffolds and Mesenchymal
Stem Cells for Hard Tissues

Margit Schulze and Edda Tobiasch

Abstract Medicine was revolutionized in the last two centuries and its advances
have more than doubled life expectancy. Nevertheless, some problems are as old
as mankind and although the underlying causes might have changed, the problems
themselves have not. Musculoskeletal disorders and tooth loss are such problems;
they are the major reasons for the ever-growing need for bone replacement, which
cannot always be realized by autologous material. New, multidisciplinary strate-
gies are needed for the development of novel materials to meet the demand.
Stem-cell-based approaches combined with newly designed scaffold materials
seem to be promising tools for constructing tissue replacements. Human mesen-
chymal stem cells and their remarkable differentiation potential are an interesting
cell source for the development of bio-engineered tissues. Scaffolds based on
natural and synthetic materials with or without the use of bioactive molecules are
constructed to mimic the natural environment. They can improve proliferation and
differentiation of the scaffold-seeded cells. Combined, they can provide specific
remedies for hard tissue replacement, which will be discussed in this chapter.
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BMP Bone morphogenic protein
cAMP Cyclic adenosine monophosphate
CD Cluster of Differentiation
CSD Critical size defect
CVD Chemical vapour deposition
DFC Dental follicle cell
DNA Deoxyribonucleic acid
DPLSC Dental periodontal ligament stem cell
DPSC Dental pulp stem cell
ECM Extracellular matrix
ESCs Embryonic stem cells
FDM Fused deposition modelling
HA Hydroxyapatite
HLA-DR Human leukocyte antigen-DR
hMSC Human MSC
HSCs Hematopoietic stem cells
IL Interleukin
iPS Induced pluripotent stem cells
ISCT International Society for Cellular Therapy
Klf4 Krueppel-like factor 4
LB Langmuir–Blodgett
LbL Layer-by-layer
Lin28 (Cell) lineage abnormal 28
MSCs Mesenchymal stem cells
Oct4 Octamer binding transcription factor 4
P Purinergic
P2X Purinergic receptors (ligand-gated ion channels)
P2Y Purinergic receptors (G protein-coupled)
PCL Poly(e-caprolactone)
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RhoA Ras homolog gene family, member A
ROCKII Rho-associated protein kinase II
SATB2 Special AT-rich sequence-binding protein 2
SC Stem cell
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SCAP Stem cells from the apical papilla
SCID Severe combined immunodeficiency
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SHED Stem cells of human exfoliated deciduous teeth
SLA Selective laser ablation
SLS Selective laser sintering
SMCs Smooth muscle cells
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TGF-b Transforming growth factor b
TIP Tension-induced proteins
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TRP Transient receptor potential
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1 Introduction

Modern medicine has provided several breakthrough successes in drug research,
such as the discovery of antibiotics providing the ability to cure bacteria-caused
infectious diseases, and in surgery, such as solid organ transplantation providing
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help for patients with diseased organs. The increased demand for organs caused by
a variety of different reasons, for instance cancer, infectious and metabolic dis-
eases, or degeneration due to old age, cannot be covered by donation. Regenerative
medicine, a new research field dedicated to rebuilding damaged organs and tissues,
may provide alternatives in the future.

An interesting and rather new approach in regenerative medicine is the use of
stem cells (SC), promising with their capacity for self-renewal and organ repair an
unlimited source of material. But cells in vitro do not grow in three dimensions,
but in a monolayer, and an organ with its highly regulated structures and various
cell types cannot easily be constructed. Even simple tissues such as bone still
provide obstacles which have to be overcome before tissue or organ replacement
with SCs can be successfully applied in patients.

Musculoskeletal disorders such as osteoporosis, osteoarthritis, and bone
defects represent major health problems worldwide with increasing incidence
due to extended life expectancy and new recreational behavior. Critical-size
bone defects, such as conditions after limb-preserving tumor surgeries and
trauma-based osseous defects, still remain a huge challenge for reconstructive
orthopedic surgery. Due to lack of alternatives, autologous bone transplantation
is still the gold standard for treatment of osseous defects but, on the other hand,
the sources of supply for autografts are limited and associated with several
problems including infection risks, severe additional pain and donor site mor-
bidity. Guided tissue regeneration with undifferentiated or differentiated SCs
might be an alternative.

The necessity for tooth replacement is another widespread problem in industrial
nations. The combination of tooth decay, formerly known as dental caries, and
periodontal diseases has led to ten million lost teeth per year in Germany alone.
To produce a stable implant often requires bone reconstruction and to achieve
regeneration of the periodontium, the formation of the soft and mineralized con-
nective tissues (root cementum, connective tissue fibers, bone) is required. Several
therapies, such as implantation of autografts, allografts, alloplastic materials, or
guided tissue regeneration, have been evaluated. However, results vary widely and
are largely unpredictable [1].

For both approaches, cells and scaffold materials with specific characteris-
tics are indispensable. The cells should be available in abundance, preferably
from the actual patient, to avoid undesired immune reactions. For this, SCs
seem to present the best source. A functionalized scaffold with appropriate
design to provide skeletal mechanotransduction for increased proliferation and/
or enhance site-specific differentiation for the SCs used, thus leading to
osteogenesis and bone remodeling, is the aim which must be met for the three-
dimensional (3D) cell support material. And finally the interaction mechanisms
between the biological organism and the cell-loaded scaffold must be explored
to produce a customized tissue replacement with good potential for clinical
implementation. The status quo for SCs and scaffold materials is discussed in
the following.
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2 SCs for Bone Regeneration

2.1 SCs and Their Potential

SCs are the biological precursors of each unique cell type of all existing tissues
and organ within a body. They are generally defined by two major properties: they
can self-renew for extended time periods and they are to various degrees undif-
ferentiated, with the ability to differentiate into specialized cells under the
appropriate conditions [2, 3]. SCs are classified according to their differentiation
potential and their source.

Totipotent (or omnipotent) SCs have the potential to differentiate into every cell
type needed to structure a complete, viable organism. For this purpose, they form the
embryonic and the extra-embryonic tissues. Pluripotent cells are capable of differ-
entiating into all cells of the three germ layers composing an organism, namely the
ectoderm, mesoderm and endoderm [3, 4]. Multipotent SCs are lineage-restricted to
a number of closely related cell types, mainly from one of the germinal layers.
Oligopotent SCs have the potential to develop into a few cell types from a specific
family of cells and unipotent cells give rise to one cell type only and are therefore
also termed precursor cells. Pluripotent SCs are derived from the inner cell mass of
the blastocyst of an embryo. Depending on the tissue source, adult SCs have a
multipotent, oligopotent or unipotent differentiation potential.

SCs can be used in basic research as a key tool for the investigation of early
development of an organism or a specific cell type. For this, the identification of
regulatory genes and signaling pathways is crucial. Huge efforts have been
undertaken in recent years to define key marker genes for the individual steps of
commitment in the lineage-specific differentiation of SCs, and a broad set of more
or less specific markers is available for the various lineages. As well as basic
research, the abilities of self-renewal and differentiation of SCs can provide new
medical perspectives to re-establish cellular function for the regeneration of dam-
aged tissues or organs. The oldest and best-established SC therapy is hematopoietic
SC transplantation. Transplantation of bone marrow-derived or peripheral blood-
derived SCs is used to reconstitute the hematopoietic system after chemotherapy
treating blood cancers such as myeloma or leukemia [5, 6]. Taken from a patient,
SCs can also be used as test material to better understand genetic diseases, which
can then be followed by specific drug development [7, 8]. The treatment of patients
with injuries from accidents or degenerative diseases with SCs also holds great
promise for cell-based tissue reconstruction in the future, because mature, finally
differentiated cells are often not available in sufficient amounts or quality or can no
longer replicate in vitro. If the cells are obtained for the individual patient directly,
severe side effects such as tissue rejection can be eliminated. A new approach is the
creation of artificial SCs by reprogramming. These SCs are expected to combine the
positive characteristics of embryonal SCs, their pluripotency, with the positive
features of adult SCs, the prospect of an autologous source. As well as the regen-
eration of heart muscle [9, 10] which is a major focus at the moment, SCs are
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discussed as supplements for treating diabetes [11], muscular dystrophy [12],
spinal injuries [13], retinal degeneration [14], liver damages [15, 16], as well as
Parkinson’s disease [17] and Alzheimer’s disease [18, 19], among others. All in all,
SCs provide an invaluable resource for patient-specific therapies in a variety of
diseases in the future.

On the other hand, several obstacles have to be overcome before a safe and
efficient treatment of patients is warranted. One hurdle is to force the cells with
normal growth in cell culture in a monolayer to spread into the third dimension.
A number of studies have investigated the use of SCs in combination with scaffold
materials and growth factors to replace, for example, lost or damaged bone [20, 21].
This will be discussed below. Another problem is that the developmental fate of
SCs seems to be guided, but not restricted, by the surrounding tissue and the
application of undifferentiated SCs contains the risk of spontaneous differentiation
into undesirable cell types. It has been demonstrated that transplanted bone mar-
row-derived SCs can spontaneously differentiate into the osteogenic lineage when
applied to the heart [22]. To exclude tumor formation from undifferentiated SCs
and differentiation into undesired cell types, it is absolutely fundamental to opti-
mize the control of differentiation. An overview of the current status with further
particulars is given below.

2.1.1 Embryonic SCs

Pluripotent embryonic stem cells (ESCs) are isolated from the inner cell mass of
the blastocyst [23]. The high differentiation potential of ESCs gives rise to huge
expectations for cell-based therapies in regenerative medicine (see Fig. 1).

However, the isolation and subsequent use of SCs derived from a human
embryo brings about strong ethical concerns [24] and is strictly limited by law in
most countries. These cells are therefore mainly used in approaches where other
SCs have limitations, such as in differentiation towards the neuronal lineages [25]
or towards tissue cells where no SCs have been found to date. The application of
ESCs in bone replacement is rather limited and focuses on basic research for a
better understanding of the neural regulation of bone, the marrow, and its specific
microenvironment (for a review, see [26]).

2.1.2 Induced Pluripotent SCs

A new type of pluripotent SCs has been developed recently, which seem to be an
alternative to ESCs without ethical issues, the so-called induced pluripotent stem
cells (iPS). These iPS can be obtained from an adult individual by the genetic
reprogramming of fully differentiated somatic cells using a set of four specific tran-
scription factors, such as Oct4, Sox2, Klf4, and c-Myc [27–29] or Oct4, Sox2, Lin28,
and Nanog [30] (see Fig. 2). Shortly after the first reports on iPS, the transcription
factor set used was reduced and the methods have been altered and improved.
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New reports have demonstrated that the lower the differentiation stage of the
original cell type, the less the amount of transcription factors needed for the
reprogramming, hinting to a ranking in the necessity of the four factors with Sox2
and Oct4 being the major ones. Consequently, iPS can be achieved with only one
factor, Oct4, using precursor cells as source [31–33]. The first reprogramming
strategies involved retroviral transfection or a multi-protein expression vector
combined with the piggyBac transposon system for the delivery of the necessary
transcription factor genes [34, 35]. However, both types of pluripotent cells, ESCs
and iPS, are prone to cause cancer, as shown after transplantation into SCID mice,
where they form teratomas [36]. This tumor risk is even higher for iPS
reprogrammed with retroviruses, since these viruses integrate randomly, thus

Fig. 1 The differentiation potential of ESCs. ESCs have the capacity for self-renewal. They can
originate tissue-specific SCs from the three germinal layers, ectoderm, endoderm and mesoderm,
and naturally have the ability to differentiate into all tissue-specific cell lineages
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giving rise to tumor formation on their own. Novel strategies use non-integrating
viral vectors such as adenoviral or AAV-derived vectors to reduce the risk of
insertion mutagenesis and subsequent cancer development, but these techniques
diminish the already limited reprogramming efficiency [35, 37].

The obtained iPS display most characteristics of ESCs and can hardly be dis-
tinguished from them with respect to morphology, proliferation, gene expression,
differentiation potential or surface antigens. However, differences can be found in
the epigenetic status of the cells. Although the epigenetic status of iPS is very
similar to that of ESCs, the iPS seem to keep at least part of the epigenetic features
of the original cell [38]. In addition, recent data unexpectedly hint at rejection
events after transplantation into inbred mouse strains [39]. If this report can be
supported with further data, especially using cells differentiated from iPS, a major
advantage of these cells––the use of autologous material with the potential of
ESCs––is jeopardized.

The high risk of teratoma formation or simply the novelty of the cells might be
the reason why relatively few data exist on the use of iPS for hard tissues.
Nevertheless they also seem to have advantages when compared to adult SCs
approaches, although iPS need rather a long time (12 weeks) to differentiate
towards osteoblasts. When seeded in a gelfoam matrix and investigated in
vitro and after transplantation in mice also in vivo, the authors report, as well
as the expected data on osteodifferentiation, the recruitment of vasculature and

Fig. 2 Reprogramming somatic cells and the differentiation potential of iPS. iPS can be
originated by viral transduction of a set of four transcription factors, e.g., Oct4, c-Myc, Sox2 and
Klf4. These cells are pluripotent and have been successfully induced into endoderm, ectoderm
and mesoderm cell lineages, such as adipocytes, hepatocytes, neural cells, cardiac muscle cells,
pancreatic cells, and hematopoietic progenitors
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microvascularization of the implant [40]. A very interesting and new approach is
the use of the system also to create iPS for their differentiation. To enhance the
osteogenic differentiation of iPS, Chen and colleagues transduced the iPS with a
transcription factor, the nuclear matrix protein SATB2. They state that SATB2
facilitates the differentiation of iPS towards the osteoblast lineage [41].

2.1.3 Adult SCs

Some years ago most organs and tissues were thought to be regeneration-
incompetent. Adult SCs were expected only in tissues with a high turnover, such as
blood [42], skin [43, 44] or gastrointestinal (GI) tissues [45], since they are the repair
system for the body and maintain the normal turnover of regenerative organs.
However, since then, more and more stem and precursor cells have been found in
adult tissues, including bone marrow [46–48], liver [49, 50], oral tissues [51, 52],
brain [53], muscle [54, 55], fat tissue [56, 57] and recently also heart [58] and lung
[59, 60]. These tissue-derived SCs greatly vary in their proliferative and differen-
tiative potential.

A low proliferative potential of the SCs might be the reason why some organs
seem to have a very low regenerative capacity, such as the heart, when compared
to other organs like the liver, which have a far better repair system. Tissue-
determined cells like the satellite cells in muscle or the precursor cells of the GI
tract, skin and liver, on the other hand, have a limited lineage potential, whereas
others SCs are multipotent, such as the fat-derived mesenchymal stem cells
(MSCs), and can therefore differentiate in various tissue types. The MSCs with
their broad differentiation potential are of particular interest for tissue or organ
replacement strategies in regenerative medicine. Among the growing group of
adult stem and precursor cells, MSCs are therefore a major focus of interest in
research.

MSCs and Ectomesenchymal SCs

MSCs are defined according to minimal criteria by the International Society for
Cellular Therapy (ISCT) [61]. One criterion is adherence to plastic. The SC
character should be further confirmed by its multipotent in vitro differentiation
potential into the adipogenic, chondrogenic and osteogenic lineages as demon-
strated by specific stainings. In addition, MSCs should express the SC markers
CD73, CD90 and CD105. Contamination with other cell types, such as macro-
phages, should be excluded by using the negative markers CD34, CD45, CD14 or
CD11b, CD79a or CD19 and HLA-DR.

MSCs can be found in a variety of tissues, including umbilical cord blood,
muscle, dermis, and bone marrow. and in marked abundance in adipose tissue. For
years, bone marrow-derived MSCs have been investigated in detail, because bone
marrow was already the most commonly used source for another adult SC type,
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the hematopoietic stem cell (HSC). But the isolation procedure from bone marrow
is painful and the yield of cells which can be obtained is low, and thus various
other tissues have been investigated as sources of MSCs, with umbilical cord and
fat being the most prominent [62–67].

Fat tissue-derived MSCs are especially attractive as a basic cell source for
allografts, since they can be obtained from healthy and young donors with long
telomers and thus an extended lifespan [68, 69]. They have eliminated some of the
key challenges in potential tissue repair: the lack of sufficient base material and the
risk of putative cell rejection by the immune defense system of the recipient,
because these cells can be also isolated in abundance from the patient’s own
liposuction material and differentiated towards the desired cell type.

MSCs have the ability to differentiate into several different cell lineages, such
as chondrocytes, astrocytes, myocytes, adipocytes, or osteoblasts (see Fig. 3),
when cultivated under appropriate conditions using specific hormonal inducers
and/or growth factors [3, 61, 66, 67, 70–74]. There are controversies about the
limitation of the differentiation potential of MSCs. Several studies have shown
differentiation of MSCs into cell types belonging to a germ layer other than
mesoderm. Examples are differentiation into neuron-like cells [75], islet-like cells
[76, 77] or hepatocytes [78]. They also posses the capacity to differentiate into
cardiomyocytes [79] and endothelial cells [79, 80]. This might be due to the fact
that the mesenchyme does not completely originate from the mesoderm, but partly
stems from both of the other germ layers as well. A different hypothesis explains
the potential of MSCs to differentiate into endodermal or exodermal cell types by

Fig. 3 The differentiation potential of MSCs. In accordance with HSCs, more committed
progenitor cells are discussed, but they have not yet been defined. MSCs have the potential to
differentiate into multiple mesenchymal-derived lineages. Adipogenesis leads to adipocytes and
osteogenesis to osteocytes. Similar, chondrogenesis will end with chondrocytes. Myogenesis will
generate cardiac, smooth, and skeletal muscle cells and neurogenesis will lead to astrocytes,
oligodendrocytes, and neurons. After tendogenesis and ligamentogenesis, fibroblasts are
produced
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transdifferentiation processes [8]. Due to this large differentiation capacity, using
MSCs for autologous transplantations would be possible for several major diseases
such as heart failure and diabetes or degenerative diseases such as bone defects.
Furthermore, MSCs seem to be not only hypoimmunogenic and thus suitable for
allogenic transplantation [66], but they are also able to induce immunosuppression
upon transplantation [81].

Another group of adult SCs which has attracted attention is ectomesenchymal
SCs, derived from oral tissues. This SC group includes dental pulp stem cells
(DPSCs) and stem cells of human exfoliated deciduous teeth (SHEDs), both
deriving from the pulpa, dental periodontal ligament stem cells (DPLSCs), dental
follicle cells (DFCs) and stem cells from the apical papilla (SCAPs). These
dental-derived progenitor cells or SCs have the potential to differentiate into
dental cell types, such as ameloblasts, odontoblasts or cementoblasts. These
properties make them valuable tools for dental regenerative medicine. In addi-
tion, it has been shown that some of these cells can also differentiate into
osteoblasts or chondroblasts [82], which makes them valuable for additional,
more general approaches in regenerative medicine. One major branch of research
focuses on SC-based tissue engineering for the reconstruction of large bone
defects and the osseointegration of tooth implants. This is also the topic of the
following sections.

3 Scaffolds for Bone Regeneration

It is widely acknowledged that for the repair of musculoskeletal disorders such as
bone defects and dental implants, tissue engineering approaches have to combine
cells capable of osteogenic activity with an appropriate scaffolding material.
Optimal bio-engineered scaffolds have to provide appropriate initial mechanical
properties, promote the formation of new bone, and be gradually, evenly and
homogeneously degraded without causing significant inflammatory responses or
genetic alterations, in parallel allowing the new bone to remodel and assume the
mechanical support function.

The biomaterials existing to date are not sufficiently optimized, in particular
regarding the control of MSC differentiation. Consequently, there is an urgent need
to design tissue-engineered scaffolds that offer an improved level of functionality
over those currently available, adapted to be functionalized and to have direct
influence on MSC growth and differentiation. For SC-directed bone repair to be
clinically successful, a scaffold must be identified and optimized to support not
only cellular adhesion and recruitment, but specifically also osteoinduction and
osteoconduction. In the following, fundamental studies and recent results are
summarized for scaffold material design, conventional and novel fabrication
methods, and surface modification technologies. Particular focus is given to the
influence of polymer scaffolds on adhesion and differentiation of hMSC.
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3.1 Conventional Scaffold Materials and Fabrication Methods

According to Williams Dictionary, scaffolds for tissue engineering for regenerative
medicine are defined as porous substrate materials (metals, ceramics, polymers)
guiding cell adhesion, differentiation, proliferation, and growth [83]. Scaffolds are
designed to promote new tissue formation by providing adequate 3D architecture
for tailored porosity and appropriate surfaces for cellular adhesion and migration.
Pioneer studies in scaffold development for tissue engineering were performed by
Langer and Griffith [84–86]. An comprehensive overview of the variety of
appropriate scaffold materials is given by Park [87] with specific focus on scaffold-
based bone engineering by Hutmacher [88]. Concerning their chemical nature,
scaffolds are prepared from metals, ceramics and natural or synthetic polymers.
In addition to pure ceramic or polymer compounds, a broad variety of corre-
sponding composites, i.e., ceramic–polymer composites, have been developed, in
particular for bone tissue engineering. Those composites are designed to gain
synergetic effects by combining required mechanical properties with osteocon-
ductive characteristics.

Ceramics. Biocompatible ceramics include hydroxyapatite (HA), tricalcium
phosphate, calcium phosphates (TP) and their composites, especially combined
with natural or synthetic polymers. Pure ceramic materials are brittle and lack
interconnected pores required for cell proliferation and angiogenesis, limiting the
use of ceramic scaffolds to rather small defects. Thus, ceramic phosphate com-
posites containing natural or synthetic polymers are more attractive for large bone
tissue engineering, combining improved mechanics with osteoconductive proper-
ties [89]. Those ceramic–polymer composites are synthesized with ceramic par-
ticles embedded into the polymer matrix and exposed on the surface to improve
osteoconductive effects. Mechanical properties are mainly influenced by calcium
phosphate particle size and its distribution within the polymer matrix. The com-
posite stiffness increases with decreasing particle size. HA bioceramics have been
examined with mesenchymal stem and progenitor cells to study SC attachment,
migration and differentiation into osteoblasts [90]. A recent review summarized
the biological response, in particular the cell attachment influenced by ionic dis-
solution products from bioactive glasses and glass–ceramic composites [91].

Natural polymers. Naturally derived proteins or carbohydrate polymers are
widely used as scaffolds for tissue engineering. Natural polymeric materials used
for bone regeneration mainly include polysaccharides such as cellulose and cor-
responding derivatives [92], alginates (e.g., polyanionic co-polysaccharides [93],
agar, and agarose derivatives), chitosan [94], hyaluronates [95], fibrin, fibronectin,
collagen and gelatine and corresponding derivatives [96]. Since natural scaffold
materials are often used in a gel-like phase, biological agents can be incorporated
via gel formulation [88].

Collagens are the principal structural proteins in mammals, widely distributed
in the body and a major component of the extracellular matrix (ECM): they occur
in skin, bone, cartilage, tendons, ligaments, and blood vessels. Fibrillar collagens
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form a triple-helix containing three separate peptide strands twisted around one
another. Collagens show high-tensile strength that makes them an essential
structural factor providing mechanical strength to hard tissues. Collagens carry
ligands supporting cell attachment and thus influence cell migration but also dif-
ferentiation. In addition, these ligands (reactive functional groups such as hydroxy
or amino) along the collagen backbone also enable interaction with bioactive
molecules, i.e., growth factors, provided by drug releasing systems. Collagen
composite materials developed in particular for bone regeneration include various
combinations of fibrillar collagen with HA, polysaccharides, polyethylene glycol,
cellulose derivatives or sodium hyaluronates. Chitosan fibrous scaffolds obtained
by wet spinning were coated with different densities of type II collagen to evaluate
the effect of this coating on MSC adhesion and chondrogenesis. The cell attach-
ment and distribution after seeding correlated with the density of type II collagen.
Cell number, matrix production, and expression of genes specific for chondro-
genesis were improved after culture in collagen-coated chitosan constructs [97].
Mauney and colleagues performed in vitro and in vivo studies of differentially
demineralized bone scaffolds using biologically-derived collagenous materials
such as intestinal submucosa or demineralized bone matrix as substrate to facilitate
the growth and differentiation of cells [98]. Beside collagen, its denaturated
derivative gelatine is used to prepare scaffold composites. Thus osteogenic dif-
ferentiation of bone marrow-derived SCs could be demonstrated using mixed
gelatine and chitosan-oligosaccharide scaffolds [99].

Synthetic polymers. Tissue-derived materials carry the risks of immune rejec-
tion, blood coagulation or tissue hypertrophy, and thus synthetic polymers are a
very attractive alternative. Synthetic polymer scaffolds provide the opportunity to
tailor physical properties such as molecular weight, molecular weight distribution,
and correlated mechanical properties. Major challenges are the design of 3D
architectures with defined porosity and a tailor-made surface adapted to specific
requirements concerning cell adhesion.

Synthetic scaffold materials for bone tissue engineering mainly comprise
polyesters, the most common being poly(lactic acid) (PLA), poly(glycolic acid)
(PGA), and poly(caprolactone) (PCL). In addition to homo-polymers, a huge
variety of synthetic co-polymers has been studied in the last two decades, and
recently reviewed by Zippel and colleagues [100]. In general, the polymers
themselves are biocompatible, and many of them are bioresorbable. Further
requirements include injectability and biodegradability. For bone regeneration,
scaffolds have to possess appropriate mechanical stability. Biodegradation rate and
mechanical properties can be varied through variation of molecular weight and
molecular weight distribution. Depending on the polymer synthesis methods,
linear polymers, branched structures, and 3D networks can be prepared. One of the
remaining problems is the formation and accumulation of a certain amount of
degradation products in a short time period due to bulk degradation. Although the
degradation products (e.g., lactic and glycolic acids) are also present in normal
metabolic pathways, these amounts may result in local inflammation.
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Moroni and colleagues synthesized novel polyether–ester co-polymers, such as
poly(poly(ethylene oxide)terephthalate-co-(butylene) terephtalate) (PEOT/PBT),
and studied the influence of porosity, molecular network mesh size and swelling
on dynamic mechanical properties of the corresponding scaffold materials. PEOT/
PBT co-polymers are characterized by high elasticity, robustness, and strength.
In addition, they possess good processability due to a temperature-dependent
cross-linking of hydrophilic poly(ethylene oxide) (PEO) and semi-crystalline
poly(butylene terephthalate) segments. Mechanical properties and biodegradation
rate has been controlled via variation of the molecular weight of the starting
poly(ethylene glycol) segments and the weight ratio of PEO and PBT blocks.
These polyether–ester co-polymers have been investigated for tissue regeneration
and already tested for clinical applications (PolyActiveTM, IsoTis Orthopaedics),
i.e., for bone filling materials [101]. Porous scaffold composite materials based on
synthetic PLA mineralized with calcium phosphate have been designed by Kim
and colleagues. Studies demonstrated a significant influence of scaffold compo-
sition on growth and differentiation of bone marrow-derived MSCs [102].
Recently, Li and colleagues reported in vitro mineralization and in vivo bone
regeneration studies performed in a rat calvarial defect model using novel
resveratrol-conjugated poly(e-caprolactone) (PCL) composites. The incorporation
of resveratrol results in increased alkaline phosphatase activity of rat bone marrow
stromal cells (BMSCs) and enhanced mineralization of the cell–scaffold com-
posites in vitro. The calvarial defects implanted with resveratrol-conjugated PCL
showed a higher X-ray density than the defects implanted with control PCL. Bone-
like structures, positively immunostained for bone sialoprotein, were shown to be
more extensively formed in the resveratrol-conjugated PCL. Thus, incorporation
of resveratrol into the acrylic acid-functionalized porous PCL scaffold led to a
significant increase in osteogenesis [103].

3.2 Conventional Scaffold Fabrication Methods

Well-established polymer processing techniques include various moulding and
casting processes, spinning, sintering, and extrusion techniques. The fabrication of
3D scaffolds includes the generation of pores via particle or selective leaching,
phase separation and different gas forming methods, and various textile formation
processes such as braiding, weaving, and knitting. Polymers have been investi-
gated in form of foams, sponges, gels, and hydrogels as scaffold and release
materials to deliver biologically active agents inducing tissue growth factors, as
reviewed in detail by Sachloz and Moroni [96, 101].

Gels and Hydrogels are the most widely used scaffold materials providing the
possibility of encapsulating cells, i.e., to generate engineered cartilage or to protect
beta-cells against the immune system in type 1 diabetic patients. Hydrogels
made from both non-resorbable polymers such as polyesters and polyamides and
biodegradable polymers based on collagen, glycolic acid, lactic acid or hyaluronic
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acid are used in surgery. Gels and hydrogels used for tissue engineering
applications are prepared starting from natural biopolymers (polysaccharides,
e.g., hyaluronic acid derivative), synthetic polymers (e.g., poly(hydroxyethyl
methacrylate)) or semi-synthetic derivatives (e.g., collagen–PLA composites). 3D
network formation is performed via radical or photopolymerization induced by
ultraviolet irradiation. It has been demonstrated that self-assembling peptide
hydrogel structures support the differentiation and transdifferentiation of cells.
Stem or progenitor cells are encapsulated within these self-assembling peptide
hydrogel structures. The peptide hydrogel nanoscale environment renders the cells
available for instruction by differentiation factors such as growth factors or ECM
components, enabling the cells to differentiate or transdifferentiate within the
structures. Due to limited mechanical and viscoelastic properties, hydrogels are
mainly used for controlled drug release [104].

Polymeric foams can be used as both scaffolds and drug delivery matrices. One
of the few synthetic polymers approved for human clinical use are porous foams
made of a racemic poly(lactide-co-glycolide) copolymer. Microcellular foams are
made from biodegradable or non-biodegradable polymers with pores throughout
the material having a diameter of about 1–200 lm [105]. In addition, polymer
surfaces may be textured as a result of foaming. This is of vital interest, since
surface morphology and roughness have been demonstrated to influence the
physiological response to an implant, including cell attachment, morphology, and
differentiation [106].

3.3 Nanomaterials and Novel Fabrication Methods

The discovery of fullerenes and carbon nanotubes produced a tremendous
development of novel nanomaterials and their investigation for use in many dif-
ferent applications [107]. Nanostructured biomaterials including nanoparticles,
nanofibers, nanosurfaces, nanocomposites, and nanosphere-immobilized bioma-
terials have gained increasing interest in regenerative medicine, since these
materials often mimic the ECM. Nanomaterials have thus been intensively studied
in the last decade for utilization in tissue engineering and scaffold fabrication.
Preparation, characterization, and invitro analysis of novel structured nanofibrous
scaffolds for bone tissue engineering have recently been reviewed by Wang and
co-workers [108].

Nanomaterials. Materials designed in nanoscale used for bone regeneration
include nanospheres and nanoparticles [109, 110], nanotubes, in particular carbon
nanotubes [111–113], and nanodendrimers based on carboxymethylchitosan/
poly(amido amine) [114]. Applications are mainly focused on utilization of
nanomaterials to improve mechanical properties of scaffold materials [115].
Lim studied micropatterning and characterization of electrospun PCL/gelatine
nanofiber tissue scaffolds by femtosecond laser ablation for tissue engineering
applications [116]. Nanofibers are prepared via electrospinning, phase separation
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or self-assembling techniques. Biodegradable polymer nanofibers mimic the
nanofibrillar structure of ECM. The nanoscaled collagen fibrillar structure (50–500
nm in diameter) has been found to enhance cell–matrix interactions [117]. The
most promising approaches are represented by nanocomposites, reviewed by
Zhang [110]. It could be shown that the early osteogenic signal expression of rat
BMSCs is influenced by both HA nanoparticle content and initial cell seeding
density in biodegradable nanocomposites scaffolds [109]. Sitharaman and
co-workers introduced a novel nanoparticle-enhanced biophysical stimulus based
on the photoacoustic effect. Results showed that the photoacoustic effect influences
differentiation of bone marrow-derived marrow stromal cells grown on poly(lactic-
co-glycolic acid) polymer films into osteoblasts. Osteodifferentiation of MSCs due
to photoacoustic stimulation is significantly enhanced by the presence of single-
walled carbon nanotubes in the polymer [115]. Nanostructured mesoporous silicon
can be used for discriminating in vitro calcification of electrospun scaffold com-
posites [118]. Carbon nanotubes possess exceptional mechanical, thermal, and
electrical properties, facilitating their use as reinforcements or additives in various
biomaterials to improve their mechanical behavior in particular. Carbon nanotubes
are synthesized and added to conventional polymer scaffolds to promote and guide
bone tissue growth and regeneration [113]. Another approach recently reported
combines controlled synthesis of colloidal nanoparticles with freeze-drying tech-
nique for bone tissue engineering applications. Porous nanocomposite scaffolds
based on poly(vinylalcohol) and colloidal HA nanoparticles were prepared. In
vitro experiments with osteoblast cells indicated an appropriate penetration of the
cells into the scaffold’s pores and cell growth support [119].

Novel Scaffold Fabrication Technologies have been developed in the past
decade that open new opportunities for 3D scaffold design [117, 120, 121].
In particular, electrospinning and different rapid prototyping techniques including
3D printing, fused deposition modelling (FDM), stereolithography, selective laser
ablation (SLA), and selective laser sintering (SLS) are considered to be the most
promising techniques for smart scaffold fabrication [101, 122], resulting in new
materials, nanostructured surfaces, and novel 3D architectures. Rapid prototyping
technologies thus enable the production of scaffolds with a controllable inter-
connected pore network, allowing improved cell migration and nutrient exchange.
Electrospinning provides fibrous scaffolds mimicking the dimensions and topology
of ECM fibers. Filaments can be formed on the nanometer scale and used as
medical membranes and scaffolds for tissue engineering.

A broad variety of materials was tested including natural compounds such as
collagen and synthetic polymers, e.g., PLA, PGA, PCL, and corresponding
co-polymers. The preparation and characterization of a 3D printed scaffold based
on a functionalized polyester for bone tissue engineering applications was reported
by Seyednejad and co-workers. Porous scaffolds were prepared based on a
hydroxyl functionalized polymer, poly(hydroxymethylglycolide-co-e-caprolactone)
(PHMGCL). Scaffolds consisting of PHMGCL or PCL were produced via 3D
plotting resulting in a high porosity and an interconnected pore structure. Human
MSCs were seeded onto the scaffolds to evaluate the cell attachment properties and

168 M. Schulze and E. Tobiasch



differentiation. Results demonstrated that cells filled the pores of the PHMGCL
scaffold within one week, displayed increased metabolic activity, and supported
osteogenic differentiation [123].

4 Scaffold–Cell Interaction

4.1 Surface Modification Methods

From a chemical point of view, surfaces characteristics include hydrophilicity
versus hydrophobicity, polar versus non-polar functionalities, and neutral versus
charged surfaces, all defined by nature and amount of functional chemical groups.
Depending on electron negativity strength of the atoms, non-polar or polar
structures can be created, and hydrophilicity can be changed in a controlled
manner that in turn significantly influences cell adhesion processes. Tailor-made
surfaces can be designed via chemical modification, including physical, mechan-
ical, and chemical adhesion (chemisorption). A stronger connection is realized via
chemical grafting resulting in covalent bonds. In Table 1 bond energies and cor-
responding adhesion forces for different chemical bonds are summarized.

According to Dupré, the adhesion power of any substance on a surface depends
on the surface energies of both substance to be adhered to and substrate, and their
interface energy [124]. A comprehensive review entitled Biomolecular engineer-
ing at interfaces including discussion of the most relevant aspects influencing cell
adhesion on scaffold surfaces and corresponding analytical methods is given by He
and colleagues [125]. A detailed analysis of physical and biochemical effects for a
scaffold-based approach to directing SC neural and cardiovascular differentiation
is given by Chew and Low [126].

4.1.1 Biomimetic Surfaces and Controlled Drug Release

Surface modification in biomedicine, in particular tissue engineering, is mainly
realized via creation of a so-called biomimetic surface. Engineering cell and tissue
behavior at device surfaces is focused on modifying the material surface to interact
selectively with a specific cell type through biomolecular recognition processes.
The cell surface has a variety of receptors that bind with other cells or specific
proteins, which compose the environment surrounding the cells known as the
ECM. A promising approach is the biomimetic modification of the material in
which peptides containing the adhesion domains of the ECM proteins are attached
to the base material. The central hypothesis of biomimetic surface engineering is
that peptides which mimic part of the ECM affect cell attachment to the material,
and surfaces modified with these active peptides can induce tissue formation con-
forming to the cell type seeded on the material. Therefore extensive research over
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the last decade has been performed on the incorporation of adhesion-promoting
oligopeptides into biomaterial surfaces [106, 127–132]. In this way, engineered
microenvironments have been designed for controlled SC differentiation including
biomimetics and controlled release [120].

Recent studies on biomimetic materials include the following: bioceramic
implants with drug and protein controlled delivery capability [133]; surface
modification with fibrin/hyaluronic acid hydrogel on solid freeform-based scaf-
folds followed by bone morphogenic protein-2 (BMP-2) loading to enhance bone
regeneration [134]; synergistic effects of the dual release of stromal cell-derived
factor-1 and BMP-2 from hydrogels on bone regeneration [135]; spatial control of
gene expression within a scaffold by localized inducer release [136]; bio-activation
via glycosaminoglycans as regulators for SC differentiation [137]; and biomimetic
properties of an injectable chitosan/nano-HA/collagen composite [138]. In vivo
studies demonstrated that chondrogenic differentiation of MSCs is induced by
collagen-based hydrogels [139].

So it is possible to individually control the release of several agents by bio-
material drug release systems. Nevertheless, the appropriate combination of bio-
active factors needed at different time points during tissue regeneration has still to
be studied in more detail. Furthermore, the therapeutic application of growth
factors can be accompanied by undesirable side effects due to the difficulty in
controlling the release in an appropriate dose-dependent manner. Bioactive factors
have been extensively investigated for their effects on angiogenesis, cell growth or
SC differentiation [140]. Both native and artificial receptor ligands, i.e., extra-
cellular nucleotides, are known to induce SC differentiation or growth, e.g., BMPs
and transforming growth factor-b used in bone and cartilage regeneration. BMPs
have been shown to recruit MSCs from bone marrow and periosteum to the site of
repair and to support proliferation and differentiation of these cells. Furthermore,
they have been shown to induce vascularization, bone formation, remodeling, and
marrow differentiation. In vitro studies have shown that in articular cartilage,
transforming growth factor- b (TGF-b) induces MSC differentiation to chondro-
cytes and promotes cell proliferation [72].

Wei and Ma studied poly(lactides)/apatite composite scaffolds prepared by a
biomimetic approach. The poly(lactide) scaffolds were prepared by conventional
phase separation in dioxane. Nanofibrous scaffolds were prepared by sugar tem-
plate leaching and phase separation in tetrahydrofuran. Nanosphere drug release

Table 1 Chemical bond forces, energies and corresponding adhesion forces

Bond forces Dipole
(Keesom
force)

Induction
(Debye
force)

Dispersion
(London
force)

Hydrogen Covalent Ionic Metallic

Energies
[kJ/mol]

\30 \10 \10 \50 60–800 600–1,000 100–800

Adhesion
[N/mm2]

&102 &102 &102 &102–103 &104–105 &104–105 &104–105
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systems are immobilized on nanofiber composites; invitro release kinetics of
rhBMP-7 from nanosphere-immobilized nanofibrous scaffolds were studied. Three
distinct release profiles were achieved from three different co-polymers (different
co-monomer ratios, or different molecular weights). New bone formation in
rhBMP-7 incorporated PLA nanofibrous scaffolds retrieved six weeks after sub-
cutaneous implantation in rats [117].

So-called ‘‘integrated biomimetic systems’’ combine conventional materials
and fabrication methods, respectively, with nanomaterials and nanotechnologies:
e.g., chitosan/hyaluronic acid composites [138], PLA/hyaluronic acid [102], and
calcium phosphate/polymer composites (Wagoner et al. 2009).

Biomimetic composite coating is performed to improve the functional perfor-
mance of rapid prototyped scaffolds for bone tissue engineering. Thus, rapid
prototyped poly(e-caprolactone)/tri-calcium phosphate (PCL/TCP) scaffolds were
fabricated using the screw extrusion system (SES). The fabricated PCL/TCP
scaffolds were coated with a carbonated hydroxyapatite–gelatin composite via
biomimetic co-precipitation. The cell–scaffold interaction was studied by culturing
porcine BMSCs on the scaffolds and assessing the proliferation and bone-related
gene and protein expression capabilities of the cells. Confocal laser microscopy
and scanning electron microscopy (SEM) images of the cell–scaffold constructs
showed a uniformly distributed cell sheet and accumulation of ECM in the interior
of carbonated hydroxyapatite–gelatin composite-coated PCL/TCP scaffolds. The
proliferation rate of BMSCs on gelatin composite–coated PCL/TCP scaffolds was
about 2.3 and 1.7 times higher than that on PCL/TCP scaffolds and gelatin-coated
PCL/TCP scaffolds, respectively, by day ten. Furthermore, reverse transcription
polymerase chain reaction and Western blot analysis revealed that gelatin
composite-coated PCL/TCP scaffolds stimulated osteogenic differentiation of
BMSCs [141].

The effect of surface-modified collagen on the adhesion, biocompatibility, and
differentiation of BMSCs has been studied in poly(lactides–co-glycolide)/chitosan
scaffolds. The scaffold containing type I collagen (640 lg/ml) had about 1.2 times
the cell adhesion efficiency of the corresponding unmodified scaffold. In addition,
the modification of type I collagen increased the cell viability about 1.3-fold and
the biodegradation 1.2-fold. The differentiation of BMSCs in PLGA/chitosan
scaffolds produced osteoblasts with mineral deposition on the substrate. Moreover,
the surface collagen promoted the formation of mineralized tissue and reduced the
amount of phenotypic BMSCs in the constructs [142].

Nanoscaled drug release systems incorporated into nanostructured biomaterials
represent a novel and promising strategy for tissue regeneration [104]. Biomaterials
used as matrices for controlled drug release include hyaluronic acid, acrylic acid,
dextran methacrylic acid, polyethylene glycol acrylate/methacrylate, and polyeth-
ylene glycol diacrylate/dimethacrylate [143]. BMP-2 loading to enhance bone
regeneration was studied using solid-freeform-based polymer scaffolds with fibrin
hyaluronic acid hydrogel-modified surfaces [134]. Novel dendron-like nanoparticles
have been investigated by Oliveira and colleagues, including in vivo studies of SC
differentiation into osteoblasts. Biodegradable dexamethasone-loaded dendron-like
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nanoparticles of carboxymethylchitosan/poly(amido amine) dendrimer have been
synthesized and used as intracellular drug delivery systems. Results proved a non-
cytotoxic in vitro behavior, supporting cell attachment and incorporation. In vivo
experiments using rats could demonstrate a good performance of dendron-like
nanoparticles for intracellular delivery of dexamethasone [114].

In addition, conventional surface coating can be performed via chemical and
physical vapour deposition (CVD, PVD) methods. CVD and PVD are well-known
technologies mainly used in the microelectronics industry to modify surfaces.
Werner and co-workers used ammonia plasma treatment and studied maleinic
acid-based co-polymer surfaces immobilized with amines. Plasma-immobilized
hydrogels of poly(N-alkylacrylamide)-g-poly(ethylene glycol) were prepared
using ammonia plasma treatment of poly(3-hydroxybutyrate). A platform of
thin polymer coatings was introduced for the functional modulation of immobi-
lized bioactive molecules at solid–liquid interfaces. The approach is based on
covalently attached alternating maleic acid anhydride copolymers with a variety of
co-monomers and extended through conversion of the anhydride moieties by
hydrolysis, reaction with functional amines, and other conversions of the anhy-
dride moieties. We demonstrated that these options permit control of the physi-
cochemical constraints for bioactive molecules immobilized at interfaces to
influence important performance characteristics of biofunctionalized materials
for medical devices and molecular diagnostics. Examples concern the impact of
the substrate-anchorage of fibronectin on the formation of cell–matrix adhesions,
the orientation of endothelial cells according to lateral anti-adhesive micropatterns
using grafted PEO, and the spacer-dependent activity of immobilized synthetic
thrombin inhibitors [144].

4.1.2 Modification of Surface Topography

Cellular behavior can be influenced and even dictated in a controlled manner by
topographically patterned surfaces [145]. Surface roughness at the micro- and even
nanoscale is known to influence biocompatibility of synthetic materials used for
tissue engineering applications. Furthermore, adhesion and alignment strongly
depends on micro- and nanotopographical features. Symmetry and regularity of
surface patterns (isotropic versus anisotropic grinding) causes differences in cell
responses. Conventional surface modification strategies can be divided into two
groups. The first one covers methods which changing surface chemistry and
topography: e.g., chemical adsorption, plasma treatment methods, and chemical
etching. The second group alters surface topography: mechanical roughening, the
so-called substrate templating methods (e.g., lithography), electro and vapour
deposition methods, and novel moulding processes [146]. In the last decade,
material surfaces used for tissue engineering applications have been micro- and
nanostructured during scaffold fabrication via solid freeform techniques, e.g., 3D
printing, 3D plotting [117, 147]. Rapid prototyping processes do show differences
in resolution and all are characterized by advantages and certain limitations.
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The highest resolutions can be realized via SLA (70–250 lm). However, SLA
requires appropriate liquid photopolymers that are still limited in availability,
whereas 3D printing is a rather fast process but characterized by weak bonding
between powder particles [122].

Surface patterning of novel polyesters to be used in bone tissue engineering is
realized via the 3D printing process [123]. Novel biocompatible polyacrylate-
based photopolymers have been synthesized for scaffold fabrication via stereoli-
thography [148]. Whitesides and co-workers first described the patterning of
proteins and cells using so-called soft lithography [149, 150]. Patterning via
electrospinning was used to study the role of nanostructured mesoporous silicon in
discriminating invitro calcification for electrospun scaffold composites [118].
Electrospun scaffold composites consisting of PCL/gelatine nanofiber have been
produced and micropatterned by femtosecond laser ablation for tissue engineering
applications [116].

The geometry and size of ECM structures do have significant effects on various
cell properties including attachment/adhesion, migration, and proliferation.
Differences in the height of nanotopographic features influence cell behavior through
secondary effects, such as alterations in the effective substrate stiffness [151].

Gerecht and co-workers could demonstrate that nanotopographic-structured
ECM alters the morphology and proliferation of human ESCs through cytoskel-
etal-mediated mechanisms. Poly(dimethylsiloxane) gratings with 600-nm features
and spacing have been designed that are able to induce ESC alignment and
elongation [152]. In addition, they could also show that nanotopographic features
altered the organization of various cytoskeletal components such as F-actin,
vimentin, c-tubulin, and a-tubulin. Changes in proliferation and morphology were
abolished by the effect of actin-disrupting agents. Furthermore, the influence of
nanotopographic features may be mediated through secondary effects such as
alterations in the effective stiffness perceived by the cell or differences in protein
adsorption caused by ECM nanotopographics.

Surface patterning via self-assembled composites. In addition to functionali-
zation via chemical reactions, solid substrates (scaffolds) can be covered by
ultrathin films, single monolayers or multilayers using different methods: (a) self-
assembling methods, (b) the co-called layer-by-layer (LbL) method, or (c) the
Langmuir–Blodgett (LB) technique. Both surface chemistry and topography can
be varied in a very controlled manner via film-coating [153, 154]. Whitesides and
colleagues have reviewed the application of so-called soft lithography in biology
and biochemistry using self-assembling processes [150].

Chen and co-workers studied a hybrid system consisting of a self-assembled
composite matrix in a hierarchical 3D scaffold to be used for bone tissue engi-
neering. The effects of the PCL-based hybrid scaffold on hMSC seeding efficiency,
proliferation, distribution, and differentiation were investigated. Porous PCL
meshes prepared by FDM were embedded in a matrix of hyaluronic acid, methylated
collagen, and terpolymer via polyelectrolyte complex coacervation. Studies showed
clearly that embedded scaffolds provided a higher cell seeding efficiency, a more
homogeneous cell distribution, and more osteogenically differentiated cells, verified
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by a more pronounced gene expression of the bone markers alkaline phosphatase,
osteocalcin, bone sialoprotein I, and bone sialoprotein II. In addition, dynamic
culture resulted in higher amounts of deoxyribonucleic acid (DNA) and
calcium. Embedding synergistically enhanced the calcium deposition of hMSC
[155]. Further studies recently reported include the design of novel 2D and 3D
biointerfaces using self-organization to control cell behavior [156], concave pit-
containing scaffold surfaces that improve SC-derived osteoblast performance and
lead to significant bone tissue formation [157], polymer thin films for biomedical
applications designed via nanotechnologies [158], and direct patterning of protein-
and cell-resistant polymeric monolayers and microstructures [159].

LbL technique using polyelectrolytes. Picart and co-workers studied new
methods for positioning and anchoring of biomolecules onto scaffold surfaces
using multiple functionalities of polyelectrolyte multilayer films [153]. The LbL
technique using polyelectrolytes was first described by Decher [160]. A variety of
depositing methods have since been developed for LbL formation including dip
coating, spin coating, and spraying. Entcheva and colleagues developed a new
dewetting method, which appears to be efficient, economical, and fast and could be
used to create unique adsorption topographies, including fractal networks and
aligned fibers [161]. For future use and industrial applications of LbL films, the
total time required for film preparation and the anchorage of the layer to the
underlying substrate are probably important constraints. Rapid methods such as
spraying are being further developed. In addition, anchorage to the underlying
substrate was improved, in particular for hydrophobic surfaces like poly(tetra-
fluoroethylene) and poly(ethylene), which often require priming methods.
Assembling polyelectrolyte multilayers and their effects on self-assembly of
particles in a so-called bottom-up approach is reported for polymers, particles,
nanoparticles, and carbon nanotubes [162]. In another approach, polyelectrolyte
multilayer films have been designed for vascular tissue engineering applications.
Human mesenchymal SC differentiation into endothelial-like cells could be
observed on surfaces coated with polyelectrolyte multilayer films [163].

LB technique. Beside the LbL method, mainly limited to polyelectrolytes, the
LB technique can be used to design mono- and multilayers as coating materials, as
illustrated in Fig. 4.

LB monolayers can be modified in a very controlled manner to obtain tailor-
made surfaces. The surface roughness is limited to a nanometer scale, depending
on the chemical structure of the monomers and polymers used for film formation.
Appropriate polymers for mono- and multilayer formation via LB thin film
technology are rigid rod-like polymers. Rigidity can be caused by different
structural reasons: rigid monomer units (e.g., aromatic rings in poly-
p-phenylenes), supramolecular structures (e.g., helical structures of polypeptides,
DNA, polyglutamates, cellulose derivatives) or specific packing resulting in rod-
like systems, e.g., phthalocyaninato poly(siloxanes). In Fig. 4b the regeneration of
cellulose ethers is illustrated. This reaction can be performed after film transfor-
mation directly on the scaffold (c). Part D in Fig. 4 illustrates the so-called reaction
zones for surface modification reactions. Thus, cell-attracting functionalities can
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be introduced as well as crosslinkable groups to introduce surface patterns via
lithographic processes [164]. Furthermore, bioactive factors and the corresponding
ligands, such as purinergic (P) ligands could be connected via non-covalent or
covalent bonds. LB films based on cellulose, PLA, and polypeptides have been
studied as well as films prepared from polyelectrolytes [165]. L-Carnitine is a
natural betaine with vitamin properties playing an essential role in fatty acid
metabolism. Polymer synthesis routes are designed to maintain the primary
structure and specific properties of carnitine, such as hydrophilicity and stiffening.
Poly(carnitine) co-polymers such as poly(croton betain) and poly(carnitine ally-
lester) have been synthesized that can be used for microemulsion and microcapsule

Fig. 4 Surface feature of scaffold. a Monolayer formation via LB technique including three
steps: (a) spreading of polymer solution; (b) compression to single monolayer; (c) film
transformation onto substrate. b Regeneration of cellulose LB-monolayer; c scaffold coated with
a LB-monolayer; d reaction zones of functionalized polymers within a multilayer system
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preparation [166]. Poly(carnitines) are not yet used in thin film technology;
however, these polycationic structures could be combined with polyanions
resulting in polyelectrolyte systems analogous to LbL films [163].

LB multilayers have been designed mainly to study surface processes such as
adhesion for sensor and membrane applications and integrated optics [167].
Lenhert and colleagues used LB lithography to pattern polystyrene surfaces and
investigate osteoblast alignment, elongation, and migration. This so-called
nanoimprinting enables the fabrication of nanostructured surface areas on a wide
spectrum of different biomaterials. For many biomaterial applications, relatively
large surface areas are required—they are beyond the limits of traditional
lithography. LB lithography, a recently developed method, was used to fabricate
regularly spaced grooves of different depths (50 and 150 nm) with a periodicity of
500 nm over several square centimeters on silicon surfaces. These topographies
were transferred onto polystyrene surfaces by means of nanoimprinting. Primary
osteoblasts were cultured on the patterned polymer surfaces, and were observed to
align, elongate, and migrate parallel to the grooves. Osteoblasts show a significant
anisotropic behavior on these surfaces, which can enhance cell settlement on the
surface or be used to direct tissue generation on the biomaterial interface [168].

4.2 MSCs on Artificial Surfaces

Artificial surfaces should be constructed to provide an environment mimicking the
ECM and the correct microenvironment for the SCs, similar to the postulated SC
niche [169], to construct an environment favorable for SC maintenance or dif-
ferentiation. To do so the first step is to understand this microenvironment, which
is not only very complex, but new data suggest that it seems to be different for
different kinds of SCs.

SCs have by definition the ability for self-renewal and differentiation towards
specific lineages. However the mechanism by which they regulate these two
characteristics is poorly understood. Two major hypotheses have been suggested.
In the asymmetrical system, the SC will divide and one daughter cell will remain a
SC, whereas the second cell will start to differentiate and leave the SC niche. The
question is, does this SC leave the niche and by doing so, due to the changed
microenvironment, start differentiating? Or does the SC start differentiation due to
the asymmetrical cleavage and then leave the niche? The second hypothesis is that
after an external trigger, presumably from within the SC niche, the SC will start
proliferating and thus lose the SC characteristics. Both daughter cells will leave the
SC niche which ultimately leads to a depletion of the SC pool. Which of these
hypotheses is true cannot yet be decided. There is data supporting both of them and
it is not unlikely that both systems exist, depending on the SC type. What is
already clear is that the microenvironment plays a key role in this event.
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In the following, the major components characterizing the SC microenvironment
are discussed to provide an overview of the subject, focusing on the SC niche of adult
SCs within the human body.

4.2.1 The SC Microenvironment or the SC Niche

Mechanical and Physicochemical Factors of the SC Microenvironment

The SC niche is the microenvironment which physically surrounds the SCs within
a given tissue and actively influences SC fate either to promote self-renewal and
the maintenance of the SC character or to promote the differentiation needed for
tissue repair or regeneration. Mechanical and physicochemical factors positively
or negatively regulate SC responses within the niche.

Mechanical triggers are derived from the ECM components, which form the
local structural geometry and topography. The elasticity of matrices constructed to
mimic the softness or rigidity of different tissues has been shown to directly
influence the differentiation of SCs into specific lineages in vitro [170–172]. The
mechanotransduction can also influence the SC shape via a physical control. This
effect seems to be activated by the adhesive interactions between the cell and its
substrate [151]. Cell shape, cytoskeletal tension, and the small GTPase RhoA
regulate SC lineage commitment [173]. Effects of the material on the cell response
are also dependent on the stage of cell commitment. It has been shown that more
differentiated cells are also more responsive to a model cell adhesion ligand [174].

Physicochemical factors such as pH, oxygen tension, and ionic strength also
regulate the fate of adult SCs. (see Fig. 5 for an overview). The pH is known to be
a modulator of cell proliferation. A reduced pH (7.1 instead of 7.6) increased the
cloning efficiency of progenitor cells and a pH between 7.2 and 7.4 was optimal for
their differentiation, at least in vitro [175]. Low oxygen concentration maintained
the cells in their undifferentiated and multipotent state [176]. The Ca2+content of
the niche seems to influence the favored localization of adult mammalian hema-
topoiesis in bone [177].

As well as the mechanical and physicochemical nature of the microenviron-
ment, cell–cell interactions between SCs, exchanges between SCs and neighboring
differentiated cells, and interactions between SCs and adhesion molecules
characterize the SC niche.

Cell–Cell and Cell–ECM Interactions

The interaction of SCs with their particular microenvironment is thought to be
responsible for SCs’ fate, maintaining their potential and quiescent state and the
regulation of their specific differentiation properties. This is achieved next to the
solid-state signals (see Sect. 4.2.1) of cell–ECM interactions through a complex
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system of paracrine signals via growth factors and cytokines as well as through
autocrine neighboring cell–SC and SC–SC interactions.

A typical example of cell–ECM interactions is the action via the transmem-
brane adhesion receptor family of the integrins bound to insoluble ECM proteins.
However, the ligand-activated induction of these transmembrane receptors is not
the only effect of the integrins. There is also a structural component via tractional
forces, which leads to a rearrangement of the actin and thus a cell shape change,
which both together influence proliferation [178]. Other pathways with a similar
effect involve TGF-b, tension-induced proteins (TIPs), and non-muscle myosin, all
ultimately influencing SC shape and fate (see Fig. 5 for an overview) [179, 180].

The soluble factors can be classified into those which act on a more general
basis and those which have a more specific effect, but both will ultimately
determine SC behavior. Several chemicals seem to be more universal differenti-
ation-inducing factors. A typical example is retinoic acid (RA), which can change
the differentiation status of the epidermis [181] and also induce differentiation in
neuronal and hematopoietic cells [182, 183]. Another molecule group very broadly
affecting SCs is the purine derivatives. ATP itself is not only an energy source, it is

Fig. 5 SCs and their natural microenvironment. SCs are affected by their microenvironment
which is defined by ECM properties such as elasticity and geometry, molecules which connect to
the ECM, for instance TGF-b, TIPs, integrins, and transient receptor potential (TRP) which can
regulate cytoskeleton tension, successively followed by gene expression and focal adhesion
though the activation of a series of mechanical transduction events. Various soluble factors such
as extracellular nucleotide, growth factors, and cytokines also influence SC fate. Mechanical
forces such as shear stress and blood pressure influence SC proliferation and differentiation from
the media side of the niche as well as chemical and physical factors like pH or oxygen
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also a substrate in signal transduction pathways, and a major factor in the SC niche
for self-renewal [184] and survival under ischemic stress by maintaining the
multipotency of MSCs [185]. Cyclic adenosine monophosphate (cAMP) can
induce differentiation in epidermal and neuronal cells similarly to RA, and com-
bined with cytokines, cAMP seem to improve viability and function of hemato-
poietic cells [186]. ATP and UTP, as well as their breakdown products, signal
through a family of so-called P receptors, which is composed of four P1 and 15 P2
receptors. Recently it has been shown that the P2 receptors in particular play a
major role in MSC proliferation and differentiation into the adipogenic and oste-
ogenic lineages [187]. Exploring this receptor family can also be expected to shed
more light on the known effect of calcium ions within the SC microenvironment,
since the subfamily of P2X receptors are ligand-gated ion channels as well [188].
To round off the story, it should be mentioned that they also are a source of
cytokine secretion (see Fig. 5).

Cell–cell interactions seem to be fundamental for differentiation control.
An example is Notch signaling, which has been described to influence asymmetric
cell division [189]. The interactions between SCs and neighboring cells are best
understood for the bone marrow-located niche of the HSCs. An overview of
the cells contributing to the maintenance of a functional HSC niche, which
are composed of sinusoidal endothelial cells, macrophages, perivascular MSCs,
sympathetic nerve fibers, and of course the cells of the osteoblastic lineage
regulating the behavioral control of HSCs, is given in the review of Ehninger and
Trumpp [190]. The network of cytokine interactions and enzymes yielding
the particular response of these SCs is summarized in the review of Visigalli
and Biffi [191]. Another fairly well characterized niche is the hair follicle.
Wnt/b-catenin is required for follicle SC maintenance and b-catenin activation is
crucial for inducing quiescent follicle SCs to proliferate and terminally differen-
tiate along the hair cell lineage [192].

For other SC niches, various components have been described [179], but the
overall picture is as yet unclear. It is clear that several cytokines such as
interleukin 11 (IL-11) in the HSCs’ fate are another group of key players in SCs’
fate. Another example is IL-6, which triggers the maintenance of human limbal
epithelial cells in a progenitor-like state [193]. However, knowing the components
is not enough. The local concentration might cause a threshold-based reaction and
the soluble factors interact with the solid-state signals. Much work must be
devoted in the future to elucidating in more detail the concerted action of the
multiple temporal and spatial factors, which often cause the SCs to react in a
synergistic way with a specific cell fate response that ultimately leads SCs to
organize into tissues which organize into organs. Microscale engineering strategies
for systematically examining and reconstructing individual niche components
might be a way to shed more light on the complex composition of the SC
microenvironment [194]. There is no doubt that synthetic SC niche engineering
may form a new foundation for regenerative therapies.

Artificial Scaffolds and Mesenchymal Stem Cells for Hard Tissues 179



4.2.2 SCs on Artificial Surfaces Mimicking the SC Microenvironment

Cells, including SCs, seem to have a robust intrinsically determined set of cell
fates. They can be quiescent or proliferative, they can differentiate or die, but the
choices are very selective. Waddington’s epigenetic landscape has been an
accepted model for this since 1956 [195]. It describes a landscape of valleys and
hills and a marble (the cell) which ultimately rolls downhill and the only choice is
through which valley, meaning which lineage-specific differentiation pathway or
other fate the cell can have. This model was greatly challenged when Yamanaka
introduced his iPS cells [27]. This would show cells rolling up-hill in Wadding-
ton’s landscape, a reaction which was thought it be impossible. The question now
arises whether the model is wrong or whether it can be altered. An revised model
has been suggested by Huang and Ingber [196]. It reminds the authors of Einstein’s
space-time bending where gravity effects are often pictured as dents in a layer and
the deepness of the dent is dependent on the size of the star or planet. This model
seems to be a good new representation of (stem) cell fate with the dents being
proliferation, differentiation or apoptosis. The lack of a down-hill feature as in the
Waddington model also allows the explanation of reprogramming processes as in
iPS, but the limited number of possible fates (number of dents) is preserved by this
picture, too. It also allows an explanation of the hotly discussed topic of whether a
SC can differentiate invitro into lineages which in nature would not be an expected
fate of this specific SC, a feature which is called transdifferentiation. This means
the differentiation of a SC which should be lineage-committed to the cells of a
specific germinal layer (ectoderm, endoderm or mesoderm), but can be differen-
tiated into one of the other two layers.

SCs’ fate can be affected by ECM properties. Therefore an artificial surface
cannot only be used to systematically examine and reconstruct individual niche
components for a better understanding, as already discussed in the paragraph
above [194], it could also be altered to trigger the SCs into a fate which was not
planned for this SC in nature. There is increased scientific effort to use artificial
surfaces to influence the biological system [189, 197]. One focus is the use of
bioactive native or artificial ligands which influence the fate of SCs bound or
loosely integrated into the matrix, because these factors are known to be key
players in the SC niche (see Sect. 4.2.1). Another focus of research to influence
SCs’ fate on artificial scaffolds is the nanostructure of the surface [198]. It has been
shown that the surface structure directly influences the lineage-specific differen-
tiation of SCs, but the thinness of the matrix can also trigger the differentiation
process. The tension caused by size variations and physical deformation within the
matrix influencing cell shape and cell distortion seems to be a dominant control
element to guide cell fate. Naive MSCs have been shown to commit to phenotypes
with high sensitivity to tissue-level elasticity. Soft matrices mimicking brain are
neurogenic, stiffer matrices mimicking muscle are myogenic, and rather rigid
matrices mimicking collagenous bone have been proven to trigger the osteogenic
lineage commitment (see Fig. 5) [170].
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In general, an artificial substrate should provide an environment similar to the
ECM and the SC niche [94, 199, 200]. Three-dimensional culture systems, which
generally induce a more rounded, spheroidal cell morphology in comparison to
standard 2D culture systems, are by themselves already influencing SC fate [151],
and it is the beauty of the system that even our very limited understanding of the
SC microenvironment already leads to reasonable results due to the intrinsic set of
possible SC fates. Nevertheless that should not obviate further efforts towards a
better understanding of the SC and its fate within its natural or artificial micro-
environment, for a future use of the system in regenerative medicine.

5 Scaffold–Cell Interaction in Hard Tissue Engineering

5.1 MSCs on Scaffolds for Bone Defects

Bone defects must be divided into small bone defects and critical-size defects
(CSD) of the bone that will not heal during the lifetime of an animal, when used in
the preclinical field of orthopedic and trauma surgery. CSD need cells and scaffold
material to bridge the gap. These bone substitutes must be evaluated for their
biocompatibility and preferably they should also allow osteoinductivity and
osteoconductivity. To achieve this, the cell type (SCs or differentiated cells) and
the physicochemical and mechanical factors of the SC environment must be
considered.

An overview of the SCs used to generate the major cells of a bone tissue,
namely osteoblasts, osteoclasts, and chondrocytes, can be found in zur Nieden’s
publication [201]. But the cell type alone does not give the full story. Osteoin-
ductivity and osteoconductivity must match the state of the respective cell with
which the scaffold is loaded, because a SC or a differentiating cell will react
differently to an inducing signal. Hsiong and colleagues showed that SCs were less
sensitive in their uncommitted state to a model cell adhesion ligand (arginine-
glycine-aspartic acid [RGD]-containing peptide) presented from hydrogels of
varying stiffness than cells differentiated into the osteoblast lineage [174].

Several mechanical factors and chemicals such as oxygen or calcium, with or
without additional enzymes, are known to be key players in influencing SC fate
towards osteogenesis. The regulation of osteogenesis and chondrogenesis during
skeletogenesis in regulating limb development and regenerative events such as
fracture repair are dependent on mechanical signals influencing MSCs [202].
The effect of matrix stiffness on osteo-differentiation already mentioned (see
Sect. 4.2.1) often shows an additive or even synergistic effect with soluble factors.
The effect of matrix stiffness on the differentiation of MSCs in response to TGF-b
can promote MSC differentiation into either smooth muscle cells (SMCs) or
chondrogenic cells [203]. The small GTPase RhoA and its effector protein
ROCKII regulate fluid-flow-induced osteogenic differentiation via isometric
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tension within the actin cytoskeleton, simultaneously being negative regulators of
both adipogenic and chondrogenic differentiation [204]. Low oxygen throughout
the cultivation time of mesenchymal progenitor cells elevates culture markers for
osteogenesis, including alkaline phosphatase activity, calcium content, and von
Kossa staining [205]. Local Ca2+concentration influences cell morphology through
the cell–cell or cell–matrix interactions of osteoblasts, thus affecting osteogenic
differentiation while not influencing proliferation [206]. Calcium and purine
derivates can also directly influence the lineage commitment of MSCs to the
adipo- or osteogenic lineages via P receptors. Several specific P2 receptors are
involved in this process. P2Y5 and P2Y14 influence proliferation of MSCs, and
P2X6 up- or down-regulation is plays a key role in the lineage commitment of SCs
between the adipogenic or osteogenic lineages, respectively [187].

Another unsolved problem of large bone defects is the necessity of angiogen-
esis. MSCs have been shown to differentiate in vitro not only into the osteogenic
lineages and others, but also into endothelial cells, which are the fundamental cells
for angiogenesis. Although the sprouting of endothelial cells to form new vessels
has already been demonstrated [207], and although the size of the interconnecting
pores needed within the scaffold for the vessel is known as well as major inducing
factors such as vascular endothelial growth factor (VEGF), this final step towards
an artificial scaffold for large bone defects needs more basic research efforts before
a breakthrough achievement permits clinical trials with such an approach. Until
now the sprouting new vessels are too small and the inducing factors have severe
side effects such as an increase in carcinogenesis.

5.2 MSCs for Dental Tissues

Several different problems must be faced in dentistry and efforts are being made to
create new solutions for old problems on the basis of SCs used for regenerative
approaches. One major problem is the tooth decay formerly known as dental
caries. Here replacement of the enamel with or without dentine would be bene-
ficial. Even the re-growth of full teeth is already being considered and researched.
The second problem is periodontitis, which represents a major health problem
worldwide. Periodontal defects primarily evolve as a consequence of inflammation
and do not heal spontaneously. Root cementum is the major hard tissue which
must be considered if this problem is to be addressed. Last but not least, tooth loss
due to tooth decay or periodontitis creates a need for bone reconstruction and
implant stabilization. Taken together, dental materials contain all calcified tissues
of the body: enamel and dentine within the teeth and root cementum and alveolar
bone in the periodontium. For an overview of tooth organogenesis and regenera-
tion see Thesleff and Tummers [208].

Considerable efforts have been made to identify SCs in dental tissues
(e.g., SCAPs, see ‘‘MSCs and Ectomesenchymal SCs’’ and [82]. However, the
availability of dental SCs is limited as it is restricted to specific time points. SCs
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derived from the tooth buds of wisdom teeth are such a source. These cells are a
specific type of MSCs, the ectomesenchymal SCs. They are already more com-
mitted towards hard tissues since they develop from oral ectoderm and neural
crest-derived mesenchyme and form the periodontium during tooth development.
SCs from dental pulp, the dental papilla, and apical papilla progenitor cells are
another widely used source of SCs with a fairly good differentiation potential (see
[209] for a review). Thus, the tooth seems to have several different SCs with
various lineage potentials, but the limited availability nevertheless makes MSCs a
promising source [210], because they are easily accessible at nearly all times and
capable of differentiating into calcified tissue-forming cells.

Adipose tissue-derived SCs have been used in vitro to differentiate into a 3D
dental bud structure. The cells were positive for ameloblastic and odontoblastic
markers after four weeks [211]. Thetooth-specific hard tissues, enamel and dentin,
are secreted by ameloblasts and odontoblasts, respectively. However, the bud is
only the first step in tooth development, followed by the cap and bell stages, and
after the crown is complete, root formation must be initiated. Thus, there is a long
way to go before a new tooth can be grown and transplanted. Light might be shed
on the basics for the development by considering the epithelial SC niche existing
for continuously growing teeth such as in rodents, where epithelial SCs are
maintained in a cervical loop.

For defects caused by peritonitis, other difficulties must be faced. The perio-
dontium is a tissue surrounding and supporting the tooth. It is composed of
alveolar bone, which is bordered on the upper part by the connective tissue of the
gums ( the gingiva). In the lower part of the tooth, the connection of the tooth root
to the alveolar bone is via periodontal ligament and cementum. Defects in the
periodontium are therefore easily overgrown by fibroblast from the gingiva.
Collagen-based tissues can be attached to the tooth to prevent this ingrowth and
give the SCs time to fill in the gap by differentiating into the lost tissue type.
It would be beneficial to load the scaffold with bioactive molecules such as ligand
for specific P receptors to accelerate the differentiation of the ectomesenchymal
SCs [187]. Furthermore, materials for a site-specific differentiation of MSCs
within the same defect in two different lineages, such as the osteogenic and
cementogenic lineages, to form the periodontium would be favorable.

After tooth loss, the alveolar bone is quickly reduced in material due to the
lower mechanical forces on the bone. If an implant is not set in time, replacement
material for the bone is needed to stabilize the artificial tooth. For this, bone
material can be taken from the hip, but severe side effects such as infection risk,
additional pain, and reduced motility have to be considered. Artificial material
such as HA and others are an alternative, as are MSCs differentiated into bone
(see Sect. 5.1). If the bone itself is strong enough, there is still the question of
stabilizing the implant. For this, bone chips, a waste product derived from drilling
the hole into the bone for the implant, can be used. This material is discussed
widely among dentists, because it is in contact with the bacteria from the oral
cavity during the drilling process and it was unclear until recently whether this
material contains living cells. New data shows that this is indeed the case: the bone
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chips contain not only living cells, but bone precursor cells and SCs depending
from where in the alveolar bone the material is taken (Tobiasch, unpublished).
In addition, pre-treatment of the patient with antibiotics, as is common anyway,
reduces the contamination of the material to levels found in other tissues as well.
Thus, this material is a good and autologous source for stem and precursor cells to
stabilize implants without additional surgical interventions.

Even modern approaches such as guided tissue regeneration, bioactive proteins
alone or loaded on scaffolds, and replacement materials with or without cells, are
only moderately successful. Depending on which of the questions given above
should be addressed, specific lineage-committed SCs and innovative scaffolds
must be developed, in addition considering clinical handling and surgical proce-
dures for an implementation in clinical periodontology and dental surgery in the
future.

6 Future Developments

Great hopes have arisen in the last couple of years for SC-derived new therapies
for various diseases of genetic or degenerative or even infectious origin. The
question is whether this hype has an underlying hope and what can be expected in
the future.

The authors are reminded of a comparable hype 20 years ago: gene therapy.
There, a similar excitement suddenly vanished when the death of a patient, Jesse
Gelsinger, in a clinical trial caused the cessation of clinical trials worldwide,
followed by a huge general decline in interest and therefore also in money for
scientific research in this field. What was the cause? Big promises had been made
that this technique could, for the first time, lead not only to the treatment of genetic
diseases but also their cure. This statement, although true in general, was followed
by enormous excitement and hope in the population, which led to more money for
this research, but also to more pressure for fast results. But results cannot be forced
in science and the delay in positive outcomes of trials ultimately led to a disap-
pointment. A similar story can be seen at present in SC research. A lot of effort and
money is spent and the population expects visible effects soon. More than 3,000
clinical trials, mainly in phase I or II, are being performed at the moment for the
use of SCs to treat various diseases. Most of them are for cancer ([2,500) but all
kinds of illnesses such as cardiovascular diseases, diabetes, stroke, multiple
sclerosis, amyotrophic lateral sclerosis (ALS), and others are addressed as well.
In general, they mostly show a clinical improvement, often with an early onset of
positive progress, but more often than not these positive results are only short-term
and even when they lead to a prolongation of life they do not show the long-term
effects which scientists have been hoping for. A closer look at the effects reveals
that the SCs mainly have a diffuse stimulatory effect on the neighboring cells,
whose underlying mechanism(s) cannot be pinpointed exactly at the moment.
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Other effects are due to the use of SCs as a vehicle for gene transfer and other
outcomes seem to be due to immunomodulatory mechanisms.

Thus, surprisingly few data support the theory that SCs back up to repair the
damaged tissue in this approaches, although this is the typical characteristic and
theory of the mechanism of action of adult SCs in vivo. Obviously, there is still a
lack of knowledge of how to treat and stimulate differentiation of SCs in vitro to
achieve the desired effect in tissue or organ regeneration. Nevertheless, good
results can already be achieved in some approaches and these are, as well as the
hematopoietic SC transplantation mentioned above, the use of SCs in less complex
tissues such as hard tissues for bone or dental replacements. Small bone defects
such as the osseointegration of implants can already be treated with reasonably
good results and the next successful step can be expected to be the treatment
of large bone defects, once the regulation of angiogenesis has been solved by
supportive scaffolds allowing the in-growth of vessels and the regulated replace-
ment of the artificial material or the long-term integration of the tissue replacement
into the natural bone.

It could be the missing or incorrect microenvironment, mimicking the SC niche
in vitro, which is the cause of the shortfall in SC-derived therapies for more
complex tissues or even organs.The use of scaffolds might therefore be the solution
for this problem in the future. However, fundamental questions have first to be
answered: how does the structure of hMSCs control the interfacial cell–scaffold
architecture and how might this be influenced by the scaffold manufacturing
process? For this, model interfaces on the nanometer scale have to be created to
understand the processes at the cell–scaffold interface in detail and finally develop
approaches for quantitative control.
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Bioactive Glass-Based Scaffolds for Bone
Tissue Engineering

Julia Will, Lutz-Christian Gerhardt and Aldo R. Boccaccini

Abstract Originally developed to fill and restore bone defects, bioactive glasses
are currently also being intensively investigated for bone tissue engineering
applications. In this chapter, we review and discuss current knowledge on porous
bone tissue engineering scaffolds made from bioactive silicate glasses. A brief
historical review and the fundamental requirements in the field of bone tissue
engineering scaffolds will be presented, followed by a detailed overview of recent
developments in bioactive glass-based scaffolds. In addition, the effects of ionic
dissolution products of bioactive glasses on osteogenesis and angiogenic properties
of scaffolds are briefly addressed. Finally, promising areas of future research and
requirements for the advancement of the field are highlighted and discussed.
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1 Introduction

Tissue engineering (TE) and regenerative medicine aim to restore diseased or
damaged tissue using combinations of functional cells, bioactive molecules and
biodegradable scaffolds made from engineered biomaterials [1, 2]. Some of the
most promising biomaterials for application in bone TE are bioceramics such as
hydroxyapatite (HA), calcium phosphates, bioactive silicate glasses and related
composite materials combining bioactive inorganic materials with biodegradable
polymers [3, 4]. Bioactive inorganic materials are capable of reacting with
physiological fluids to form strong bonds to bone through the formation of bone-
like hydroxyapatite layers, leading to effective biological interaction and fixation
of bone tissue with the implanted material surface [5, 6]. Moreover, in the case of
silicate bioactive glasses, such as 45S5 Bioglass� [5], reactions on the material
surface induce the release and exchange of critical concentrations of soluble Si,
Ca, P and Na ions, which can lead to favorable intracellular and extracellular
responses promoting rapid bone formation [7–11].

In 1971, Hench and colleagues discovered that rat bone can bond chemically to
certain silicate-based glass compositions [12]. This group of glasses was later
termed ‘‘bioactive’’, meaning ‘‘a material that elicits a specific biological response
at the material surface which results in the formation of a bond between the tissues
and the materials’’ [5, 13]. Hench [13] has published the history of the develop-
ment of bioactive glass (BG), focusing on the breakthrough discovery of the
classical 45S5 Bioglass� composition. This oldest BG composition consists of a
silicate network (45 wt% SiO2) incorporating 24.5 wt% Na2O, 24.5 wt% CaO and
6 wt% P2O5. The high amounts of Na2O and CaO, as well as the relatively high
CaO/P2O5 ratio, make the glass surface highly reactive in physiological environ-
ments [5]. A schematic diagram showing the series of events that occur on the
surface of BG in contact with a biological environment, as proposed in the liter-
ature [5], is presented in Fig. 1.

Other bioactive glass compositions developed over the years have additional
elements incorporated in the silicate network, such as fluorine [14], magnesium
[15, 16], strontium [17–19], iron [20], silver [21–24], boron [25–28], potassium
[29], or zinc [30, 31]. The biological response to the different ion dissolution
products released from BG has recently been reviewed by Hoppe et al. [9].

The typical characteristic of all bioactive glasses, which are usually fabricated
by melting or sol–gel methods (see Sect. 3), is the ability to form a strong bond to
bone and in some cases soft tissues [32, 33]. It is now widely accepted that for
establishing a bond with bone, a biologically active apatite surface layer must form
at the material/bone interface [1, 5, 12, 34–36]. Early clinical applications of
bioactive glasses were in the form of solid pieces for small bone replacement,
e.g. in middle ear surgery [1, 5, 13]. Later, other clinical applications of bioactive
glasses were proposed, for example as coatings on metallic orthopedic implants or
in periodontology [5, 13, 32].
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Since the late 1990s and the beginning of the new millennium, great
potential has been attributed to the application of bioactive glasses in TE and
regenerative medicine [1, 7, 9, 13, 34–39]. The application involves both
micron-sized and nanoscale bioactive glass particles of different compositions
[24, 40, 41] as well as the fabrication of composite materials which are
developed by combining biodegradable polymers and bioactive glass particles
or fibres [34, 42–47].

Based on the attractive osteogenic and angiogenic properties of bioactive
glasses, bone TE is one of the most exciting future clinical applications of these
materials. Both micron-sized and nanoscale particles [40, 43] are considered in this
application field. Bioactive silicate glasses exhibit three major advantages for bone
TE applications over other conventional non-degradable (insoluble) bioceramics
such as TiO2, Al2O3, ZrO2, or sintered hydroxyapatite (Fig. 2). Firstly, chemical
reactions on the material surface lead to a strong bond to bone by means of a
hydroxyl carbonate apatite (HCA) layer [5]. Secondly, ion release and dissolution
products from the bioactive glass activate and up-regulate gene expression in
osteoprogenitor cells that give rise to rapid bone regeneration, which explains the
higher rate of bone formation in comparison to other inorganic ceramics such as
hydroxyapatite [7, 9–11, 13, 48]. Thirdly, recent studies (reviewed in Ref. [49])
have demonstrated angiogenic effects of 45S5 Bioglass�, i.e., increased secretion
of vascular endothelial growth factor (VEGF) and VEGF gene expression in
fibroblasts, the proliferation of endothelial cells and formation of endothelial
tubules in vitro, as well as enhancement of vascularization in vivo [49–53].
Figure 2 summarizes schematically these three effects of bioactive glasses in the
context of tissue engineering.

Surface of bioactive glass
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Fig. 1 Sequence of interfacial reactions involved in forming a bond between bone and a
bioactive glass (modified from Ref. [5])
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In addition, the incorporation of particular ions into the silicate network, such as
silver [21–23] and boron [27, 28], has been investigated in order to develop
antibacterial and antimicrobial materials. Bioactive glasses can also serve as
carriers for the local delivery of selected ions and drugs to control specific cell
functions [9, 31, 54–60]. For example, mesoporous BG microspheres have dem-
onstrated enhanced haemostatic activity, as well as reduced clot detection times
and increased coagulation rates compared to nonporous microspheres [61].

Bioactive glasses belong to the group of Class A bioactive materials which are
characterized by both osteoconduction (i.e., growth of bone at the implant surface)
and osteoinduction (i.e., activation and recruitment of osteoprogenitor cells by the
material itself stimulating bone growth on the surface of the material) [5, 60, 62].
Differences between Class A and B bioactive materials are discussed elsewhere
[5, 13, 62]. As indicated above, the range of bioactive glasses exhibiting these
attractive properties has been extended over the years, in terms of both chemical
composition and morphology, as new preparation methods have become available.
A recent review summarizes these latest developments [60]. At this point, for
completeness, it has to be mentioned that an early significant modification of
bioactive silicate glasses was the development of apatite/wollastonite (A/W)
bioactive glass–ceramics [63, 64]. A recent review summarizing research on
Ca–Si-based ceramics is available [65].

The present chapter covers specifically the field of bioactive glass-derived
scaffolds for bone TE. In Sect. 2, the essential requirements for bone TE
scaffolds are highlighted. Section 3 covers fabrication technologies of bioactive
glasses. Sections 4 and 5 summarize the latest developments of bioactive glass–
ceramic and BG-containing composite scaffolds, respectively, including an
overview of both materials science aspects and in vitro/in vivo studies.
Section 6 discusses the angiogenic properties of BG. Finally, in Sect. 7,
remaining challenges in the field are discussed, and areas where further
research is needed are identified.

Fig. 2 Schematic representation of the main effects of bioactive glasses in the context of bone
tissue engineering
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2 Scaffold Requirements

The success of a bone tissue scaffold is determined by its ability to stimulate and
aid in both the onset and completion of bone regeneration. Thus, the most
important function of a bone TE scaffold is its role as a template that allows cells
to attach, proliferate, differentiate and organize into normal, healthy bone as the
scaffold degrades. Figure 3 illustrates the most important factors involved in the
design of TE scaffolds and their interdependencies, according to Guarino et al. [3].
Depending on the final application, scaffold requirements include matching the
structural and mechanical properties with those of the recipient tissue and opti-
mization of the microenvironment to support cell integration, adhesion and
growth, issues that have become known as structural and surface compatibility of
biomaterials [66].

Considering the complexity of the TE task, scaffolds are subjected to many
interrelated biological and structural requirements which must be taken into
consideration when selecting a suitable biomaterial, fabrication procedure and
final scaffold structure and surface condition. Firstly, scaffolds need to promote
cell attachment, differentiation and proliferation, which are cell functions highly
dependent on substrate material properties. For bone engineering, scaffolds should
be osteoconductive, which is important not only to avoid the formation of
encapsulating tissue but also to induce a strong bond between the scaffold and host
bone [3, 4, 34]. The rate of biodegradation in vivo is another criterion for selection
of biomaterials for fabricating scaffolds. The scaffold degradation rate must be
tailored to match the rate of regeneration of new tissue. Further requirements are
related to the scaffold architecture. An ideal bone tissue scaffold should possess
interconnected porosity, i.e., it should be highly permeable with porosity and pore

Fig. 3 Schematic diagram of key factors involved in the design of optimal scaffolds for bone
tissue engineering (modified from Ref. [3])
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diameters in a wide range (e.g., 10–500 lm) for cell seeding, tissue ingrowth and
vascularization, as well as for nutrient delivery and cellular waste removal [3, 4,
34, 67, 68]. A particular design criterion is the mimicry and implementation of the
hierarchical porosity of cancellous bone tissue, which is an important factor for
effective scaffold vascularization and for bone ingrowth [69]. Microporosity
(&2–10, \50 lm) is essential for immediate protein and cell adhesion, cell
migration and osteointegration [15, 67, 69, 70]. Higher pore sizes ([300 lm) are
required for enhanced new bone formation, larger bone ingrowth and the forma-
tion of vascular capillaries. Because of vascularization, pore size has been shown
to affect the progression of osteogenesis. Small pores favor hypoxic conditions and
induce osteochondral formation before osteogenesis, while large pores that are
well-vascularized lead to direct osteogenesis (without preceding cartilage forma-
tion) [67]. However, higher scaffold porosity results in reduced mechanical
properties. Therefore, the design of the scaffold pore structure must consider the
need for an optimal porosity enabling sufficiently high permeability for waste
removal and nutrient supply and the required stiffness and strength to sustain the
loads transferred to the scaffold from the surrounding tissue [71]. Finally, it should
be possible to fabricate scaffolds in complex or irregular shapes in order to match
specific defect morphologies in bone. In addition, the material of the scaffold
should be suitable for sterilization by clinically approved methods and the scaffold
technology should be advantageous for commercialization, i.e., the scaffold pro-
duction must be scalable and cost-effective.

3 Bioactive Glass Processing

Bioactive glasses can be fabricated using two different methods: the traditional
melt-derived approach and the sol–gel process. Each technique yields different
structures and properties.

In the melting process conventional glass technology is used [5]. The glass
components in the form of grains of oxides or carbonates are mixed and then
melted and homogenized at high temperatures, i.e., 1250–1400 �C. The molten
glass is then cast into steel or graphite molds to make bulk implants by subsequent
grinding or polishing. If bioactive glass powder is required (e.g., for treatment of
periodontal lesion or for fabricating scaffolds by sintering), it is made by pouring
the molten glass into a liquid medium, such as water, thus fracturing the frozen
glass into small fragments (quenching). Subsequent grinding and size separation
steps are necessary to achieve powders with specific size ranges. However, there
may be some disadvantages of these conventional glass-derived methods for
bioactive glasses.

For example, it might be difficult to maintain the very high purity required for
optimal bioactivity due to the high melting temperatures and the process steps of
grinding and polishing. The melting method is limited by the evaporation of the
volatile component P2O5 during high-temperature processing. This is due to
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the extremely high equilibrium liquidus temperature of SiO2, (1713 �C), and the
extremely high viscosity of silicate melts with high SiO2 content. The processing
costs are considerable, due to the energy costs and use of platinum crucibles.

Melt-derived bioactive glasses have been used successfully as bone-filling
materials in orthopedic and dental surgery but their poor mechanical strength and
low toughness limit their application in load-bearing positions. However, one
method suggested to improve the mechanical strength of these bioactive glasses is
their transformation into glass–ceramics [72]. Glass–ceramics are partially crys-
tallized glasses produced by heating the parent bioactive melt-derived glass powder
above its crystallization temperature, usually at about 610–630 �C [73, 74].
Sintering of glass powder is one way to fabricate glass–ceramic scaffolds. During
the occurrence of crystallization and densification, the microstructure of the parent
glass shrinks, porosity is reduced and the solid structure gains mechanical strength
with increasing crystallization [62].

Low-temperature sol–gel processing offers an alternative to the conventional
glass and melting process [75]. This process involves the synthesis of an inorganic
network by mixing the metal alkoxides in solution, followed by hydrolysis,
gelation, and low-temperature firing to produce a glass. The sol–gel processing of
a silicate glass involves hydrolysis of alkoxide precursors, such as tetraethylor-
thosilicate (TEOS), to form a colloidal solution (sol). Polycondensation of silanol
(Si–OH) groups continues after hydrolysis is complete, beginning the formation of
the silicate (–Si–O–Si–) network [76]. As the network connectivity increases,
viscosity increases and a gel is formed. The gel is then subjected to controlled
thermal processes of aging to strengthen the gel, drying to remove the liquid
byproduct of the polycondensation reaction and thermal stabilization/sintering to
remove organic species from the surface of the material [77]. After these thermal
treatments, the sol–gel powder is derived via crushing and milling. Inherent in this
process is the ability to modify the network structure through controlled hydrolysis
and polycondensation reactions. Structural variation can thus be obtained without
compositional changes. Because the glasses can be prepared from gels by heat
treatment at relatively low temperatures (600–700 �C), most of the disadvantages
of high-temperature processing can be eliminated with much higher control over
purity. Also, sol–gel processing offers the potential advantages of ease of powder
production, a broader range of bioactivity, and a better control of bioactivity by
changing microstructure through processing parameters. Sol–gel-derived bioactive
glasses provide excellent matrices for entrapping a variety of organic and inor-
ganic compounds and biologically important molecules [78].

In addition, sol–gel bioactive glasses with compositions varying over a wide
range have demonstrated bioactivity in vitro and in vivo, because they usually have
high specific surface area and Si–OH groups which could accelerate the surface
crystallization of HCA. Moreover, bioactive glasses prepared via sol–gel always
have an interconnected mesoporous structure, with pores of about 5–10 nm in
diameter. A macroporous sol–gel bioactive glass with two simultaneous pore
classes: i.e., larger than 100 lm and about 5–10 nm, has been proposed as a suitable
bone scaffold material [33]. However, it is very difficult to produce macroporous
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sol–gel glasses with a pore size larger than 100 lm because of the large shrinkage
during sol–gel processing. Jie et al. [79] reported a foaming method to prepare
macroporous sol–gel bioactive glasses with pores larger than 100 lm. In the last
few years, the successful application of high relative humidity during gel drying has
made it possible to fabricate macroporous structures using a pore former such as
polyvinyl alcohol (PVA) [80]. Jones [81] has carried out extensive work developing
sol–gel derived bioactive scaffolds exhibiting nano-structured topography.

Recent key papers [82–88] and an informative review [78] highlighting the
potential of the sol–gel technology in the field of bone-tissue scaffold development
can be consulted for completeness.

4 Bioactive Glass–Ceramic Scaffolds

4.1 Fabrication and Microstructures

The limited strength, brittleness and low fracture toughness (i.e., ability to resist
fracture when a crack is present) of bioactive glasses obtained either via the
melting route or sol–gel processes have so far prevented their use for load-
bearing implants [13, 62, 73, 109], and thus the repair and regeneration of large
bone defects in load-bearing anatomical sites (e.g., limbs) remain a clinical/
orthopedic challenge [110]. Recent developments related to bone TE try to
overcome this problem by fabricating architectures and components carefully
designed on different length scales, i.e., from the macroscale, mesoscale, and
microscale down to the nanometer scale [60, 111], including both multifunctional
bioactive glass composite structures and advanced bioactive glass–ceramic
scaffolds exhibiting oriented microstructures, controlled porosity and directional
mechanical properties [60, 91, 93, 94, 98, 102], as discussed in the following
paragraphs. Most studies (summarized in Table 1) have mainly investigated the
mechanical properties, in-vitro and cell biological behavior of glass–ceramic
scaffolds. Scaffolds exhibiting compressive strength [91, 94] and elastic modulus
values [93, 94] above those of cancellous bone and close to the lower limit of
cortical bone have been developed.

The ‘‘replication’’ or ‘‘polymer-sponge’’ fabrication process is one of the suc-
cessful methods introduced for producing bioactive glass–ceramic scaffolds [72].
The foams are manufactured by coating a polyurethane or polyester foam with a
glass particle slurry. The polymer foam determines the final scaffold macro-
structure, and thus serves as a sacrificial substrate for the glass coating. The slurry
infiltrates the polymer structure and adheres to the surface of the polymer. Excess
slurry is squeezed out leaving a glass coating on the struts of the foam. After
drying, the polymer is burned out and the glass is sintered to the desired density.
The process replicates the macrostructure of the sacrificial polymer, and results in
a distinctive pore microstructure within the macrostructure (Fig. 4). In addition to
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the foam replica method, other techniques have been considered for fabricating
porous glass–ceramic scaffolds. For example, organic particles such as starch, rice,
potato, or corn grains [15] swell in water and leave a porous and highly inter-
connected structure following burn-out from the glass slurry. Porosity can also be
introduced by addition of thermally removable phases such as polyethylene par-
ticles [102]. Sugar or salt leaching [29, 44] is another common method of pro-
ducing porous scaffolds. Particles are incorporated into the slurry and leached out
upon sintering, leaving an interconnected pore network. The compaction and
sintering of melt-spun fibers from bioactive glass is another method of producing
scaffolds [31, 90, 99]. After glass production, fibers can be manufactured by melt
spinning and packed in a ceramic mould and sintered. It is also possible to
manually form melt-spun fibers [105]. Freeze casting techniques uses camphene,
ice or water and glycerol as freeze vehicles [112]. After mixing the glass powder
with the relevant vehicles, the slurries are cast and frozen at temperatures between
-20 and -70 �C, followed by a sintering process.

4.2 Mechanical Properties

In a recent study, Fu et al. [94] fabricated bioactive glass (13–93) scaffolds with
oriented (i.e., columnar and lamellar) microstructures and found that at an
equivalent porosity of 55–60%, the columnar scaffolds had a compressive strength

Fig. 4 Scanning electron microscopy (SEM) image of the surface of a 45S5 Bioglass�-derived
scaffold fabricated by the foam replication method similar to that reported in Ref. [72]
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of 25 ± 3 MPa, compressive modulus of 1.2 GPa, and pore width of 90–110 lm,
compared to values of 10 ± 2 MPa, 0.4 GPa, and 20–30 lm, respectively, for the
lamellar scaffolds. The compressive strength of these columnar bioactive glass
scaffolds is [1.5 times higher than the highest strength reported for trabecular
bone (0.1–16 MPa, see Table 2). In addition, the cellular response of murine post-
osteoblasts/pre-osteocytes to columnar scaffolds indicated that these structures
were the most favorable for cell proliferation, migration and mineralization (e.g.,
bone nodule formation, alkaline phosphatase activity). From the results of their
study [94], the authors claimed that 13–93 bioactive glass scaffolds with columnar
microstructure are promising candidate materials for the repair and regeneration of
load-bearing bones in vivo. It is interesting to note in this regard that highly porous
lamellar HA scaffolds (porosity & 50–70%) fabricated by freeze casting exhibited
2.5–4 times higher compressive strength (&20–140 MPa) than conventional
porous HA [111].

Multi-directional, anisotropic mechanical properties of scaffolds have been also
reported by Baino et al. [91]. They prepared glass–ceramic scaffolds containing
fluoroapatite and investigated their mechanical, structural and bioactive properties
upon soaking in simulated body fluid (SBF). The scaffolds had interconnected
macropores (porosity = 23.5–50%) and orthotropic mechanical properties, with
compressive strength values in the range 20–150 MPa. Thick hydroxyapatite
layers were formed on the surface of the scaffolds after 7 days of immersion in
SBF, demonstrating the scaffold’s excellent bioactivity. Compressive strength
values reported in Ref. [91] are considerably higher than those found for bioactive
glass–ceramic scaffolds with similar porosities (porosity = 54–73%) prepared by
the foam replication technique [113]. The latter scaffolds formed from SiO2–P2O5–
CaO–MgO–Na2O–K2O bioactive glass had a compressive strength of 1.3–5.4
MPa [113].

Ideally, the elastic modulus of the scaffold should be comparable to that of the
tissue to be replaced in order to promote load transfer and minimize stress
shielding, reducing the problems of bone resorption [121]. Stress shielding
describes the mismatch in elastic moduli between biomaterial and the adjacent/
surrounding bone. In cases of large elastic mismatch, bone becomes ‘‘stress
shielded’’, which is undesirable since living bone must be under some stress to

Table 2 Mechanical properties of human cancellous and cortical bone in comparison to dense
bioactive glass (45S5 Bioglass�)

Material property Trabecular bone Cortical bone Bioglass�45S5

Compressive strength (MPa) 0.1–16 [114, 115] 130–200 [34, 114] 500 [34]
Tensile strength (MPa) n.a. 50–151 [34] 42 [62]
Compressive modulus (GPa) 0.12–1.1 [116, 117] 11.5–17 [67] n.a.
Young’s modulus (GPa) 0.05–0.5 [34, 118] 7–30 [6, 34, 118] 35 [62]
Fracture toughness (MPa m1/2) n.a. 2–12 [34, 62] 0.9 [119, 120]

n.a. not available
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remain healthy. In the literature, depending on the measurement technique and
parameters used, the source of bone and the structural variation in bone from a
given source, a wide range of values has been reported for the compressive
modulus of trabecular (0.12–1.1 GPa) and cortical bone (11.5–17 GPa) (Table 2).

Fu et al. [93] reported a compressive strength of 11 ± 1 MPa and compressive
modulus of 3.0 ± 0.5 GPa for magnesium- and potassium-substituted bioactive
glass–ceramic scaffolds (porosity = 85 ± 2%, pore size = 100–500 lm), which
match the highest values reported for human trabecular bone (Table 2). Interest-
ingly, these values are more than ten times higher than compressive strengths
reported for 45S5 Bioglass�-based scaffolds [72] of similar porosity and prepared
by the same foam replication method. This finding confirms that glass composition
and sintering parameters also affect the mechanical properties of glass–ceramic
scaffolds. Upon immersion in SBF, Fu et al. [93] observed a nanostructured
HA layer formed on the surface of the porous scaffolds within 7 days, indicating
the in-vitro bioactivity of the scaffolds. Such HA nanocrystals are found in human
bone and are believed to be beneficial for increased cell adhesion, proliferation and
greater tissue growth into the scaffold [122–124]. Cell culture results and scanning
electron microscopy (SEM) observations presented in Ref. [93] confirmed an
excellent attachment and subsequent proliferation of osteoblastic cells.

Engineering constructs with graded porosity represent an interesting approach
to the development of bone TE scaffolds. Vitale-Brovarone et al. [102] and
Bretcanu et al. [98] manufactured highly porous bioactive glass–ceramic scaffolds
with tailored porosity gradients in order to mimic the morphology and lightweight
structure of human bone, formed by cortical (compact bone with dense structure)
and cancellous bone (trabecular bone with highly porous structure) (Fig. 5).
Trabecular bone represents only about 20 wt% of the skeletal mass, but has a
nearly ten times greater surface-to-volume ratio (100–300 cm2/cm3) than compact

Fig. 5 SEM micrographs showing the structure of bone. Specimens are taken from human
mandible showing high-density structure (left), and a low-density, sponge-like structure (right).
(Figures courtesy of R. Detsch, University of Erlangen-Nuremberg, Germany)
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bone [125, 126]. Therefore, trabecular bone is more important in phosphate and
calcium homeostasis than compact bone. The unique hierarchical structure of bone
enables its self-repairing properties; bone can alter its geometry and material
properties in response to changing external stimuli (e.g., mechanical stresses), and
it undergoes a continuous remodeling process [121, 127]. Bone grows in response
to load, so that the density of trabecular bone depends on the magnitude of the
loads and the orientation of the trabeculae depends on the loading direction.

Analyzing experimental results from the literature [72, 91, 94, 113], a linear
relationship between scaffold porosity and compressive strength is found, with
coefficients of determination R2 between 0.80 and 0.99, as reported elsewhere
[128].

For human bone, different functional relationships between bone volume
fraction (i.e., porosity) and mechanical properties have been observed. On the
basis of image-guided failure assessment (IGFA), Nazarian et al. [117] found
highly positive linear correlations (R2= 0.8–0.9) between bone volume fraction
and compressive yield strength as well as between bone volume fraction and
elastic modulus. Other authors reported quadratic [129] or power-law relationships
[114] between bone volume fraction (relative density) and compressive strength,
as well as between bone volume fraction and Young’s modulus of human bone
[129, 130]. Moreover, a second-order polynomial relationship between porosity
and Young’s modulus has been found in the modeling of the mechanical properties
of a face-centered cubic scaffold microstructure [131, 132].

Fig. 6 SEM image of osteoblasts cultured for 2 days on bioactive glass stored under dry
conditions [136]. The osteoblasts mainly exhibit a ‘‘stand-off’’ morphology (C) with many dorsal
ruffles (r) and filapodia (f). Cell divisions (m) are also relatively often seen. Cracks on the glass
surface are due to dehydration of the top layer during critical point drying. (Figure reprinted with
permission of Springer)
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For human bone, the microstructure–property relationship and the relative
importance of bone mineral density and bone architecture on fracture behavior
need further investigation [117, 133–135].

4.3 In-Vitro and In-Vivo Studies

In an early study by Vrouwenvelder et al. [136] osteoblasts were seeded on pol-
ished bioactive glass (45S5) slides and cultured for several days. Figure 6 shows
the morphology of osteoblasts after 2 days’ cultivation. The cells in the center
show a well-developed morphology; they are well spread and tend to form a
monolayer.

In addition to providing excellent in vitro bioactivity, suitable cellular behavior
and favorable mechanical properties, bioactive glass–ceramic scaffolds have
shown also superior in vivo behavior (e.g., bone formation, mineralization, higher
interfacial strength between implant and bone) compared to the glass in particulate
form [90] or compared to other bioactive materials (e.g., HA, tricalcium phos-
phate) [48].

For example, Wang et al. [137] implanted sol–gel-derived porous bioactive
glass discs of 1 cm diameter in New Zealand rabbits. After 5 weeks, histological
results showed newly formed tissue in the form of widely distributed collagen fiber
strands (Fig. 7). San Miguel et al. [107] reported superior osteoconductive
behavior using a rabbit calvarial bone model (i.e., significantly higher bone for-
mation, bone deposition) of SBF-pretreated scaffolds (BG fiber constructs) com-
pared with non-treated porous BG scaffolds, bioactive glass granules (PerioGlas�)
and empty bone defects.

Fu et al. [138] reported on the implantation of a 13–93 bioactive glass scaffold
into subcutaneous pockets in the dorsum of rats. Scaffolds with both a ‘‘trabecular’’
microstructure (processed via the polymer sponge method, porosity 65%, pore size
between 100–500 lm), and with a columnar microstructure (processed via uni-
directional freezing of the suspension, porosity 65%, pore size between 90 and 110
lm) were investigated. After 4 weeks the columnar scaffolds showed abundant
tissue ingrowth whereas the trabecular scaffolds showed only limited tissue
infiltration.

5 Bioactive Glass Containing Composite Scaffolds

Most glass–ceramic scaffolds analyzed in the literature show a suitable intercon-
nected macroporous network and compressive strengths [2 MPa, which is in the
range of the compressive strength of cancellous bone (Table 2). The scaffolds can
therefore fulfill the requirement in terms of compressive strength. However, load-
bearing bone defect sites are usually under cyclic loading and, as the scaffolds are
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made from porous glass, they are normally inherently brittle and have poor
fracture toughness (Table 2).

Fracture toughness values in the range reported for cortical bone (2–12 MPa m1/2)
are required for load-bearing applications and therefore toughening effects must
be introduced into this type of scaffold, which can be achieved by producing
composites [34]. Polymer/bioceramic composite scaffolds thus represent a
convenient alternative due to the possibility of tailoring their various properties
(e.g., mechanical and structural behavior, degradation kinetics and bioactivity)
[34, 139]. Composites made of polymers and bioceramics combine the advantages
of their individual components [3, 34, 109]. Polymers exhibit generally high
ductility, flexibility and favorable formability as well as processibility and plas-
ticity. The glass or glass–ceramic phase adds stiffness and adequate mechanical
strength to the composite. In particular, composites based on biodegradable
polymers and bioactive glasses are being increasingly studied as bone TE materials
because this particular combination does not require a revision surgery for their
removal, since newly formed bone gradually substitutes the implanted scaffold
during degradation [34, 37]. Much current research is therefore focused on the
fabrication of bioactive composite materials with bioactive glass incorporated either
as filler or coating (or both) into the bioresorbable polymer matrix [34]. Effort is
devoted in particular to the development of porous, high-strength composite struc-
tures for the regeneration of human bone at load-bearing sites. A comprehensive
general review on bone TE scaffolds based on composites with inorganic bioactive
fillers has been published by Rezwan et al. [34]. The state of knowledge on polymer–
bioceramic composites with focus on polymer coatings and interpenetrating poly-
mer–bioceramic structures for bone TE has been summarized by Yunos et al. [140].
Polymer/bioactive glass nanocomposites, based on bioactive glass nanoparticles and
nanofibres, have been reviewed by Boccaccini et al. [42].

Many studies have been carried out in the last 10 years to optimize and
investigate bone TE composite scaffolds concerning material combinations,

Fig. 7 Histology of porous BG scaffolds after 5 weeks of implantation in New Zealand rabbits
[137]. a New vasularization formed with the fibrous tissue band of the capsule (arrow).
b Collagen fiber strands (asterisk) are distributed throughout the scaffold material showing new
blood vessel formation (arrow). (Figures reprinted with permission of Springer)
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bioactive properties, degradation characteristics in vitro and in vivo behavior, as
well as mechanical properties (Table 3).

The mechanical strength of most of today’s available porous polymer/BG
composite scaffolds is inadequate for bone substitution because they are at least
one order of magnitude weaker than natural cancellous bone and orders of mag-
nitude weaker than cortical bone. Moreover there is still limited understanding of
how microstructure features (e.g., geometry of struts, pore size distribution, pore
orientation, interconnectivity, morphology and distribution of the BG filler)
affect the scaffold’s mechanical response and its functional performance [141].
In addition, insufficient particle–matrix bonding is considered a possible reason for
the low mechanical properties of these composites. With regard to the latter, two
key issues have to be solved to effectively improve the material properties of
scaffolds by adding bioactive glass particles as filler: (1) interfacial bonding and
(2) the proper, homogeneous dispersion of the individual particles in the matrix
(e.g., by particle surface functionalization). According to the concepts of the
composites theory [142], load transfer at the filler/matrix interface is key to
achieving strengthening and stiffening, which depends on the quality of interfacial
bonding between the two phases (filler and matrix). Strong interfacial bonding is
therefore a significant requirement for improving the mechanical properties of
biodegradable polymer composite scaffolds.

Blaker et al. [144] have developed highly porous (porosity & 94%) poly
(d,l-lactide) (PDLLA)/Bioglass� foams using thermally induced phase separation
(TIPS). The scaffolds exhibited a bimodal and anisotropic pore structure, with
tubular micropores of &100 lm in diameter, and with interconnected micro-pores
of &50–10 lm, along with anisotropic mechanical properties. With respect to the
direction of the tubular pores, similar axial yield strengths of about 0.08 MPa were
found for all composites (0, 4.8, 28.6 wt% Bioglass�), whereas a higher axial
compressive modulus (1.2 MPa) was obtained for 28.6 wt% Bioglass� containing
scaffolds compared to the pure PDLLA constructs (0.89 MPa). The yield strength
values reported in Ref. [144] are considerably lower than those for cancellous bone
[117], so a further improvement is necessary to increase the mechanical perfor-
mance up to the levels required for bone TE applications. The compressive moduli
are in the range of those determined for trabecular bone, but lower than those for
cortical bone (see Table 2).

Other authors have found, however, considerably higher mechanical strength
for their composite scaffolds [47, 151]. Maquet et al. [151], for example, have
reported highly porous (porosity[90%) PDLLA and PLGA scaffolds containing
50 wt% Bioglass�, exhibiting compressive moduli of about 21 and 26 MPa,
respectively: a factor 1.5–2.5 higher than the values of the pure polymer scaffolds.
Lu et al. [47] determined for PLGA scaffolds incorporated with 25 wt% Bioglass�

(porosity = 43%, pore diameter = 89 lm) a compressive modulus of about 51 MPa,
and compressive strength of about 0.42 MPa, which are in the range of values
reported for trabecular bone (Table 2), but at the cost of porosity (43%).

Interestingly, numerical analyses presented in Ref. [144] showed that the com-
pressive modulus of the composite foams can be well predicted by micromechanic
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theories based on the combination of the Ishai–Cohen [160] and Gibson–Ashby
models [161]. The modulus–density (pore volume fraction) relationship was
characterized by a power-law function with exponents between 2 and 3. This is
close to the exponents found for similar relationships valid for human bone (2–3.2)
[129, 130].

Extensive work has been also carried out to investigate the cellular response to
polymer/bioactive glass composites concerning composition, particle concentra-
tion and particle size effect in vitro and in vivo, as discussed in Ref. [128]. Some
key findings are included here. For example, Lu et al. [162] showed that for
PLGA/bioactive glass films (0, 10, 25, 50 wt%), the growth, mineralization
and differentiation of human osteoblast-like SaOS-2 cells as well as the kinetics of
Ca–P layer formation and the resulting Ca–P chemistry were dependent on BG
content. The 10 and 25 wt% BG composite supported greater osteoblast
growth and differentiation than the 50 wt% BG group. Such bioactive glass dose-
dependent cell proliferation and alkaline phosphatase (ALP) synthesis were also
reported by Yang et al. [158], Verrier et al. [153] and Tsigkou et al. [150]. Tsigkou
et al. [150] observed, for example, that human fetal osteoblasts were less spread
and elongated on PDLLA and PDLLA/5 wt% BG, whereas cells on PDLLA/40
wt% BG were elongated but with multiple protrusions spreading over the BG
particles. However, when differentiation and maturation of fetal osteoblasts were
examined, incorporation of 45S5 Bioglass� particles within the PDLLA matrix
was found to significantly enhance ALP and osteocalcin protein synthesis
compared to PDLLA alone. Alizarin red staining indicated extracellular matrix
mineralization on 5 and 40 wt% BG-containing films, with significantly more bone
nodules formed than on neat PDLLA films. Yang et al. [158] pre-treated 45S5 BG
containing (0, 5, 40 wt%) PDLLA scaffolds with serum and found a significant
increase in ALP activity in human bone marrow mesenchymal stem cells in 5 wt%
Bioglass� composites relative to the 0 and 40 wt% Bioglass� groups, whereas in
vivo studies indicated significant new bone formation throughout all the scaffolds.
The results of numerous studies [150, 153, 158, 162] have confirmed the osteo-
genic potential of BG-containing scaffolds and suggest that there is a critical
threshold range of BG content (5–40 wt%) which is optimal for osteoblast growth
and Ca–P formation. This finding is also relevant for the vascularization and
angiogenic properties of composite scaffolds, as discussed in Sect. 6.

Several cell culture studies (see Ref. [49, 128]) have demonstrated the pro-
angiogenic potential of bioactive glass over a limited range of concentrations,
implying that dose-dependent effects are also involved in angiogenesis similar to
those shown for osteogenic differentiation (e.g., ALP synthesis) and cellular
behavior (adhesion, proliferation, mineralization). BG has been reported to have
pro-angiogenic potential over a limited range of lower concentrations and greater
osteogenic potential at higher concentrations [50, 163]. To our knowledge, Misra
et al. [45] were the first to incorporate bioactive glass nanoparticles (30–50 nm) of
composition matching the 45S5 BG composition into degradable matrices (in their
case P(3HB) was used) and compared their thermal, mechanical, microstructural,
bioactive and cell biological properties with those of conventional, micron-sized
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(5 lm) BG-containing composites. The addition of bioactive glass nanoparticles
(n-BG) enhanced the Young’s modulus by 50–100% to values of 1.2 and 1.6 GPa,
compared to both pure polymer films and the corresponding micro-sized BG
(m-BG)-containing films (10, 20, 30 wt%). The nanostructured surface topography
induced by n-BG considerably improved protein adsorption on the n-BG com-
posites compared to the unfilled polymer and the m-BG composites, whereas no
substantial differences in the proliferation of MG-63 osteoblasts were observed
between the different surfaces. It was thus confirmed that the addition of nanosized
bioactive glass particles had a more significant effect on the mechanical and
structural properties of a composite system in comparison with microparticles. The
addition of nanoparticles also enhanced protein adsorption, a desirable effect for
the application of composites in bone TE.

It has been also reported that tailoring porosity (e.g., nano- or mesoporosity)
and surface topography (e.g., by the incorporation of nanophase bioactive glass
particles into degradable polymer matrices) can favor protein adsorption and
cellular interactions [45, 155], as well as improve the bioactive behavior [43],
antimicrobial/antibacterial effect [164–166] and mechanical properties [45] of
bioactive glass and related (composite) scaffolds.

6 Effect of Bioactive Glass on Angiogenesis

The ability of BG to stimulate the release of pro-angiogenic factors (e.g., VEGF)
from transplanted and/or host cells that have migrated into the scaffold might be
extremely beneficial in inducing neo-vascularization and rapid vascular in-growth
sufficient to meet the metabolic requirements of new bone. Enhancement of the
angiogenic potential of implantable biomaterials and scaffolds is crucial for the
success of tissue engineering approaches.

Despite increased evidence relating bioactive glass to angiogenic effects both
in vitro and in vivo [49–53], there has been limited research to date on under-
standing the specific role of bioactive glass in vascularization of bone scaffolds.
There is for example limited quantitative data regarding how the shape, size and
concentration of BG particles (e.g., as inclusion in polymer matrices) affect
angiogenesis. In addition, the influence of specific ions (as dissolution products of
bioactive glasses) on dissolution products of bioactive glasses on angiogenesis has
not been widely investigated. Moreover, the design criteria and the specific
requirements of the geometry and morphology of the scaffold (pore size distri-
bution, shape, interconnectivity) to achieve tailored scaffolds with angiogenic
properties are unknown [128]. A detailed overview of the available literature
investigating bioactive glasses with respect to angiogenesis has been published by
Gorustovich et al. [49], and the effect of ion release products concerning angiogenic
response has been reviewed by Hoppe et al. [9]. An important conclusion of the
literature analyzed is that cell culture studies demonstrated the pro-angiogenic potential
of BG over a limited range of BG concentrations, implying that dose-dependent effects
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are involved in angiogenesis. It has been shown, for example, that bioactive
glass stimulates the secretion of angiogenic growth factors in fibroblasts [52, 128,
148, 167, 168], the proliferation of endothelial cells [50, 53], and the formation of
endothelial tubules [53].

In addition, in vivo results confirmed that BG is able to stimulate and promote
neo-vascularization [49, 103–105, 169]. For example, Leu et al. [53, 170] filled
calvarial defects in Sprague–Dawley rats with 45S5 Bioglass�-impregnated
(1.2 mg) collagen sponges (volume = 0.05 cm3), using unloaded, empty sponges
as control. After 2 weeks of implantation, histological analyses of calvaria
demonstrated significantly greater neo-vascularization and vascular density within
defects treated with 45S5 BG (35 ± 16 vessels/mm2) than with collagen controls
alone (12 ± 2 vessels/mm2).

The angiogenic effect of bioactive glass has been shown to be much
more pronounced in bioactive glass-based scaffolds (i.e., loaded sponges [170],
discs [171], meshes [169], tubes [172], and porous glass–ceramic scaffolds
[49, 104, 105] than in composite structures incorporating and fully embedding
bioactive glass particles in polymer matrices (e.g., microsphere composites [148]
or foams [52, 173]).

Day et al. [52], for example, found favorable angiogenic properties (i.e., greater
tissue infiltration and higher blood vessel formation) for compression-molded BG
composites compared to the corresponding unfilled polymer scaffolds. Interest-
ingly, the same authors found no difference in the number of blood vessels formed
in scaffolds prepared by thermally-induced phase separation technology. These
findings indicate that the geometry and morphology of the scaffold (pore orien-
tation, pore size, interconnectivity, strut thickness) can be used to control the

Fig. 8 a Micro-computed tomography image of a PDLLA scaffold fabricated by a sugar
template particulate leaching technique [50]. (Figure courtesy of R. Stämpfli, Empa St Gallen,
Switzerland). b Color-coded scaffold micro-architecture. The intermeshing, overlapping color
circles, i.e., color-coded pores (200–750 lm, 90th percentile: 600 lm), indicate high pore
interconnectivity and high porosity, which are both essential for cell penetration, proper
vascularization, bone tissue in-growth, waste removal, oxygen and nutrient delivery. The white
regions around the pores are PDLLA scaffold matrix areas. (Figure kindly provided by J.A. Sanz-
Herrera and I. Ochoa, University of Zaragoza, Spain)
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complex mechanisms of angiogenesis. The scaffold microstructure also affects the
angiogenic response of the construct in vivo. Consequently, a ‘‘dimension response
element’’ has been suggested to be involved in the regulation of osteogenic and
angiogenic gene expression [3].

Recently, PDLLA/bioactive glass containing composite scaffolds (Fig. 8)
have been fabricated, which exhibit high porosities high porosities (81–93%),
suitable permeability (k = 5.4–8.6 9 10-9 m2) and compressive strength values
(0.4–1.6 MPa) in the lower range of trabecular bone [50]. After 8 weeks of
implantation, scaffolds containing m-sized BG and nano-sized BG were infiltrated
with newly formed tissue (Fig. 9) and demonstrated higher vascularization and
percentage of blood vessel formation (11.6–15.1%) than neat PDLLA scaffolds
(8.5%). This work thus showed the potential for the regeneration of hard-soft
tissue defects and increased bone formation arising from enhanced vascularization
of PDLLA/bioactive glass constructs. Advanced functional bioactive glass scaf-
folds showing osteogenic and angiogenic properties, i.e., the ability to become
tightly attached to the host tissue, mineralized and vascularized, represent an
attractive solution for the regeneration of complex tissue structure defects, for
example at soft–hard tissue interfaces (e.g., the scaffold could be used as a ‘‘plug’’
at the cartilage–bone interface).

7 Conclusions and Future Work

One of the most significant challenges in bone tissue engineering remains the fab-
rication of scaffolds exhibiting mechanical, structural, surface-chemical, topo-
graphical and biological properties suitable for regenerating large (critical size)

Fig. 9 Histology of PDLLA/BG scaffolds after 8 weeks of implantation in Sprague–Dawley rats
[50]. a PDLLA and b scaffold containing 20 wt% micron-sized BG stained with hematoxylin and
Factor VIII (brown rings). Scaffolds were well interspersed with newly formed tissue and blood
vessels. Key: black arrow: scaffold (opaque material), red arrow: blood vessel immunolocalized
for Factor VIII, yellow arrow: cellular infiltrate. (Micrographs taken with assistance of
Dr T. Ansari’s research group, Northwick Park Institute for Medical Research, UK)
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cortical bone defects and capable of functioning under relevant loads. Although a
number of bioactive glass and glass–ceramic scaffolds with favorable properties
are available, as comprehensively discussed in this chapter, several issues need to
be addressed prior to clinical application, such as mechanical reliability of scaf-
folds, tailored degradability, and induction of vascularization. A major challenge
remains the proper cellularization and controlled vascularization of 3D scaffolds.
For successful bone regeneration, there is a need for functional, mature vessels
promoting functionality to the intrinsically ‘‘inactive’’ man-made TE constructs.
Angiogenesis requires that capillaries develop and stabilize before differentiating
into arterioles and venules by the appearance of circumferentially located smooth
muscle cells, and may ultimately mature into arteries and veins [174]. A stable
vasculature is important for the long-term success of TE constructs and bone
regeneration [175].

One alternative to accelerate osteogenesis and angiogenesis is the incorporation
of active biomolecules such as growth factors into the scaffold structure [176–181].
However, the short half-life and uncontrolled release of growth factors from
scaffolds associated with possible toxicity effects may be a problem or limitation of
current drug delivery scaffolds. The use of bioactive glass as a filler in degradable
matrices might offer a promising strategy for the regulated in situ secretion/
expression of angiogenic growth factors (e.g., VEGF) and osteogenic markers
(e.g., ALP) at therapeutic levels, leading to successful vascularization and bone
formation (mineralization) of TE scaffolds.

Further improvement in scaffold function is related to surface modification,
e.g., through the control of specific/non-specific protein adsorption [182], plasma
treatment [183, 184] or enzyme grafting [185], to provide biofunctional groups for
cell attachment and response, thus making the scaffold more surface-compatible.
There is still limited understanding of the long-term in-vivo behavior of bioactive
glass-based scaffolds and polymer/BG composite scaffolds, particularly regarding
their degradation rate, ion release kinetics, variation in mechanical properties and
angiogenic effect. In this context, it has to be pointed out that the influence of
sterilization on the cytotoxic, mechanical (e.g., compressive strength, fracture
toughness) and physical properties (glass transition temperature, crystallinity) of
biodegradable composites has often been overlooked in the past. This is particu-
larly important for scaffolds incorporating a polymeric phase. Sterilization issues
have to be considered and monitored in parallel to the design and development
stages of scaffolds because standard medical product sterilization techniques
(gamma irradiation, ethylene oxide gas exposure) have shown to reduce the
molecular weight of resorbable polymers by a factor of 2–3 [186–188].

Moreover, more focus on in-vivo studies is required and there is need for further
research on the evaluation of scaffolds in realistic biological systems. Engineered
scaffolds from silicate amorphous or partially crystallized glasses, combined with
biodegradable polymers, will continue to be improved and optimized. These
scaffolds constitute attractive alternative approaches in future developments and
their combination with stem cells is of great interest [57, 189–191]. The use of
bioactive glass and glass–ceramic nanoparticles and carbon nanotubes (CNTs)
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[192, 193] as well as their combination with bioresorbable polymers may also
improve the local environment in order to enhance cell attachment, proliferation
and angiogenic and osteogenic properties as well as adding extra functionalities to
the base scaffold. However, possible toxicity issues associated with nanoparticles
and CNTs remain to be properly investigated [194].
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Microenvironment Design for Stem Cell
Fate Determination

Tali Re’em and Smadar Cohen

Abstract Stem cells are characterized by their dual ability for self-renewal and
differentiation, potentially yielding large numbers of cells that can be used in cell
therapy and tissue engineering for repairing devastating diseases. Attaining control
over stem cell fate decision in culture is a great challenge since these cells inte-
grate a complex array of ‘‘niche’’ signals, which regulate their fate. Given this, the
recent findings that synthetic microenvironments can be designed to gain some
level of control over stem cell fate are encouraging. This chapter provides an
overview of the current state and knowledge of the design of synthetic microen-
vironments bio-inspired by the adult stem cell niche. We describe the biomaterials
used for reconstituting the niche, highlighting the bioengineering principles used
in the process. Such synthetic microenvironments constitute powerful tools for
elucidating stem cell regulatory mechanisms that should fuel the development of
advanced culture systems with accurate regulation of stem cell fate.
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1 Introduction

Stem cells possess tremendous clinical potential for use in cell-based therapeutic
strategies, due to their capacity for expansion in culture and differentiation to
specific cell lineages. Stem cells derived from bone marrow have been proven to
be safe for use in human patients and have exhibited promising therapeutic effects
in several diseases. Human embryonic stem cells are currently being investigated
in phase I clinical studies for treating patients after spinal cord injury. Considering
the enormous clinical potential of stem cells, extensive research efforts have been
directed to find methods of better controlling cell fate and differentiation. One
attractive approach involves microenvironmental design for stem cell cultivation.

The stem cell microenvironment can be broadly defined as the collection of all
the surrounding external signals to which stem cells are exposed (Fig. 1). This
would include the architectural space, physical engagement of the cell membrane
with tethering molecules on neighboring cells or surfaces, signaling interactions at
the interface of stem cells and other microenvironmental cells, paracrine and
endocrine signals from local or distant sources, neural input and metabolic prod-
ucts of tissue activity [1, 2]. The interplay between all these components defines
the complex and interactive microenvironment and determines stem cell fate,
toward self-renewal or lineage-specific differentiation.

Effective replication of the stem cell microenvironment has been hypothesized
to allow stem cells to reach their regenerative potential [3]. However, it is still a
great challenge to engineer the multi-dimensional environment with the right
context of all cues converging to lead the cells into one specific fate. Moreover,
there is much we do not know about the natural cell microenvironment. Never-
theless, recent studies have demonstrated that artificial microenvironments,
designed by implementing some bio-inspired components of the natural stem cell
niche, are capable of controlling stem cell behavior.

Our goal in this review is to provide an overview of the current state and
knowledge of the design of synthetic microenvironments, aimed to control stem
cell fate determination. Specifically, we will describe the research conducted on
three major components of the microenvironment: (1) the soluble factors (growth
factors, cytokines and chemokines), (2) the insoluble matrix (extracellular matrix
[ECM]) and (3) the mechanical stimuli to which the cells are exposed.

1.1 Stem Cell Types and Their Microenvironments

1.1.1 Bone-Marrow-Derived Stem Cells

The bone marrow (BM) environment, also termed ‘‘niche’’, has been studied
since the late 1970s and is the best characterized stem cell microenvironment.
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Two major adult stem cell populations reside within the BM niche: the hemato-
poietic stem cells (HSCs) and the mesenchymal stem cells (MSCs).

HSCs, which regenerate the entire blood and immune system, have been used in
BM transplantation to treat blood diseases (e.g., aplastic anemia, thalassemia and
Gaucher’s disease) and to reconstitute the patient’s hematopoietic system after
undergoing chemotherapy or radiotherapy to treat cancers. These stem cells seem
to have little function outside their specific anatomic locations. It is the specific
cues from neighboring cells, i.e., the osteoblasts and the stromal cells, that allow
stem cells to persist and to change in number and fate.

The clinical need for ex vivo expansion of HSCs has motivated research into
identifying the main BM niche regulators and unraveling the molecular pathways
that mediate the HSC niche function (Fig. 2). Osteoblasts were shown to be of
great importance for controlling the HSC niche size [4], but other cell types, like
osteoclasts, endothelial cells and mesenchymal progenitors, have also been
involved in modulating HSC fate (reviewed in [5]). In addition to the cellular
elements, several signaling molecules, including osteopontin [6], trombopoietin
[7] and N-cadherin [8], as well as other factors, like increased extracellular
calcium-ion concentration [9] and low oxygen concentration [10, 11], have been
shown to affect HSC behavior and to support the establishment of the niche

Fig. 1 Elements of the local microenvironment that participate in regulating the function of a
stem cell in its niche, including soluble factors, extracellular matrix, architectural space,
biophysical forces and intercellular interactions (reprinted by permission from [5])
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environment. Experimental evidence suggests that specific signaling pathways,
such as Notch and Wnt, are activated in the BM and may have a role in HSC
regulation [12].

Despite the success in identifying some of the components and signals of the
HSC niche, a complete understanding of the mechanisms involved in HSC regu-
lation still remains elusive, also due to the limited availability of appropriate ex
vivo models which could mimic the complex niche organization. Cell culture
systems developed so far do not entirely reproduce the physiological signals
required to establish a functional niche structure, resulting in a limited efficiency in
maintaining long-term repopulation of HSCs in vitro. Nevertheless, recent studies
indicate the potential of three-dimensional (3D) scaffold-based perfusion systems
as a suitable cultivation model for reconstructing ex vivo the BM stem cell niche,
supporting HSC long-term expansion [13].

The bone marrow microenvironment houses an additional stem cell population,
the BM-derived MSCs. These multipotent cells retain differentiation capabilities
along a number of different mesenchymal lineages, including bone, cartilage, fat,
tendon and muscle [14, 15]. Their differentiation has been shown to be manipu-
lated exclusively in response to specific culture conditions; hence, in theory, they
may serve as an ideal alternative to fully differentiated mesodermal cells [14].
Moreover, recent studies have indicated that these cells not only differentiate into
mesodermal cells, but can also adopt the fate of endodermal and ectodermal cell

Fig. 2 Schematic model of the bone marrow stem cell microenvironment, also termed ‘‘bone
marrow niche’’ (reprinted by permission from [5])
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types [16]. Some striking examples of the therapeutic use of BM-derived MSCs
have demonstrated their great potential in a broad spectrum of clinical applica-
tions, including cardiovascular repair [17], spinal cord injury [18] and bone [19]
and cartilage repair [20–23].

In addition to their wide differentiation potential, MSC utilization for cell
therapy possesses several more advantages. First, these cells are easily obtained
from bone marrow aspirates and can be simply isolated from HSCs due to their
tendency to adhere to tissue culture plastic [15, 23]. Second, although these cells
represent a very minor fraction of the total nucleated cell population in marrow, a
very large cell population may be achieved in a very short term due to their
relatively high expansion rate using standard cell culture techniques [22]. Third,
MSCs are available throughout an entire human lifetime and their utilization
would help to alleviate the problems of immune rejection and disease transmission
associated with the use of allografts [20].

MSCs are also known to reside in other adult tissues, such as adipose tissue
[24], yet they are most abundant in the BM [14]. Although stem cell niches should
by concept exist in all organs and tissues, little information exists on the nature and
the mechanisms that control these niches; and the existence of an adult stem cell
pool in some tissues (such as in pancreatic islets) is still under debate [25, 26].

1.1.2 Embryonic and Induced Pluripotent Stem Cells

Whereas adult stem cells are mainly restricted to certain lineages, embryonic stem
cells (ESCs) can differentiate into almost any cell type. The derivation of human
ESCs (hESCs) from the inner cell mass of developing blastocysts in 1998 [27, 28]
has opened visionary possibilities of cell therapy for almost any diseased organ.

Advances in stem cell biology have also enabled the generation of induced
pluripotent stem cells (iPSCs), following reprogramming of adult somatic cells
[29, 30]. This has opened the possibility of generating cells from the intended
recipient of the cell therapy [31], supposedly solving the immune-rejection issue
related to ESC use, although this concept is now under debate [32]. Moreover, the
reprogrammed cells are not subjected to the same constraints of senescence that a
more mature cell population encounters, such as the ‘‘Hayflick limit’’, and the
generation of large numbers of pluripotent cells is therefore made possible. Since
iPSCs mimic the ESC cell population and do not have their own defined micro-
environment, we will refer only to the ESC microenvironment.

The microenvironment surrounding the developing embryo presents a number
of spatially and temporally instructive biochemical cues within a complex and
interactive milieu that guides and governs the sequential development and cell fate
decisions during embryogenesis. However, unlike the relatively known adult stem
cell microenvironment, the one surrounding the developing embryo is relatively
obscure. This has not prevented researchers from testing the use of synthetic
microenvironment analogs.
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Gerecht et al. [34] were the first to demonstrate the generation of human
embryoid bodies (hEBs) directly from hESC suspensions within 3D porous algi-
nate scaffolds. The confining environments of the alginate scaffold pores enabled
efficient formation of hEBs with a relatively high degree of cell proliferation and
differentiation; encouraged round, small-sized hEBs; and induced vasculogenesis
in the forming hEBs to a greater extent than the conventional EB formation
investigated in cell suspensions in static or in rotating cultures [33]. In another
study, Gerecht et al. [34] used hydrogels of hyaluronic acid (HA), a constituent of
the ECM present during early stages of embryogenesis, to develop a synthetic
microenvironment that maintained hESCs in their undifferentiated state, preserved
their normal karyotype, and maintained their full differentiation capacity as indi-
cated by embryoid body formation.

Since the pluripotent stem cell microenvironment has no definitive aspect, most
of the research in the field is still focused on the design of adult stem cell microen-
vironments, subsequently applying the principal elements of these microenviron-
ments to pluripotent stem cell research as well.

2 Microenvironmental Soluble Factors

2.1 Natural Factors

Soluble factors and cytokines were the first microenvironmental elements shown
to be essential for the support of stem cell proliferation, differentiation and survival
of distinct cell populations [35]. Due to their ease of manipulation in culture, most
of the pioneer studies on stem cell expansion and differentiation used secreted
factors as the principal induction factors. Thus, soluble factors are the best-char-
acterized environmental signals impacting stem cell behavior. The factors exert
their effect through activation of specific signaling pathways. In some cases, the
role of the factors is mainly in specifying stem cell self-renewal and mediating cell
survival, as Wnt proteins function in the HSC BM niche [5]. In other cases, the
secreted factors play an instructive role in cell differentiation [19, 36–39]. It should
be noticed that one factor may have an effect on a variety of signaling pathways,
and the eventual cellular response is context-dependent. For example, the bone
morphogenetic protein (BMP) signaling pathway as well as Wnt/beta-catenin
signaling were shown to be essential for ESC self-renewal [40, 41]. However,
various BMP proteins are also useful for chondrogenic and osteogenic differen-
tiation of MSCs [19, 36, 37, 42, 43]. Specifically, the BMPs are known to activate
the osteo-inductive Smad1/5/8 pathway. In our study, BMP 2 and 4 were shown
for the first time to also activate the Janus-activated kinase (JAK)-STAT pathway
in human MSCs (hMSCs). The activated STAT3 pathway in turn was shown to
negatively modulate hMSC osteogenic differentiation (Fig. 3).

232 T. Re’em and S. Cohen



Compelling evidence now reveals that stem cell behavior can be fine-tuned by
varying the concentration and combination of the factors of interest. Moreover, the
spatio-temporal context is of great importance, influencing stem cell fate deter-
mination, as further discussed below.

2.2 Synthetic Factors

Synthetic small molecules targeting specific signaling pathways were shown to be
useful in manipulating stem cell fate, by sustaining their pluripotency or inducing
differentiation [44]. For instance, a small molecule named stauprimide was shown
to increase the efficiency of the directed differentiation of mouse and human ESCs
into endodermal lineages, as pancreatic or hepatic, in synergy with defined
extracellular signaling cues [45]. In another study, the molecules IDE1 and IDE 2
were also shown to direct endodermal differentiation [46] of mouse and human
ESCs. Additionally, (–)-indolactam V is a small molecule that directs differenti-
ation of hESCs into the pancreatic lineage [47].

Small molecules have been shown to replace transcription factors and enhance
efficiency during somatic cell reprogramming (reviewed in [44]). Small molecules

Fig. 3 Schematic model of the BMP functions in hMSC osteogenic differentiation. In addition to
the BMP-activated osteo-inductive Smad pathway, BMP2 and BMP4 also activate the JAK-
STAT pathway in hMSC through mTOR and ERK1/2 cascades, respectively. The STAT pathway
serves as a negative modulator for BMP-induced hMSC osteogenic differentiation [42]
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clearly offer some distinct advantages over genetic manipulation. For example, in
contrast to genetic manipulation, the effects of small molecules are typically fast
and reversible, providing more precise temporal regulation of protein function.

Synthetic molecules have been playing increasingly important roles in both
elucidating the fundamental biology of stem cells and facilitating the development
of therapeutic approaches to regenerative medicine. Such approaches will involve
therapies using homogenous functional cells produced under chemically-defined
conditions in vitro. The almost unlimited structural and functional diversity
endowed by synthetic chemistry provides small molecules with unbounded
potential for precisely controlling molecular interactions and/or recognition, a
feature that can be extensively explored by design and screening.

In most cases, the signaling molecule, either natural or synthetic, is simply
added to the growth medium of the cells. However, current stem cell research is
increasingly oriented towards spatio-temporal presentation of signaling molecules,
in similar fashion to that of the native ECM.

3 Synthetic Extracellular Matrix

The insoluble matrix, i.e., the ECM, is an important constituent of the microen-
vironment, affecting stem cell fate. Much attention has been given in previous
years to the design of matrices able to promote the appropriate spatial cell
arrangement. In addition to the obvious advantage of a high surface area per
volume ratio compared to monolayer systems, culturing in 3D matrices also
enhances cell–cell and cell–matrix interactions and allows better cell distribution
[48]. Specifically, the cultivation of hESC in scaffolds was shown to result in an
appropriate cell differentiation and neo-tissue formation, including blood vessels,
and an integration with the host upon implantation [49], in contrast to the
incomplete differentiation observed in two-dimensional (2D) studies.

Choosing the optimal scaffold requires studying stem cell interactions on both
the molecular and cellular levels, methods of scaffold fabrication and optimization
of scaffold properties to the specific needs of the stem cell population. The scaffold
is required to be biocompatible, biodegradable over an appropriate time scale, and
highly porous with large interconnected pores to provide efficient mass transport,
cell permeation and interstitial fluid flow [20]. The scaffold temporarily provides
the physical support for the seeded cells in culture until they produce their
own ECM. Therefore, the matrix should be mechanically stable and suitable for
cultivation either in a bioreactor or at the implant site [50]. However, the matrix
should be also flexible enough to allow cell reorganization into a 3D tissue and its
subsequent integration with the host tissues [51].

The ideal scaffold for stem cell applications is also required to introduce the
stem cell to the right biochemical cues in a spatio-temporal fashion, similar to that
of the native ECM. Preferably, the scaffold should dynamically interact with the
cells and be adaptable to various cellular changes in culture.

234 T. Re’em and S. Cohen



3.1 First Generation Materials as Artificial ECM

The first generation materials used as artificial ECM consisted of previously
known materials, used for applications such as drug or cell delivery systems. The
natural materials extensively in use include ECM components and derivatives,
such as collagen [20, 52, 53], fibrin [54, 55], gelatin [56–59], Matrigel [53, 60],
hyaluronic acid (HA) [34, 61–63] and materials derived from plants and seaweeds,
such as agarose [21, 64] and alginate [33, 51, 64–89]. Since collagen is a major
component in native ECM and cells interact with collagen through integrin
binding-mediated interactions, 3D collagen gels have been widely used for stem
cell encapsulation, including MSCs [20] and ESCs [52, 53]. Gelatin is a product of
collagen denaturation and as a porous scaffold it has been used for stem-cell-based
tissue engineering applications due to its biocompatibility and lack of antigenicity
[56–59]. Matrigel, a basement membrane matrix, extracted from Engelbreth–
Holm–Swarm (EHS) mouse sarcoma cells, is rich in ECM-derived molecules and
has been investigated extensively for the culture of stem cells. The complexity and
derivation from natural tissues has motivated its use in cultures, particularly for
ESCs, due to its mimicking of natural structures [53, 60].

Polysaccharides have been also used to form matrices. Hyaluronic acid (HA) is
a polysaccharide found in many tissues and has been modified to form photo-
polymerized hydrogels with controlled properties that allow for the encapsulation
of viable cells. Cells may interact with HA through receptor binding, primarily
CD44, and HA is degraded by hyaluronidases. Therefore, HA-based biomaterials
have been utilized to regulate stem cell chondrogenic and osteogenic differentia-
tion [62, 63]. Since it is one constituent of the ECM present during the early stages
of embryogenesis, HA was used for the development of microenvironments that
inhibited hESC differentiation [34].

Alginate is a seaweed-derived polysaccharide that forms hydrogels through
ionic cross-linking. Although there are no direct cellular interactions, alginate
forms stable hydrogels that become soluble through the dissociation of the
crosslinks in the network due to the exchange of calcium by sodium ions. These
hydrogels have been extensively used the encapsulation of stem cells for a variety
of applications both in vitro and in vivo [67, 90, 91]. Moreover, alginate has also
been used in the form of macro-porous scaffolds for the cultivation and differen-
tiation of both ESCs [33] and MSCs [81].

Natural materials present some challenges. Since they usually are not well-
defined and have a lot-to-lot variability, control over matrix mechanical properties
and degradation rates is limited [92]. Moreover, naturally derived materials may
provoke immune responses or harbor microbes or viruses [93]. Furthermore, such
materials are often difficult to process without disrupting a potentially important
hierarchical structure. In addition, hydrogels formed from natural materials gen-
erally have poor mechanical properties.

Synthetic materials are being widely investigated for stem cell culture. The
wide diversity of matrix properties is tailored with respect to mechanics, chemistry
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and degradation. Both non-degradable and materials that degrade through either
hydrolytic or enzymatic mechanisms have been synthesized [94]. Additionally, the
processing of synthetic materials into desired structures may be much simpler than
with natural materials. However, potential limitations in the use of synthetic
materials include toxicity and a limited repertoire of cellular interactions, unless
they are modified with adhesion peptides or designed to release biological
molecules.

Due to their biocompatibility and use in medicine, poly(a-hydroxyesters) have
been used extensively in the field of tissue engineering and for stem cell culti-
vation. Among the most popular are scaffolds made from poly(glycolic acid)
(PGA), poly(lactic-acid) (PLA) and their co-polymer, poly(lactic-co-glycolic acid)
(PLGA) [36, 95, 96]. For example, a scaffold made of a blend of PLGA/PLLA was
seeded with hESCs and differentiation was induced through incorporation of the
appropriate growth factors in culture media [98].

Poly(ethylene glycol) (PEG) hydrogels are popular matrices for encapsulating
stem cells [96, 98–102]. PEG hydrogels are elastic, biocompatible and can be
tailored to possess mechanical properties similar to various natural tissue types.
But these nonionic and covalently cross-linked networks are very different from
the self-assembled polyelectrolytes that comprise the bulk of natural ECMs. The
PEG hydrogels are inherently hydrophilic, so protein adsorption and cell inter-
actions are minimal. Thus, PEG hydrogels are often modified with tethered groups,
such as adhesion peptides, to enable cellular interactions [102–105].

In addition to the variation existing in chemistry of the synthetic ECM, mate-
rials have been processed in different formats and porosity; the most common are:

• Macro-porous scaffolds—prepared by cross-linking (chemical or physical) of a
biomaterial solution into the desired shape, with a subsequent solidification step
and/or drying/freeze-drying. The porous form with its interconnected pores
provides efficient mass transport, cell permeation and interstitial fluid flow. Such
porous structures allow tissue growth in vitro or in-growth in situ [33, 70, 72, 74,
76, 77, 81, 84, 88, 105–109].

• Hydrogels—3D networks of hydrophilic polymers that absorb a large quantity
of water as well as biological fluids, prepared by physical or covalent cross-
linking of the polymer. Due to their aqueous nature, hydrogels simulate the
hydrated structural aspect of native ECMs. 3D cell encapsulation can be
achieved through in-situ formation of materials around stem cells [82, 83, 86,
104, 110, 111].

• Nanofibrous scaffolds—prepared by self-assembly of amphiphilic peptides or
by electro-spinning. The nanofibrous structure mimics the cell environment,
comprised of complex network of ECM molecules with nano–micro scale
dimensions [112–115].
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3.2 Bio-Inspired Materials and Scaffolds

Moving from the classical application of biomaterials as cell delivery vehicles, to
attempts at replicating the microenvironmental cell niche in order to regulate stem
cell fate, has required the re-design of biomaterials and scaffolds. The re-design
was bio-inspired by the roles of the ECM, including adherence, migration, mec-
hano-signals, growth factor presentation and cell differentiation [116]. The cues
from the ECM, a complex network of collagen fibers, multi-adhesive matrix
proteins and proteoglycans, have significant impacts on development during
embryonic, fetal and neonatal stages as well as in adult tissues. The ECM network
organizes cells into tissues and regulates cell growth, proliferation and function by
signal transduction processes triggered by binding ECM ligands to cell receptors
[117–122].

Attempts to gain cell recognition have been achieved by surface and bulk
modification of the materials via chemical modification or adsorption of bioactive
molecules, such as native long chains of ECM proteins as well as short peptide
sequences derived from ECM proteins, interacting with cell receptors [123].
Advanced scaffold designs are now being developed to implement patterning,
binding of ligands, sustained presentation and release of cytokines, and the
structural and mechanical properties of specific tissues [124–126].

3.2.1 Peptide-Modified Scaffolds

Since the finding of signaling domains that are composed of several amino acids
along the long chain of ECM proteins, and their interactions with cell membrane
receptors, the short peptide fragments have been used for surface modification of
materials in numerous studies. Though lacking the complete specificity and
function of native ECM, the synthetic peptides can easily be covalently attached to
the matrix, allowing control over ligand presentation, and thus the elucidation of
cellular behavior on the biomaterial, in a more defined manner.

Moreover, short peptide sequences are relatively more stable during the
modification process than the natural proteins, and nearly all modified peptides
are available for cell binding. In contrast, the native ECM protein tends to be
randomly-folded upon adsorption to the biomaterial surface, and thus the receptor
binding domains are not always available. In addition, short peptides may be
synthesized in large quantities and in relatively less expensive processes than the
native proteins. The modification of materials with individual peptide sequences
and epitopes derived from ECM molecules has proved to be a beneficial approach
to controlling stem cell fate.
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Introducing Adhesion Peptides

One of the most studied sequences for biomaterial modifications is the arginine–
glycine–aspartic acid (RGD) sequence. It is a common adhesion motif in ECM
proteins, such as fibronectin, collagen and laminin [127, 128], and various integrin
receptors bind directly to it [129]. Synthetic, RGD-containing peptides have been
incorporated into various materials and tissue engineering scaffolds to promote cell
adhesion and improve their cell function [130]. The interaction of these peptides
with cells has been shown to influence many processes within the cell, among
them proliferation, migration and differentiation [131]. Activation of these pro-
cesses is mediated by integrin-binding signal transduction to the cell interior,
which regulates organization of the cytoskeleton, activates kinase signaling
cascades, and modulates cell cycle and gene expression.

Hwang and colleagues showed that RGD-specific cell–matrix interactions could
promote the differentiation of hESCs into chondrocytes. Moreover, their results
suggested that RGD modification was even more efficient at inducing chondro-
genic differentiation than when exogenous type I collagen (which contains RGD)
was incorporated into the matrix [132]. Several studies indicated that RGD-
modified PLLA and hydroxyapatite scaffolds improved hMSCs adherence to the
matrix [133, 134]. Additional studies indicated that RGD-decoration of PEG
hydrogels improved MSC viability [135] and promoted osteogenesis of MSCs in a
dosage-dependent manner, as judged by early and late bone marker expression.
It is suggested that rendering cell adhesion sites via introducing RGD into the
scaffold can help the maintenance of MSC osteogenic potential in the 3D PEG
hydrogels [103].

In another report, Li et al. [136] used a completely synthetic hydrogel system
presenting adhesive RGD motifs as a culture environment for self-renewal of
hESCs, replacing the conventional culture system on feeder layers of mouse
embryonic fibroblasts (MEFs). The researchers fabricated hydrogel composed of
poly(N-iso-propyl-acrylamide-co-acrylic acid) incorporating a semi-interpene-
trating network of cell adhesion RGD peptides. This culture system allowed the
simple and independent manipulation of cell adhesion ligand presentation and
matrix stiffness. ESCs that were cultured on the substrates adhered to the surface,
remained viable, maintained their morphology, and expressed markers of undif-
ferentiated hESCs [136].

In our group, RGD peptide immobilized onto alginate macro-porous scaffolds
was shown to enhance transforming growth factor-b1 (TGFb1)-induced hMSC
chondrogenic differentiation. The cell–matrix interactions facilitated by the
immobilized RGD peptide were shown to be an essential feature of the cell
microenvironment, allowing better cell accessibility to the chondrogenic-inducing
molecule TGFb1 (Fig. 4) [81]. In another study conducted by our group, alginate
scaffolds were modified with an additional adhesive peptide, heparin binding
peptide (HBP), which is a target for cell syndecan interactions. The HBP was
immobilized onto alginate scaffolds, alone or in combination with RGD peptide.
The integration of these multiple cell–matrix interactions was shown to promote
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cardiac tissue regeneration, as judged by expression of cardiac cell markers, the
arrangement of well-developed myocardial fibers and the formation of contractile
tissue [137].

Other adhesive peptide fragments were identified and shown to have inductive
properties. For instance, Martino et al. [55] were able to isolate peptide fragments
from fibronectin that presented different specificities for the integrin a5b1. Few of
them were found to have an increased specificity for a5b1 in contrast to the
relatively promiscuous integrin binding of fibronectin. Interestingly, the presence
of those peptides enhanced osteogenic differentiation of hMSCs in 2D and 3D
fibrin matrix system, compared with the full-length protein, which provides both
pro- and anti-differentiative cues in the natural MSC niche. In contrast, the
attachment, spreading and proliferation were comparable with that on full-length
fibronectin [55].

Fig. 4 Upper panel Alginate scaffolds containing short motifs of ECM adhesion proteins such as
RGD encouraged hMSCs to spread and attach to the matrix (left), whereas on unmodified
scaffolds (right) only cell–cell interactions were seen in 1-week hMSC constructs (collagen
fibers, green; nuclei, red). Lower panel In the RGD-immobilized cell constructs, the production/
secretion of collagen type II, a major component in the cartilaginous ECM, was more pronounced
and the cells had the round morphology of committed chondrocytes (left), compared to
unmodified alginate (type II collagen, red; vimentin, green) (bar: 20lm) (reprinted by permission
from [81])
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Introducing Matrix Metalloproteinase-Sensitive Peptides

The overall complexity of cell regulation is further increased by the dynamic
nature of regulatory signal presentation, which changes in space and time. Also,
the interactions between the cells and their environment occur in both directions.
Cells both respond to and actively modify the properties of their environment by
synthesizing or degrading the ECM, secreting cytokines, and communicating with
other cells and matrix via molecular and physical signals.

Thus, bio-inspired scaffolds have been developed to incorporate enzyme-
sensitive peptide sequences [100, 138–141]. Such enzymatically cleavable mate-
rials exploit the upregulation and downregulation of cell-secreted enzymes, such
as matrix-metalloproteases (MMPs), to dictate material degradation on a local and
cellular timescale. For example, Kraehenbuehl et al. [99] fabricated cross-linked
PEG hydrogels incorporating adhesive (RGDSP) and enzymatically degradable
MMP-sensitive peptide as cross-linkers of the matrix. The matrices promoted ESC
differentiation into the cardiac lineage, probably via ligation of cell integrins
relevant in early cardiac development (a5b1, avb3) to the matrix-immobilized
RGDSP peptide. Further cardiac maturation was promoted by the MMP-sensitivity
of the matrix, allowing cell-triggered matrix remodeling [99].

Moreover, in an attempt to mimic the dynamic nature of the stem cell
microenvironment, where signaling events vary in time, the MMP-sensitive
peptides can be also exploited as a linker for other functional peptides in order to
control their temporal presentation in culture. For example, natively, hMSCs
differentiating into chondrocytes initially produce the adhesion protein fibro-
nectin, which is subsequently downregulated between days 7 and 10, while the
excreted ECM is remodeled through enzyme production. Therefore, Salinas et al.
[104] designed an adhesive sequence, RGD, with an MMP-13 specific cleavable
linker to release RGD, mimicking the native differentiation timeline. The
researchers showed that active MMP-13 production of encapsulated hMSCs
increased from days 9–14 specifically in the chondrogenic differentiating cultures
[104]. Their results pointed out the beneficial effect of the MMP-regulated
presentation of RGD in the hydrogel on encapsulated hMSC chondrogenic
differentiation.

Introducing Growth Factors-Derived Peptides

Instead of supplementing the signals as soluble factors, short peptides derived
from growth factors and covalently bound to matrix were shown to be valuable
in affecting stem cell fate. The potential advantages of such a strategy are
better control over ligand presentation and the relatively prolonged stability of
the short peptides compared to the full growth factor. For example, Saito et al.
[142] could identify a BMP2-derived peptide (KIPKASSVPTELSAISTLYL),
shown to enhance the osteogenic differentiation of a murine multipotent
mesenchymal cell line, as indicated by alkaline phosphatase activity and gene
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expression profile. Moreover, the researchers demonstrated peptide binding to
the BMP2-specific receptor [142]. The peptide was shown to induce prolonged
ectopic calcification when immobilized onto a covalently cross-linked alginate
gel and implanted into rat calf muscle, as compared to the full protein. These
results suggest that the peptide remained active at the implanted site, contin-
uously inducing the differentiation of osteoblast precursor cells into osteoblasts
and activating osteoblasts to promote ectopic calcification [144]. These results
were the basis for several additional experiments, indicating the potential of
this strategy in the induction of MSC osteogenic differentiation for bone repair
[144–146].

Other inductive BMP-derived peptides were identified and shown to be
effective for osteogenic differentiation, including peptides from BMP4 [147],
BMP7 [148] and BMP9 [149]. Recent studies indicate the beneficial effect of
material modification with a combination of the above-mentioned BMP-derived
peptide with the RGD adhesive peptide on the enhancement of MSC proliferation
and osteogenic differentiation [150, 151].

Epitope Presentation Via Self-Assembling Peptide Scaffolds

Self-assembling peptides scaffolds have also been developed for the controlled
differentiation of stem cells through careful selection of the constituent peptides.
For example, Gelain et al. [112] attached several functional motifs including cell
adhesion, differentiation and bone marrow (BM) homing motifs to a self-assembling
peptide, and the functionalized peptides self-assembled into a nanofiber structure for
neural stem cell (NSC) cultivation. Specifically, peptide scaffolds containing BM
homing motifs significantly enhanced the neural cell survival without supplemen-
tation of extra soluble growth and neurotrophic factors to the routine cell culture
media. Moreover, the gene expression profile showed selective and more uniform
gene expression towards this cell lineage, compared with the control, Matrigel
scaffold [112]. In another study, Silva et al. [113] demonstrated that laminin-derived
isoleucine–lysine–valine–alanine–valine (IKVAV) peptide sequences could self-
assemble to form gels that selectively direct mouse neural progenitor cells toward a
neuronal fate [113].

3.2.2 Spatio-Temporal Presentation and Release of Signaling Molecules

Signaling molecules such as growth factors and cytokines are important for
gaining control over stem cell fate decision. These molecules can be added to the
culture media or secreted by the cells themselves. When exogenously supplied,
their activity may be affected by diffusion limitations within the 3D cultivation
system. Thus, current research is increasingly oriented towards presentation of
these signaling molecules in the context of the matrix, in a spatio-temporal
manner, similar to their presentation by the native ECM. The signaling
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molecule may be delivered in a sustained release profile from matrix-embedded
micro-particles, be covalently immobilized to the matrix, or be presented via
affinity interactions.

Controlled Release Delivery of Signaling Molecules From Micro-Particles

In an attempt to design a dynamic cell microenvironment, where the regulatory
signals often vary in space and time, microparticles for controlled delivery of
signaling molecules have been developed and incorporated into the scaffolds
(Fig. 5) [80]. In this way, molecule release is typically controlled through diffu-
sion, particle degradation, or their combinations, leading to a wide range of factor
delivery profiles. Moreover, the wide versatility of these systems is associated with
other variables that can be modeled to obtain an optimal system for a specific
application, such as particle composition, size and shape.

The incorporation of microparticles into scaffolds has been widely used to
control stem cell fate decision. For example, gelatin microparticles loaded with
TGFb1 were co-encapsulated with rabbit MSCs in an injectable biodegradable
hydrogel composites of oligo(poly(ethylene glycol) fumarate). The localized
delivery of TGFb1 resulted in an efficient chondrogenic differentiation, revealed
by the increase in glycosaminoglycan content per DNA and the upregulation of
chondrocyte-specific gene expression of type II collagen and aggrecan [152].

One recent study involved the combined application of immobilized RGD
dextran-based hydrogel and microencapsulated vascular endothelial growth factor
(VEGF) to induce vascular differentiation of hESCs [153]. HESCs within the
bioactive hydrogels expressed higher levels of vascular markers, compared to
spontaneously differentiated embryoid bodies (EBs). Carpenedo et al. [154]
showed that using polymer microspheres for the delivery of morphogenic factors
directly within EB microenvironments in a spatio-temporally controlled manner
yielded homogeneous, synchronous and organized ESC differentiation. Degrad-
able PLGA microspheres releasing retinoic acid were incorporated directly within

Fig. 5 Morphology of porous alginate scaffold incorporating PLGA microspheres capable of
controlling the release of basic fibroblast growth factor. SEM picture of (a) microspheres, (b–c)
the alginate composite scaffold (reprinted by permission from [80])
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EBs and induced the formation of cystic spheroids uniquely resembling the
phenotype and structure of early mouse embryos [154].

Covalent Binding of Signaling Molecules onto the Matrix

Covalent binding of signaling molecules onto the matrix facilitates their prolonged
presentation and biological activity, in case long-term persistence of the signal is
needed [155, 156]. The covalent binding of the factor to the scaffold overcomes the
natural internalization process of the factor–receptor complex, which includes its
endocytosis and degradation inside the cell. Thus, tethering the signaling molecule
to the matrix may prevent ligand depletion from the environment. Moreover,
tethered ligands represent a mimicry of ligands that are naturally insoluble, matrix-
‘‘tethered’’ i.e., a ligand which acts from the matrix, presented continuously to cell
surface receptors [157]. However, as opposed to the temporal presentation of
factors by natural ECM, covalent binding presents an unnatural permanent
presentation.

Using this strategy, Fan et al. [156] showed that biomaterial surfaces covalently
modified with epidermal growth factor (EGF) promoted both MSC spreading and
survival, more strongly than saturating concentrations of soluble EGF added to the
medium. By sustaining mitogen-activated protein kinase kinase-extracellular-
regulated kinase signaling, tethered EGF increased the contact of MSCs and
conferred resistance to cell death induced by the pro-inflammatory cytokine, Fas
ligand. Thus, the authors suggested that tethered EGF may offer a protective
advantage to MSCs in vivo during acute inflammatory reaction to tissue engi-
neering scaffolds [156].

Immobilization of growth factors to biomaterial surfaces in specific spatially-
defined patterns was carried out by bio-printing technologies [158, 159]. For
example, inkjet bio-printing technology was used for the creation of an immobi-
lized BMP2 printed pattern on fibrin substrate. The results indicated that
the differentiation of primary muscle-derived stem cells towards the osteogenic
lineage was confined to the printed patterns of BMP2, whereas cells off-pattern
differentiated towards the myogenic lineage [158]. This approach may also be
useful for understanding cell behavior towards immobilized biological patterns.
For instance, recent work has focused on the effect of spatially-controlled gradi-
ents on MSC migration [160].

Affinity Binding and Presentation of Signaling Molecules

Despite the fact that growth factors and other signaling molecules were
originally described as soluble molecules, evidence shows that the binding of
signaling factors to ECM is a major mechanism regulating their activity.
A bio-inspired approach for presentation and release of these factors exploits
their natural interactions with native ECM. For instance, in the native cellular
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microenvironment, the proteoglycans heparin and heparan sulfate bind many
growth factors, chemokines and cell adhesion molecules, collectively known
as heparin-binding peptides, via high-affinity, specific electrostatic interactions
[161, 162]. Such interactions are mediated by low- and high-sulfated sequences in
these glycosaminoglycan (GAG) chains [163, 164]. In addition, binding affinity
values were found to depend on the degree of polysaccharide sulfation [165, 166].
The proteoglycan interactions play a critical role in assembling protein–protein
complexes, such as growth factor–receptor or enzyme–inhibitor, on the cell sur-
face and in the ECM, which are directly involved in initiating cell signaling events
or inhibiting biochemical pathways [167]. For instance, the interaction of heparin/
heparan sulfate with fibroblast growth factor (FGF) has been shown to act as a
template that bridges the factor and its receptor, thereby effectively lowering the
concentration of FGF needed to initiate the signaling through its receptor and
extending the response duration [168]. Moreover, recent works have shown that
the presentation of VEGF in trans in association with heparan sulfate leads to
enhanced signal transduction by facilitating the formation of receptor–ligand
complexes and trapping of the active signaling complex [169].

Heparin-Based Biomaterials

Growing knowledge on the important roles of heparin/heparan sulfate has led to
numerous attempts to incorporate these materials in stem cell microenvironmental
design. For example, heparin functionalized PEG gels were shown to modulate
protein adsorption and promote hMSC adhesion and osteogenic differentiation
[170, 172]. In these experiments, the heparin was modified with methacrylate
groups, copolymerized with dimethacrylated PEG to form a hydrogel, which
enabled a localized delivery vehicle for basic-FGF and served as a synthetic ECM
for the differentiation of hMSCs.

In another study, Willerth et al. [172] used a heparin-based delivery system for
mouse ESC differentiation inside fibrin scaffolds. The delivery system presented
three components: a bi-domain peptide, heparin and growth factor. The peptide
contained a Factor XIIIa substrate derived from a2-plasmin inhibitor, allowing it
to be covalently cross-linked into the fibrin scaffold, and a heparin-binding domain
derived from antithrombin III, which bound heparin non-covalently and retained it
inside the fibrin scaffold. The heparin could in turn bind growth factors and retain
them inside the scaffold. This delivery system was used to deliver different mol-
ecules, such as platelet-derived growth factor (PDGF), at various doses. The
controlled delivery of these molecules simultaneously increased the fraction of
neural progenitors, neurons, and oligodendrocytes while decreasing the fraction of
astrocytes obtained, compared to control cultures seeded inside unmodified fibrin
scaffolds with no growth factors present in the medium [172].

Recently, Webber et al. [173] used a heparin-presenting nanofiber network to
bind and deliver paracrine factors derived from hypoxic conditioned stem cell
media to mimic the stem cell paracrine effect, for cardiovascular disease treatment.
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The self-assembling peptide nanofibers presenting heparin were capable of binding
paracrine factors from a medium phase, primarily heparin-binding factors. When
these factor-loaded materials were injected into the heart following coronary artery
ligation in a mouse ischaemia–reperfusion model of acute myocardial infarction,
significant preservation of hemodynamic function was observed [173].

Alginate–Sulfate Biomaterial

To mimic the natural interactions of heparin-binding proteins with heparin/heparan
sulfate and obtain prolonged release of growth factors, our group has developed an
innovative alginate biomaterial with affinity-binding sites for heparin-binding
proteins, by sulfation of the uronic acid monomers in alginate (Fig. 6) [77].
Surface plasmon resonance (SPR) analysis revealed strong binding of various
heparin-binding proteins to alginate–sulfate, but not to alginate [76, 77]. The
equilibrium binding constants to alginate–sulfate were comparable to those
obtained between the peptides and heparin. We found the release rate from bio-
conjugates of alginate–sulfate/growth factors to be dependent on the growth factor
binding constants (KA) and the initial concentrations of individual components
forming the bioconjugate (Table 1). Additionally, the interactions of these mole-
cules with alginate–sulfate were found to enhance their stability against enzymatic
proteolysis induced by trypsin [82, 83]. This is of great importance if the delivered
proteins are to remain active for prolonged periods of time in harsh environments,
where extensive protein degradation takes place.

Injectable and implantable scaffolds composed of combinations of alginate–
sulfate with unmodified alginate provided a unique type of a novel affinity-binding
system, which has been capable of the sequential delivery of multiple signaling
molecules, while retaining the already mentioned properties and characteristics of

Fig. 6 Alginate–sulfate (a) and the model of reversible binding (b) (reprinted by permission
from [203])

Microenvironment Design for Stem Cell Fate Determination 245



the alginate as cell vehicle [76, 83]. For example, affinity-binding alginate scaf-
folds were shown to control the release of three known angiogenic factors, PDGF-
BB, TGFb1 and VEGF. In vitro release studies revealed a sequential order of
protein release from the scaffold, as predicted by the values of the equilibrium
binding constants to alginate–sulfate (see Table 1) and their initial concentrations:
VEGF was released first, followed by PDGF-BB and TGFb1. The sequential
delivery of factors from the affinity-binding scaffold mimicked the signal cascade
acting in angiogenesis. By contrast, factor release from the scaffolds lacking
alginate–sulfate was rapid and was governed mainly by a burst effect. Subcuta-
neous implantation of triple-factor bound scaffolds resulted in superior vascular-
ization, compared to factor-adsorbed or untreated scaffolds [76].

The affinity-binding alginate scaffolds were also used for the creation of a
vascularized cardiac patch [70]. Such scaffolds containing a cocktail of pro-sur-
vival and angiogenic factors [insulin growth factor-1 (IGF-1), stromal cell-derived
factor-1 (SDF-1) and VEGF] were seeded with rat neonatal cardiomyocytes, and
then transplanted onto the omentum to achieve host-induced vascularization of the
patch. Seven days later, the resultant vascularized patches were harvested and
re-transplanted to replace the scar tissues of the infarcted rat hearts. The pre-
vascularization within the affinity-binding patch was proven to significantly improve
the therapeutic outcome, as judged by the structural and electrical integration into
the scar tissue four weeks post-transplantation onto an infarcted heart. Moreover, the
pre-vascularized cardiac patch was able to attenuate the deterioration of cardiac
function, indicated by echocardiography and electrophysiology analyses [70].

In another study, the sequential delivery of IGF-1 and hepatocyte growth factor
(HGF) from injectable affinity-binding alginate hydrogel was shown to promote
myocardial repair in a similar rat model of acute myocardial infarction. The dual
delivery of IGF-1 and HGF from affinity-binding alginate biomaterial was able to
preserve scar thickness, attenuate infarct expansion and reduce scar fibrosis after 4
weeks, concomitantly with increased angiogenesis and mature blood vessel for-
mation at the infarct. Furthermore, this treatment prevented cell apoptosis and

Table 1 Equilibrium binding constants (KA) calculated from the interactions of alginate–sulfate
with proteins (SPR analysis) [76, 77]

KA(M-1) Protein

2.80 9 107 Acidic fibroblast growth factor
2.57 9 106 Basic fibroblast growth factor
9.93 9 106 Epidermal growth factor
5.36 9 107 Hepatocyte growth factor
1.01 9 108 Insulin-like growth factor-1
1.38 9 107 Interleukin-6
3.53 9 107 Platelet-derived growth factor-BB
2.06 9 108 Stromal cell derived factor-1
6.63 9 107 Transforming growth factor-b1
1.81 9 106 Thrombopoietin
6.98 9 106 Vascular endothelial growth factor
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induced cardiomyocyte cell cycle re-entry, an indication of endogenous regener-
ation of cardiac muscle [83].

Alginate–sulfate has several advantages over the use of heparin, as it forms a
stable non-immunogenic hydrogel when combined with unmodified alginate, and
its mass production may be achieved at relatively low cost compared to that of
heparin. In contrast to alginate, exogenous delivered heparin and heparan sulfate
molecules are rapidly degraded in the human body and thus they have limited use
as a prolonged and efficient drug delivery system. Moreover, heparin and heparan
sulfate are very heterogeneous macromolecules with multiple biological functions
beyond being a depot for growth factors, and thus controlling their behavior and
effect in vivo is limited. For example, heparin, commonly used as an anticoagulant
drug, was recently suggested also to play a key role in inflammatory processes
[174].

Thus, we believe that the affinity-binding platform of alginate–sulfate will be a
powerful tool in the design of stem cell microenvironments that better mimic the
natural presentation and release patterns of the inductive cues which control stem
cell fate decision.

3.2.3 Matrix Chemistry

A different strategy utilizing simple matrix chemistry has recently been introduced
to fine-tune the subtle design of the stem cell microenvironment, or, in other cases,
even to create inductive microenvironments without the use of the conventional
natural regulatory molecules.

A good example of microenvironment fine-tuning is the photo-degradable
hydrogels, developed for ‘‘on-demand’’ degradation of the physical network
structure [175]. These hydrogels are prepared by cross-linking via photo-labile
moieties. Thus, the degradation rate and extent as well as the resulting material
properties, such as stiffness, can be predictably manipulated with light intensity
and wavelength. This precise control of gel cross-linking density was used to
examine the influence of gel structure on hMSC spreading. These cells exhibited
rounded cell morphology within a densely cross-linked gel; however, when the gel
cross-linking density was reduced through photo-degradation, cell spreading was
observed. Thus, cell morphology can be manipulated by irradiation and degra-
dation of these hydrogels at any time in culture. Moreover, photo-degradable
linkages can also be exploited to locally modify the chemical environment within a
hydrogel by incorporation of tethered, but photo-labile, biologically active func-
tionalities. For instance, a photo-labile group was coupled to the adhesive peptide
RGD, and incorporated into PEG-based hydrogel, producing a hydrogel with
photolytic control over its chemical interaction with encapsulated cells. The
temporal presentation of the adhesive RGD peptide was shown to be beneficial for
hMSC chondrogenic differentiation [125].

A recent study by Benoit and co-workers pointed out the possibility of
controlling stem cell decision by using simple chemistry alone. The researchers
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screened immobilized small molecules for their ability to induce hMSCs to dif-
ferentiate down several pathways. The small molecules were chosen to incorporate
functionalities found in the extracellular environment of the target cell types.
Specifically, PEG hydrogels were modified with small amounts of carboxyl groups
to mimic glycosaminoglycans in cartilage, phosphate groups for their role in bone
mineralization, or t-butyl groups to mimic the lipid-rich environment in adipose
tissue. HMSCs were encapsulated in the tethered PEG hydrogels and cultured in
standard hMSC media, without the added cytokines or steroids typically used in
differentiation media. Most interestingly, these synthetic matrices were successful
in inducing the differentiation of hMSCs into the chondrogenic, osteogenic or
adipogenic pathways respectively [111]. This study was the first example where
synthetic matrices were shown to control induction of multiple hMSC lineages
purely through interactions with small-molecule chemical functional groups
tethered to the hydrogel material. Strategies using simple chemistry to control
complex biological processes would be particularly powerful as they could make
production of therapeutic materials simpler, cheaper and more easily controlled.

3.2.4 Mechanical Features of the Matrix

Stem cells sense and respond to the mechanical properties of the extracellular
matrix. These properties are determined primarily by the matrix chemical com-
position, water content and structure. Previous studies using differentiated cell
types have demonstrated that the mechanical properties of a material affect cell
behaviors such as growth and migration [176–182]. In particular, adhesion ligands,
which bind to integrins and other cell surface receptors, serve as mechanical
transducers between the external material and the internal cytoskeleton of the cell,
allowing cells to sense and respond to the stiffness of their substrates. Tensional
homeostasis with the microenvironment thereby induces cellular cytoskeletal
organization and alters gene regulatory pathways.

The extent of matrix mechanical effects on stem cell fate in 3D microenvi-
ronments and the underlying biophysical mechanisms are still under investigation.
Recent studies have demonstrated the integral role of mechanical cues in the
commitment of stem cell fate. For example, McBeath et al. [183] demonstrated
that hMSC lineage commitment could be largely regulated by cell shape and size
via related changes in the cytoskeleton tension. In their study, they used spatial
micro-patterning of adhesion molecules to control cell shape and degree of
spreading with single cell precision. HMSCs patterned on a small island tended to
undergo adipogenic differentiation, whereas cells patterned on a larger island were
able to spread and develop high cytoskeleton tension, and tended to undergo
osteogenic differentiation [183]. The researchers suggested an explanatory
mechanism for their results, in which the commitment signal for the osteogenic
differentiation required actin–myosin-generated tension.

In an additional study, the correlation between tension forces and cell differ-
entiation in monolayer cultures of hMSCs was nicely demonstrated [184]. Ruiz
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et al. [184] cultured hMSC sheets on micro-patterns of controlled shape and
exposed them to a mixture of pro-osteogenic and pro-adipogenic morphogens.
They showed that gradients of mechanical forces can drive a pattern of differen-
tiation dictated by cell spatial arrangement and corresponding cytoskeletal stress.
HMSCs at the edge of multicellular islands differentiated into the osteogenic
lineage, whereas those in the center became adipocytes. Interestingly, changing the
shape of the multicellular sheet modulated the locations of osteogenic versus
adipogenic differentiation. Measuring traction forces revealed gradients of stress
that preceded and mirrored the patterns of differentiation, where regions of high
stress resulted in osteogenesis, whereas stem cells in regions of low stress dif-
ferentiated to adipocytes. These findings demonstrate a role for mechanical forces
created within multicellular organization in spatial cell differentiation. Such geo-
metric control is also useful for controlling cell–cell interactions, as in the
aggregation of ESCs in vitro into embryoid bodies (EBs), a preliminary step
toward their differentiation. The conventional methods of culturing EBs are poorly
controlled and result in the formation of heterogeneous structures with a wide
range of sizes and shapes. Spatial control over the EB formation can lead to a more
homogeneous, and thereby more efficiently controlled differentiation. For instance,
Karp et al. [185] developed micro-fabricated cell-repellent PEG hydrogel in
micro-wells as templates to initiate the controlled formation of homogeneous EBs.
Their approach resulted in synthetic microenvironments that enhanced the dif-
ferentiation of ESCs and significantly reduced variability in the expression of
differentiation markers. They were also able to pattern EBs into shapes that do not
naturally occur, such a triangles and curves; nevertheless the biological implica-
tions for stem cell fate are not clear [185].

The effects of matrix physical attributes such as matrix stiffness on stem cell
fate were first examined by Engelr et al. [186]. In their study, the elasticity of the
matrix was identified as a key factor of the stem cell micro-environment, speci-
fying stem cell commitment. MSCs were cultivated on 2D polyacrylamide (PA)
gels with varying matrix elasticity, set by degree of cross-linking, and adhesion
was provided by coating the gels with collagen I. The researchers showed that
MSCs differentiate into tissues that most closely match the mechanical properties
of the PA substrate upon which they were cultured. MSCs that were cultured on
stiff (bone-like) gels differentiated into osteoblasts, those that were cultured on
medium stiffness (muscle-like) gels differentiated into muscle cells, and those that
were cultured on compliant gels (neural-like) differentiated into neural cells—all
in identical serum conditions. These findings were attributed to the cytoskeleton
tension forces that activated molecular pathways of cell differentiation in a manner
dependent on substrate stiffness [186].

In another study, the commitment of MSC populations changed in response to
the scaffold rigidity; however, cell fate was not correlated with cell morphology.
Instead, matrix stiffness regulated integrin binding as well as reorganization of
adhesion ligands on the nanoscale, both of which were traction-dependent and
correlated with osteogenic commitment of MSC populations. These findings
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suggested that cells interpret changes in the physical properties of adhesion
substrates as changes in adhesion-ligand presentation [187].

Whereas all the above-mentioned studies utilize static polymer systems, their
native counterparts reside in a dynamic environment in which elasticity may
change spatially and/or temporally. In a recent study, Tse et al. [188] tried to
explore the potential signal of physiological stiffness gradients to MSC differen-
tiation. To that end, they cultured MSCs on a photo-polymerized PA hydrogel of
varying stiffness and provided the first evidence that MSCs indeed appear to
undergo directed migration, or durotaxis, up stiffness gradients rather than remain
stationary. Temporal assessment of morphology and differentiation markers indi-
cated that MSCs migrated to stiffer matrix and then differentiated into a more
contractile myogenic phenotype. This study may indicate that stiffness variation,
not just stiffness alone, can be an important regulator of MSC behavior [188].

3.2.5 Complex Hierarchical Matrices

New generations of interactive biomaterial scaffolds are now being developed for
the construction of hierarchically complex tissues, such as vascular networks,
interfaces, structural hierarchy, and other complex functional features. These
scaffolds need to establish compositional gradients or sub-compartments, temporal
changes, and control over cell-driven tissue and organ morphogenesis. For
example, in an attempt to design scaffolds for the appropriate layered structure of
various native tissues (as skin and cartilage–bone interface), layered systems have
been developed, to allow the creation of optimized, tissue-specific biological
environments in each respective layer via variations in mechanical, structural and
chemical properties. The bi-layered system designs were shown to be of great
potential for organized tissue growth, when implanted in vivo, either seeded with
mature cells [189], or acellular [190]. Furthermore, recent studies have pointed
out that the use of bi-layered system may be a powerful tool for the spatially-
controlled simultaneous induction of stem cells into distinct lineages.

One example is the design of a composite bi-layered hydrogel of PEGylated
fibrinogen and type I collagen, aimed at approximating the layered structure of
skin. The bi-layered matrix was able to control the bidirectional differentiation of
adipose-derived stem cells into endothelial cells and pericytes. Specifically,
matrix-driven phenotypic changes into a fibroblast-like morphology were observed
in the collagen layer, whereas a tube-like morphology was simultaneously detected
in the PEGylated fibrin layer. The matrix composition dictated the lineage spec-
ification and was not driven by soluble factors [191].

In another study, injectable, biodegradable hydrogel composites of cross-linked
oligo(poly(ethylene glycol) fumarate) (OPF) and gelatin microparticles (MPs)
were utilized to fabricate a bi-layered osteochondral construct, consisting of a
chondrogenic layer and an osteogenic layer. Rabbit MSCs were encapsulated in
both layers, and were able to undergo chondrogenic differentiation, in the presence
of TGFb1-loaded MPs. Although simultaneous differentiation of MSCs into
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osteoblasts was limited in the osteogenic layer, there was significantly enhanced
chondrogenic differentiation of MSCs in the chondrogenic layer. This effect was
further enhanced when MSCs pre-differentiated into osteoblastic cells were
encapsulated in the osteogenic layer [192].

In addition to the suggested layered composite approach, other studies utilized
delivery of controlled factor gradients via MPs in polymer scaffolds for the
induction of stem cells into a complex tissue [193, 194]. For example, BMP2- and
TGFb1-loaded PLGA MPs were utilized with a gradient scaffold fabrication
technology to produce MP-based scaffolds containing opposing gradients of these
signals. The results indicated that hMSC-seeded gradient scaffolds produced
regionalized ECM, similar to that of the osteochondral tissue. Overall, these
studies demonstrate the fabrication of layered hydrogel composites that mimic the
structure and function of osteochondral tissue, along with the application of these
composites as cell and growth factor carriers [193].

4 Bioreactors for Dynamic Stem Cell Microenvironment

The microenvironment consists of additional cues, such as local blood perfusion
and hypoxia in the bone marrow niche, known to be key players in the determi-
nation of HSC fate. Recently, Winkler et al. [195] established a positional hier-
archy between HSCs and lineage-restricted hematopoietic progenitor cells (HPCs)
relative to the blood flow rate. The most potent HSCs were exposed to negligible
blood flow, whereas lineage-restricted HPCs as well as stromal cells such as
endothelial cells, MSCs and osteoblast cells were located in vascular niches,
perfused by rapid blood flow. This study along with many others suggests that
stem cell microenvironment design should consider the dynamic nature of the
native niche, i.e., including the parameters of fluid flow kinetics and mass transport
(especially oxygen diffusion) in the 3D cell cultures, as well as other time-
constant-related factors and metabolite diffusion. Ex vivo, in static 3D cell cultures
with the lack of vasculature, the transport of nutrients and dissolved oxygen from
the bulk medium to the surface of the cell constructs is limited, as is the internal
mass transfer rate from the surface of the construct into its core.

In an attempt to overcome mass transport limitations and to enable controlled
biophysical and mechanical stimuli, bioreactors have been implemented for cre-
ating the 3D stem cell microenvironment. The bioreactor systems, from simple
conventional spinner flasks, the rotary wall vessels, up to the latest perfusion
vessels, were found to improve cell viability, proliferation and differentiation. For
example, 3D cultivation in spinner flasks improved, to some extent, tissue
homogeneity and viability of hMSC [196]. In another study, rotary cell culture
systems (RCCS), developed by NASA, were shown to enable 3D cell cultivation
under medium mixing with a minimal shear stress on the cultivated cells. It was
shown that cultivation of hESCs within a rotating bioreactor increased the cell
proliferation rate and maintained cell viability in the culture [197].
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Although rotary vessels have improved mass transfer to the construct surface,
they did not solve the problem of the limiting internal mass transfer within the
construct. To address this challenge, perfusion bioreactors, designed to force the
culture medium into the cell constructs, have been developed [69, 88] and shown
to be superior to conventional bioreactors. For example, 3D cultivation in perfu-
sion bioreactors was shown to encourage MSC expansion and their subsequent
osteogenic differentiation in vivo [198]. Sikavitsas et al. [199] have shown that
fluid flow not only mitigates nutrient transport limitations in 3D perfusion cultures
of MSCs, but also provides mechanical stimulation to seeded cells in the form of
fluid shear stress, resulting in increased deposition of mineralized matrix. Cellular
constructs cultured in a flow perfusion bioreactor yielded a significant increase in
matrix mineralization after 16 days compared with those cultured statically, when
cultured in the presence of osteogenic supplements [200].

Our group has developed a novel perfusion bioreactor that is capable of cul-
tivating multiple 3D cellular constructs in one flow chamber. Its unique features
provided a homogeneous fluid flow along the bioreactor cross-section and maxi-
mal exposure of the cellular constructs to the perfusing medium. By employing
this advanced perfusion bioreactor, cardiac cell constructs were shown to maintain
almost 100% of the seeded cells viable, while less than 60% of the cells in static
cultures were viable after 7-day cultivation [69]. Moreover, a thick ([500 lm)
cardiac tissue was generated, composed of elongated and aligned cells with a
massive striation, resembling the native adult heart [88].

In addition to the great advantage of superior mass transport, bioreactors can
also provide control over the cellular environment in terms of biochemical and
physical regulatory signals, such as mechanical and electrical stimuli, and enable
on-line monitoring and response [87, 201]. For additional information on the
potential utilization of advanced bioreactor systems for stem cell expansion and
differentiation, the reader is referred to the reviews in [13, 202].

5 Conclusions and Future Directions

Biomaterials with controllable physical, chemical and biological properties are
potentially a powerful tool for directing stem cells towards expansion or specific-
lineage differentiation. Clearly, the studies presented point out the tremendous
potential in using bio-inspired biomaterials for stem cell applications. However,
this field is still in its earliest stages. We still need to better understand the full,
complex and dynamic interplay between the key parameters of the microenvi-
ronment controlling stem cell fate. This knowledge will enable the creation of
novel intelligent biomaterials that combine the advantages of native and synthetic
materials. These biomaterials should be sophisticated enough to elicit in vivo like
cell responses yet simple and practical enough for use in biology and medicine.
These advanced materials may incorporate the spatial presentation of multiple
regulatory molecules (such as peptides and growth factors), with temporally
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controlled sequential delivery. Novel biomaterials such as affinity-binding alginate
may serve as a platform for such devices. The utilization of such controllable
biomaterials may also enable the creation of innovative complex hierarchical
matrices for the potential regeneration of organized tissues such as the osteo-
chondral tissue. New synthetic small molecules with regulatory functions, as well
as new synthetic polymers for control over stem cell fate decisions, are yet to be
found, possibly via high-throughput screening technologies. Moreover, the design
and application of ‘‘smart’’ bioreactors will facilitate better understanding of the
dynamic nature of stem cell microenvironment, and subsequently precise control
over biochemical and physical signals for stem cell fate decisions. Finally, scale-
up technologies will be needed for realizing stem cell potential in clinical research.
To conclude, given the complexity of stem cell fate control, much has still to be
learned, yet our growing knowledge has already made major breakthroughs in
manipulating stem cell fate, raising more high expectations from future research.
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Stem Cell Differentiation Depending
on Different Surfaces
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Abstract Mesenchymal stem cells and 3D biomaterials are a potent assembly in
tissue engineering. Today, a sizable number of biomaterials has been characterized
for special tissue engineering applications. However, diverse material properties,
such as soft or hard biomaterials, have a specific influence on cell behavior.
Not only the cell attachment and proliferation, but also differentiation is controlled
by the microenvironment. Material characteristics such as pore size, stiffness,
roughness, and geometry affect not only the cell attachment and proliferation, but
also the differentiation behavior of mesenchymal stem cells. Optimization of these
features might enable direct differentiation without adjustment of the culture
medium by applying expensive growth or differentiation factors. Future aspects
include the design of multilayered biomaterials, where each zone fulfills a
distinct function. Moreover, the embedding of growth and differentiation factors
into the matrix with a controlled release rate might be advantageous to direct
differentiation.
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Abbreviations

3D Three-dimensional
AD adipose
BM Bone marrow
ECM Extracellular matrix
ERK Extracellular-signal-regulated kinase
HAP Hydroxyapatite
hMSC Human mesenchymal stem cells
MSC Mesenchymal stem cells
UC Umbilical cord
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1 Introduction

Tissue engineering is a young and interdisciplinary field of biotechnology which
aims at regeneration or replacement of defective tissues. To achieve full regen-
eration of a tissue, many scientific and technical questions have to be answered and
the optimal parameters for each tissue have to be defined.

Generally, there are three approaches in tissue engineering [1]:

1. The isolation of cells to inject them into the damaged region, in order to support
the needed function.

2. The introduction of growth and differentiation factors into the target location.
3. The use of three-dimensional (3D) biomaterials in combination with cells.

The first two approaches can only be considered for small defects; therefore, the
seeding of cells on a 3D matrix has become the method of choice. Within this
approach, the selection of the cell type and the composition of the culture medium
play an important role. The influence of soluble or immobilized growth factors on
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the differentiation of mesenchymal stem cells (MSC) has been studied in detail
[2–4]. Moreover, the application of human MSC (hMSC) has become more and
more attractive for tissue engineering [5], but also for clinical trails [6]. However,
the key parameter of the third approach seems to be the selection of the proper
biomaterial [7]. Presently, the physical characteristics which might control stem
cell fate have rarely been explored. This chapter will highlight an important
control mechanism of stem cell differentiation: the interaction of MSC with their
surrounding microenvironment.

2 Bone-Marrow-Derived Mesenchymal Stem Cells and Their
Alternatives

Today, hMSC isolated from bone marrow bm are considered as the ‘‘gold
standard’’ [8]. Among other criteria, they have the ability to differentiate into
several lineages, such as adipocytes, chondrocytes, and osteoblasts. Nevertheless,
bm as a source of MSC has several disadvantages, such as an invasive and painful
collection procedure with a high risk of infection, a low frequency of MSC, and a
differing quality depending on the donor’s age [8]. Thus, MSC derived from other
sources, for example, adipose tissue [9], umbilical cord uc tissue [10, 11], and uc
blood [12], represent an alternative and have shown promising results. Especially
MSC derived from postnatal tissues have gained the attention of several research
groups, since these tissues are easily accessible and can be processed directly after
birth. Furthermore, the frequency of MSC is much higher in postnatal tissues, and
the cells show a higher proliferation capacity compared with bm-derived MSC.
Summing up the increasing research activities over the last decade, uc MSC seem
to be a valuable cell source with a great potential for cell-based therapies which
initiate tissue repair [8, 13].

3 Biomaterials as an Artificial Extracellular Matrix

Although it is well known that MSC and tissue cells grow best in a defined 3D
surrounding of macromolecules, most tissue engineering experiments are still
conducted on flat-bottom surfaces of culture vessels made of glass or plastic [14].
The first experiments to culture adherent cells on appropriate biomaterials were
performed during the mid-1980s [15]. Since then, research activity in the area of
biomaterials for tissue engineering has increased continuously (Fig. 1). Today, it is
known that an appropriate biomaterial mimics the extracellular matrix (ECM) in
vivo and a culture substrate in vitro. For tissue engineering applications the 3D
biomaterial should mimic the ECM properties of the specific tissue that needs to be
regenerated. In vitro these artificial matrices support cell proliferation, migration,
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orientation, adhesion, contraction, maturation, and the synthesis of ECM
components. After transplantation, the main function of the matrix in vivo is to
provide mechanical support until the newly formed tissue assumes this role [16].
Therefore, it is important to adjust the biomaterial properties as precisely as
possible [17]. The biomaterial features which have a huge impact on cell differ-
entiation are the surface charge, the substructure, the mechanical properties of the
material, and the degradation kinetics [17].

In a healthy tissue, cell differentiation is controlled by various environmental
factors of the cell surroundings, such as interstitial body fluids, fibrous tissue,
muscles, and tendons as well as the skeleton, which serve together as a natural
matrix [18]. The selection of an artificial biomaterial for in vitro cultivation and
differentiation is often a critical parameter. For tissue engineering applications,
four groups of biomaterials have been studied intensively [19] (Table 1).

However, naturally derived biomaterials often lack the mechanical strength
required by certain tissues, such as bone [7]. Other disadvantages are the relatively
low availability of these materials and their batch-to-batch variation [16].
Synthetic inorganic materials, such as b-tricalcium phosphate and hydroxyapatite
(HAP), have often been used to engineer hard tissue matrices [20]. These materials
are considered to be osteoinductive as their surface supports osteoblastic adhesion,
growth, and differentiation [7]. But the rather brittle behavior of pure synthetic
inorganic materials led to the fabrication of composite materials [21], which
combine synthetic inorganic materials with naturally derived components [22]
(Sect. 4.5).
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Generally, the ideal biomaterial should fulfill the following demands [17, 19, 22].
It should be:

1. Biocompatible.
2. Biodegradable or bioresorbable with a controllable degradation rate. Moreover,

the degradation products should be nontoxic and should not influence the tissue
regeneration.

3. Three-dimensional (3D) and highly porous with an interconnected architecture
to allow an even cell distribution and to facilitate the transportation of oxygen,
nutrients, and waste products.

4. Mechanically robust to withstand forces in the area of transplantation.
5. Equipped with a suitable surface for cell attachment, proliferation, and

differentiation.
6. Easily processed into various shapes and sizes to facilitate incorporation in the

damaged region.
7. Sterilizable to avoid bacterial, fungal, and viral contamination.

4 The Influence of Biomaterial Properties on Stem Cell
Differentiation

Controlling stem cell differentiation is one of the key issues in tissue engineering.
It is well known that differentiation is influenced by a complex interplay of
crucial parameters, for example, the combination of growth factors. But recent
studies demonstrated that not only soluble growth factors but also the local

Table 1 Biomaterials for tissue engineering applications

Origin Biomaterial References

Synthetic organic materials Aliphatic polyester [89]
Poly(ethylene glycol) [90]
Polycaprolactone [91–93]
Poly(lactic acid) [94, 95]
Poly(lactic-co-glycolic acid) [96, 97]

Synthetic inorganic materials b-Tricalcium phosphate [98]
Hydroxyapatite [98–102]
Glass ceramics [103, 104]

Organic materials of natural origin Collagen [105–109]
Gelatine [110–112]
Fibrin [113, 114]
Chitin/chitosan [115–118]
Agarose [111, 112]
Alginate [119, 120]

Inorganic materials of natural origin Corraline hydroxyapatite [121, 122]
Magnesium (alloys) [123–125]
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microenvironment plays an important role in initiating and controlling MSC
differentiation [23]. The number of reports demonstrating that cellular behavior is
modulated by biomaterial properties such as pore size, topography, geometry,
and stiffness is increasing steadily. These properties are described to control
cell distribution, adhesion, migration, cell shape, proliferation, and finally differ-
entiation. Within this chapter we will focus on the optimal biomaterial parameters
for MSC differentiation into the osteogenic lineage.

4.1 Porosity and Pore Size

The porosity (percentage of void space in a solid) and the pore size of biomaterials
play a critical role in tissue formation. As stated earlier, a certain interconnected
porous network is necessary to distribute oxygen as well as nutrients and to
eliminate waste material, but optimal pore sizes for the regeneration of different
tissues have not yet been reported [24]. For bone tissue engineering applications,
pore sizes between 10 and 2250 lm have been used, resulting in various degrees of
tissue formation and ingrowth [24–26]. Nevertheless, early studies of Hulbert et al.
[27] showed the minimum pore size required to generate mineralized bone to be
100 lm. Matrices with a smaller pore size resulted in either ingrowth of unmin-
eralized tissue or fibrous tissue. Supposedly, too small pore sizes limit the transport
of nutrients and the cell migration [24]. It was demonstrated that only pores sizes
above 300 lm result in vascularized tissue formation [28]. Additionally, increased
porosity and pore sizes facilitate bone ingrowth [29], even though this depends on
the biomaterial [28]. In contrast, if the pores are too large, the decrease in surface
area limits cell adhesion [30] and increasing porosity affects the load-bearing
capacity [31]. Therefore, porosity and pore size have to be within a specific range
to maintain the balance between the optimal pore size for cell migration, mass
transportation, vascularization, and specific surface area for cell attachment as well
as mechanical stability.

A variety of optimal pore sizes for different tissues have been proposed
(Table 2). These diverse numbers for the optimal pore size and porosity might be
caused by results obtained from various cell types or MSC derived from different
origins. Another reason could be the difference in biomaterial fabrication, which
results in differing pore architectures [32].

In many cases it has been reported that for bone tissue engineering applications
pores greater than 300 lm facilitate capillary formation and therefore direct
osteogenesis [25, 28, 33]. To achieve osteoconduction, pore sizes between 100 and
400 lm are generally preferred [34].

Furthermore, differing porosities and pore sizes have described for bone tissue
in vivo. Human and mammalian bone is classified into two types:

1. Cortical bone, which is compact and usually located in the shaft of long bones
(diaphysis) and in the outer bone shell
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2. Trabecular bone, also known as spongy bone and which is located in the end of
long bones (epiphysis), in vertebrae, and in flat bones such as the pelvis

Cortical bone is much denser, with a porosity of only 5–10% [35], whereas the
porosity of trabecular bone ranges between 78 and 92% [36]. Because of the low
porosity of cortical bone, there are no descriptions of pore sizes. However, various
canals such as the Haversian canals cross the cortical bone. The Haversian canals
contain blood vessels and nerve cells and are therefore responsible for nutrient
supply and the conduction of nervous stimuli. These longitudinal channels have
an average diameter of 50 lm [37]. The trabecular spacing was measured by
Hakulinen et al. [38] via a quantitative ultrasound technique. A mean pore size of
719 ± 110 lm was calculated and compared with the data obtained by micro-
computed tomography. The micro-computed tomography data showed a much
higher variation of trabecular spacing, with pore sizes ranging from 482 to

Table 2 Proposed optimal porosities and pore sizes for the regeneration of different tissues

Differentiation Cells Biomaterial Optimal
pore size
(lm)

Optimal
porosity
(%)

References

Osteogenic Primary fetal
bovine
osteoblasts

Polycaprolactone–
hydroxyapatite

450–750 60–70 [26]

Osteogenic bm-hMSC b-Tricalcium phosphate 200–600 65 [29]
Osteogenic Rabbit

bm-derived
osteoblasts

Natural coral 200 36 [126]

Osteogenic bm-hMSC Coralline hydroxyapatite 200 75 [127]
Osteogenic Rat bm MSC Sintered titanium fiber

mesh
250 86 [128]

Osteogenic ad-hMSC ZrO2 ceramic 600 80–89 [129, 130]
Osteogenic Canine

bm-MSC
b-Tricalcium phosphate 400–500 70 [131]

Chondrogenic ad-hMSC Polycaprolactone 370–400 80–97 [32]
Chondrogenic bm-hMSC Polycaprolactone 100–150 – [132]
Chondrogenic Rabbit

chondrocytes
Chitosan-based

hyaluronic acid
hybrid polymer fibers

400 – [133]

Chondrogenic Human
chondrocytes

Polycarbonate 8 – [134]

Chondrogenic Bovine
chondrocytes

Polyurethane \5–60 – [135]

Myogenic Canine bm MSC 50:50 poly(lactic-
co-glycolic acid)

50–200 – [136]

Hepatic ad-hMSC Poly(lactic-co-glycolic
acid)

120–200 50 [137]

ad adipose-derived, bm bone marrow, hMSC human mesenchymal stem cells, MSC mesenchymal
stem cells
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947 lm. The difference in bone architecture indicates that the selection of the
biomaterial with a certain pore size depends on the location to where it is going to
be transplanted.

4.2 Biomaterial Stiffness

Even though most cells in vivo attach to and proliferate on rather soft matrices, in
vitro research today is mainly performed on stiff surfaces such as glass and plastic
[14]. However, the influence of matrix stiffness on many cellular processes, for
example, migration [39, 40], adhesion [41, 42], cell shape [40, 42, 43], and pro-
liferation [44], has already been verified. Furthermore, many recent publications
confirm that matrix stiffness determines the fate of MSC and consequently their
differentiation [45, 46]. The results of these experiments provide the evidence
that MSC are able to sense the stiffness of their local microenvironment [47].
Discher et al. stated that cells respond to the stiffness of their surrounding envi-
ronment by adjusting their adhesion and their cytoskeleton [138]. Their feedback
to matrix stiffness is probably a change in the expression of integrins, cadherins,
and cytoskeletal proteins [43].

It has been found that hMSC respond in vitro differently to elasticities similar to
the in vivo tissue stiffness of brain (0.1–1 kPa), muscle (8–17 kPa), and nascent
bone (more than 34 kPa) [45]. In vitro hMSC expressed neurogenic, myogenic,
and osteogenic key markers when cultivated in the same medium, but on
biomaterials with the stated elasticities. Directed differentiation was demonstrated
without the addition of expensive growth factors [46]. Furthermore, Engler et al.
[45] stated that soluble growth factors tend to be less selective than matrix stiffness
regarding cell differentiation. MSC were cultured on a soft matrix (0.1–1 kPa) in
growth medium for either 1 or 3 weeks. Then either myogenic or osteogenic
differentiation medium was added. A decrease in gene expression of myogenic or
osteogenic markers was only observed during the initial week of cultivation. After
one week, MSC committed to the lineage specified by the substrate stiffness. These
results emphasize that the surface stiffness of biomaterials has a significant
influence on the determination of cell fate [46]. But by which mechanism do MSC
sense the biomaterial stiffness and how do they transmit the information into
differentiation signals? A short answer to this question will be given in Sect. 5.

4.3 Microscale and Nanoscale Topography

It is widely accepted that the topography of a biomaterials surface determines the
biologic reaction. The topography of matrices influences the cell adhesion [48],
orientation, and differentiation. However, these effects seem to be cell-dependent.
Different cell types have been observed to show a preference for either a smooth or
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a rough topography [49]. According to their origin, osteoblasts prefer rougher
surfaces, whereas fibroblasts favor smooth surfaces. In bone tissue engineering, it
has been shown that an increased surface roughness enhances osteogenic differ-
entiation [18, 50, 51]. However, the results are conflicting. Some publications
report no change in response to rough surfaces [52] or even a reduction in cellular
response [53]. One significant problem might be the low reproducibility of
roughness. Even though two surfaces exhibit the same roughness, their topography
can appear very different. Furthermore, intrabatch and interbatch variations of
biomaterials may cause difficulties. Other reports suggest the spacing between
ligated integrins, which are essential for adhesion and signal transmission, to be
less than 70 nm. Thus, larger nanoscale spacing fails to trigger differentiation
signals [54–56].

However, the behavior and functionality of cells may be influenced by different
topographic sizes, ranging from macroscale to microscale and nanoscale features
[57]. The smallest feature size shown to affect cell behavior is 10 nm [58]. A
sizable number of publications have described the positive influence of nanoscale
patterns on the differentiation of MSC. Osteogenic differentiation, for example, has
been observed on nanopattern surfaces of 17–25 nm [59], 50 nm [60], and 100 nm
[61, 62]. Myogenic differentiation has been demonstrated by cultivating bovine
aortic endothelial cells on nanotubes of 1 lm length and 30 nm average pore
diameter [63]. Even differentiation of hMSC into the neuronal lineage has been
monitored by using nanogratings of 350 nm as a culture substrate [64].

In several studies, cells grown on microscale rough surfaces demonstrated a lower
proliferation rate compared with those grown on smooth surfaces. Furthermore, it
was found that cells could not cross over large grooves, glens, holes, and craters [18].
Cells formed a confluent layer within these irregular surface areas much faster than in
regions of even surfaces owing to the limited space. Consequently, cells in grooves,
glens, holes, and craters showed the pileup phenomenon, which results in bone
nodule formation and finally in osteogenic differentiation. Thus, cells grown on
surfaces with high roughness displayed a higher alkaline phosphatase activity and
bone morphogenic protein production, which supports osteogenic differentiation.
Graziano et al. also proved this effect by cultivating hMSC on convex and concave
surfaces [139]. Cells cultured on concave surfaces showed better cell–matrix inter-
actions, and after 30 days of cultivation, the production of specific bone proteins,
such as osteonectin and bone sialoprotein, was demonstrated.

Similar effects have been observed in our research group by cultivating adMSC
and ucMSC for 35 days on a macroporous, interconnected zirconium dioxide
(ZrO2) biomaterial (Sponceram, Zellwerk) with an average pore size of 600 lm.
Scanning electron microscopy images illustrated a confluent cell layer in the
cavities of the matrix (Fig. 2). Within these areas an increased bone nodule for-
mation was observed. Moreover, the presence of specific bone proteins such as
collagen 1, osteopontin, and bone morphogenic protein was verified using poly-
merase chain reaction analysis.

The influence of microscale surface topography on adipogenic differentiation
has also been observed [65]. The results indicated an advanced adipogenic
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differentiation by an increased rate of lipid production on patterned surfaces with
grooves of 3 lm width, 1.5 lm depth, and 100 lm separation.

Summarizing the publications on the differentiation of MSC influenced by
surface topography, we conclude that surface roughness may be used as an
effective tool to modulate cell differentiation.

4.4 Geometry

Cells can sense not only the stiffness or roughness of their underlying substrate, but
also the edges of their microenvironment. This so-called pattern edge phenomenon
influences cell division, cell migration, and the cytoskeleton dynamics [66, 67].
Nevertheless, the influence of two-dimensional substrate geometries on stem
cell differentiation has rarely been examined. Wan et al. [68] hypothesized that
stem cell proliferation and differentiation is directed through position-defined
mechanical stress and the resulting morphological cell changes. To prove their
hypothesis they cultivated human adMSC on different two-dimensional patterns
(rings with different diameters and rectangles with differing sizes). Osteogenic and
adipogenic differentiation occurred in the same regions depending on the medium,
containing cells with a small and elongated morphology. Within the ring patterns
differentiation decreased with the radius from the inner to the outer ring, where
mostly large spreading cells were observed. Differentiation within the rectangles
occurred mainly close to the short-axis edge. Finally, it can be stated that the
geometry-derived forces affect cell morphology and cytoskeletal organization,
which direct the stem cell proliferation and differentiation. Proliferation may be
inhibited and differentiation may be induced by low levels of cytoskeletal tension
due to increased cell–cell contacts. Similar results have been obtained by [23].

Fig. 2 Scanning electron microscopy images from adipose-derived mesenchymal stem cells
(left) and umbilical cord mesenchymal stem cells (right) cultivated for 5 weeks on a macroporous
ZrO2 biomaterial (Sponceram, Zellwerk)
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They confirmed that the geometrical shape of the surface adhesion area affects the
cell differentiation behavior. A pattern array with various geometries, including
octagon, pentagon, right triangle, square, trapezoid, and triangle, has been
designed to cultivate hMSC. Analytical analysis of adipogenic differentiation was
performed on days 3, 5, 10, and 14. Striking differences were found in the rate of
differentiation depending on the geometrical shape. To exclude the possibility that
the surface area and therefore the population density influences the differentiation,
the area of each pattern was calculated for comparison. In summary, it could be
stated that only the pattern geometry has an influence on the adipogenic differ-
entiation rate, but not the pattern area. However, a too low pattern area and
therefore a decreasing cell population does not result in cell differentiation.
As shown earlier, differentiation requires a minimum cell density [69]. The results
of Luo et al. [23] presume that total differentiation within one pattern is elicited by
the cells on the periphery of the pattern, which seem to be able to sense the edges
of the pattern geometry [66, 67]. Future work will use high-throughput screening
analysis tools to study the correlation between pattern geometry and various
differentiation directions.

4.5 Composite Materials

Composite materials combine synthetic inorganic materials with naturally derived
components [22] to construct a stable and bioactive matrix. The combination
of two components allows a precise adjustment of biomaterial properties. Four
different strategies to manufacture composite materials are well known (Fig. 3):

1. The mechanical mixture of a polymer and a ceramic component
2. The embedding of bioactive molecules
3. The application of microspheres
4. Surface functionalization

The most common method to fabricate composite materials is the mechanical
mixture of a polymer and a ceramic component. The interaction of an organic and
an inorganic component seems to be very attractive to regenerate hard tissues,
such as bone, because these composite matrices mimic natural bone. HAP and
b-tricalcium phosphate are often used as inorganic components since they are
considered to be osteoinductive. Mostly, they are mixed with the polymer as
nanoparticles or microparticles.

The embedding of bioactive molecules into a suitable matrix is another inter-
esting approach for stem cell differentiation. The goal is to control the release of
signal molecules, for example, growth and differentiation factors. The release
should be dose-dependent and exact in time and location. Different natural and
synthetic polymers, such as poly(lactic-co-glycolic acid) [70, 71], gelatin [72],
alginate [73], and fibrin [74], have been investigated for this application. These
modified polymers can be combined with synthetic inorganic materials such as
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ceramics, resulting in a mechanically stable and bioactive matrix. The combination
of these components can be realized by coating a porous ceramic with the modified
polymer. However, the polymer coating can plug the pores of the ceramic and
therefore negatively influence the transportation of nutrients and waste material.
Thus, only biodegradable polymers such as polycaprolactone [75] or polyvinyl-
pyrrolidone [76] in combination with highly porous ceramics can be applied.
The release of the bioactive molecules is caused by the degradation of the matrix.
Degradation signifies the cleavage of polymers, due to either an enzymatic or a
hydrolytic process. Hence, the dose and the lifetime depend on the degradation
rate. Finally, the result is a thin layer of bioactive molecules surrounding the
matrix.

Another promising alternative to combine natural and synthetic components is
the application of microspheres. Microspheres are small spherical polymer

mechanical mixture 
of a polymer and a 
ceramic component

application of 
microspheres

embedding of 
bioactive molecules

surface functionalization

Fig. 3 Different fabrication methods for ceramic-based composite biomaterials
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particles with a porous inner matrix and a variable surface. Bioactive molecules
can be captured within the inner matrix. Generally, microspheres have a diameter
of 1–500 lm. Smaller particles (10–1000 nm) are described as nanospheres.
The biodegradable polymer microspheres are embedded in the pores of a ceramic
matrix prior to cultivation. The major advantage of this method compared with the
embedding of bioactive molecules into a polymer coating is the combination of
different polymers with differing degradation profiles. Consequently, it is possible to
create a time-controlled release of multiple growth and differentiation factors.
Therefore, this method can be used to direct the differentiation behavior of MSC. The
time-dependent release can be controlled by variation of the polymer properties. The
most commonly used polymer for this application is poly(lactic-co-glycolic acid)
[70, 71]. Moreover, alginates [77] and chitosans [78] are frequently applied. An in
vivo microenvironment can be simulated in vitro by applying different bioactive
molecules and polymers with defined release profiles.

Another possibility to create a bioactive surface on a ceramic matrix is its
specific modification with biologic compounds. Early studies showed a function-
alization of the surface with ECM proteins, such as fibronectin and laminin [79].
These proteins support cell adhesion and proliferation. It is well known that only
specific amino acid sequences of these proteins interact with the integrins of the
cells; therefore, only short amino acid sequences are used for surface modification.
The sequence arginine–glycine–aspartic acid [80–82] supports cell adhesion and
has been studied in detail. Moreover, the amino acid sequences tyrosine–isoleu-
cine–glycine–serine–arginine [83], arginine–glutamine–aspartic acid–valine [84],
and isoleucine–lysine–valine–alanine–valine [83] are used for tissue engineering
surface modification. These sequences can be introduced into the 3D matrix
network by physical, chemical, photochemical, and ionic cross-linking.

5 Sensing the Microenvironment

The modulating effect of matrix stiffness, topography, and geometry upon cellular
responses to biomaterials has been studied in detail over the past decade. It is
obvious that cells have the ability to sense their microenvironment and react to
the properties of their surroundings in a different manner. But what mechanism do
the cells use to identify their substrate and how do they process the information
obtained? Prior to sensing the surface elasticity, roughness, or geometry, the cells
need to adhere to the substrate. The adhesion procedure is modulated by integrins,
which are located in the cell membrane. Three mechanochemical features are
important during the adhesion process [85]: (1) the biomaterial–integrin binding
forces have to pass a critical threshold, (2) the integrins must mechanically link the
artificial matrix to the cytoskeleton in order to transmit extracellular forces to the
cell interior, and (3) the transmitted forces have to be translated into biochemical
signals (mechanotransduction), resulting in a cellular response. But not only
integrins are involved in the procedure of cell–matrix adhesion and signal
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transmission. Diverse protein networks dynamically link the artificial ECM to the
intracellular actin cytoskeleton. These supramolecular structures are called focal
adhesions. Proteins joining the focal adhesion complex have the ability to translate
mechanical forces into biochemical signals and pass the information to the
nucleus. However, the exact signaling pathways linking focal adhesion with the
commitment of MSC are not completely understood. Nevertheless, several studies
suggest that for osteogenic lineage commitment integrins activate the focal
adhesion kinase, which influences cellular events through adhesion-dependent
phosphorylation of downstreaming signaling molecules, especially the extracel-
lular-signal-regulated kinase (ERK) [86]. The ERK is a member of the mitogen-
activated protein kinase family, which acts as a mediator of cellular differentiation.

Biomaterial

Extracellular

Integrin

FAK

ERK 1/2

ERK 1/2

RUN X2

Cytoplasm

Nucleus

Fig. 4 The focal adhesion kinase pathway. The first step in the transmission of extracellular
forces is the cell adhesion on the substrate modulated by integrins. The integrins activate the
intracellular focal adhesion kinase and via multiple phosphorylation steps the extracellular-
signal-regulated kinase is translocated into the nucleus, where it affects the expression of specific
transcription factors, such as Runx2
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The final step in modulating differentiation is the translocation of ERK 1/2 to the
nucleus, where it affects the expression of specific cellular transcription factors,
such as Runx2, which regulates the expression of many osteoblast genes (Fig. 4)
[46, 55, 85]. Even the timescale for this pathway has been identified rudimentarily.
The ERK is activated 30 min after the adhesion, which leads to the phosphory-
lation of the osteogenic transcription factors within 8 days. After 16 days an
increased level of osteogenic markers was observed and after 21 days mineralized
matrix was formed. These results confirm the observation in the study of Engler
et al. [45] that after 1 week a reprogramming of MSC by changing the differen-
tiation medium is not possible.

It might be true that through focal adhesion and the focal adhesion kinase
pathway cells can sense their surrounding stiffness, topography, and geometry.
However, the complete differentiation process is influenced by a variety of
signals [85].

6 Further Perspectives

The affect of local microenvironment on cell behavior has important implications
for regenerating tissues or healing disease-affected tissues. Therefore, further
investigations in optimizing 3D structures of biomaterials which imitate a specific
in vivo ECM in detail could be the key to future success in clinical tissue engi-
neering. The results of Engler et al. [45] demonstrated that the substrate features
might even be more important than the composition of the medium. Hence, a
combination of, for example, different topologies or pore sizes within one
biomaterial could be used to differentially functionalize implants without adding
growth or differentiation factors. Thus, after transplantation different ‘‘zones’’
within one implant fulfill distinct functions [57]. These materials could, for
example, be advantageous to create bone–cartilage constructs. Kon et al. [87]
achieved osteochondral regeneration in a sheep model by using a multilayered
biomaterial. The region mimicking the cartilage features contained 100% colla-
gen type 1. In contrast, the area mimicking the bone ECM exhibited only 30%
collagen type 1 and 70% HAP, which is considered to be osteoinductive. The
transition between these two regions is a layer of 60% collagen 1 and 40% HAP.
However, the fabrication of matrices with different features still remains a tech-
nical challenge [31].

Another approach to optimize the directed differentiation of MSC on 3D
matrices is the embedding of growth and differentiation factors into the bioma-
terial substrate. A controlled release of these factors ensures the optimal supply of
the developing tissue. A future step in the optimization process could be a com-
bination of tissue engineering and gene therapy. In 2002, Samuel et al. [88]
reported the delivery of plasmid DNA to chondrocytes via a collagen–glycos-
aminoglycan matrix. The idea is to genetically modify the cells which have direct
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contact to the biomaterial in order for them to produce the required growth factors
themselves and to modulate their own differentiation.
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Designing the Biocompatibility
of Biohybrids

Frank Witte, Ivonne Bartsch and Elmar Willbold

Abstract Biohybrid has been used as a fashionable term in scientific publications
during the past years to describe a functional unit consisting of a bioactive and a
structural component. The bioactive part of the biohybrid could consist of cells or
bioactive molecules, while the structural part is of biological or non-biological
origin. Biohybrids are currently used as implants and transplants in regenerative
medicine or in vitro applications such as assays, biosensors or bioreactors.
However, a clear definition of a biohybrid has not been given yet. This chapter
reviews the current applications of biohybrids and identifies the challenges of
biohybrids in in vivo applications. A classification of biohybrids according to their
functional use and application is provided.
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1 Introduction

During the last decades, great progress was achieved in many fields of biomedical
research. Although classical clinical or pharmacological research remain the major
scientific fields, technical aspects of many biomedical issues have become more
and more important. Many different fields in biomedical research and also in
clinical applications took advantage of ideas and concepts of neighbouring
scientific areas, especially from engineering sciences. Although the clinical use of
ortheses, prostheses or even implants as compensation or replacement of lost body
parts is known since prehistoric times, the development of more complex technical
solutions was the outcome of the past twenty years of research. The sustained
emergence and the increasing importance of all aspects of regenerative medicine
and stem cell based therapies opened many fascinating approaches for the treat-
ment of various serious health problems. Amongst other merely technical oriented
approaches, the development of biohybrid systems hereby faced a remarkable
upturn.

In the literature, there is no specific definition for a biohybrid system, but
generally, biohybrids are regarded as the functional combination of both a bio-
active and a structural component, thus adding the benefits and advantages of both
components. The structural component is normally referred to as a biomaterial and
consists of metals, polymers, ceramics, decellularised extracellular matrices or
composites. The bioactive component could either consist of active molecules or
cells.

Based on this idea, cells are combined, for example, with carbon nanofibers to
be used in nerve and spinal cord regeneration or cells are linked to hip prothesis or
surfaces of cardiovascular devices to create so called biofunctionalized surfaces or
implants. However, the combination of cells and materials have been always in
the focus of tissue engineering approaches and in regenerative medicine, since
surgeons and patients are demanding faster healing after surgery and sustained
functionality of the implant. The combination of bioactive cells and a mechanical
framework is necessary, since the treatment with sole cell constructs or suspen-
sions is usually lacking sufficient mechanical support or guidance.

However, biohybrids are also used for innovative analytical tools in vitro.
In this application the biocompatibility and immunogenicity of the bioactive and
structural component is not important. However, in any case the cytocompatiblity
of the structural component seems to be important in these applications, especially
in bioreactors for the production of bioactive molecules.

In this review, we want to elaborate which applications are currently summa-
rized under the term biohybrid and which challenges and design strategies exist for
biohybrids in various clinical applications, especially in musculoskeletal approa-
ches. However, since there is no classification for the term biohybrid, it can
create some confusion if used in brief abstracts without any further explanation.
Therefore, we would like to suggest a classification system of biohybrids in
this chapter.
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2 Compatibility of the Structural Compound

The structural component of a biohybrid is normally a biomaterial which needs to
prove its biocompatibility in vivo. According to the definition of the Society for
Biomaterials (also known as the ‘‘Williams’ definition’’ [1]), biocompatibility is
the ability of a material to perform with an appropriate host response in a specific
application. According to Anderson et al. [2], placing a biomaterial in vivo always
requires an injection, insertion or surgical intervention which is associated with
damaging tissues and therefore is associated physiologically with inflammation,
wound healing and a foreign body reaction (FBR).

The damage of an intact tissue leads to three episodes of wound healing:
inflammation, proliferation and remodelling. The inflammation caused by a
material inserted in a living tissue can be divided into an acute and a chronic form.
The acute inflammation is identified by the presence of the fast invading cells as
neutrophils, monocytes and lymphocytes. Due to vessel leakages caused by the
implantation method platelets degranulate and will attract leucocytes. Depending
on the age of injury, the dominating cell type differs. The first cells arriving at the
location after implantation are polymorphnuclear cells (PMN), especially
neutrophils. Their recruitment is initiated by cytokines, e.g. chemoattractants from
injured cells or histamine by mast cells. The neutrophils will disappear within the
first two days after the implantation of the biomaterial [2]. The chronic form of an
inflammation is characterised by the presence of macrophages, the formation of
foreign body giant cells and the encapsulation of the biomaterial with fibrous
tissue. Monocytes invaded from the blood will arrive at the implantation site and
will differentiate into macrophages. They produce several chemokines like TNF-a,
IL-6, G-CSF and GM-CSF to attract additional monocytes and macrophages to
the area of interest. Macrophages adherent to the material surface produce TNF-a,
IL-1 and IL-6 to activate regional T-lymphocytes.

During the last decades, the biomaterial research concentrated on designing
materials that are well tolerated by the living organism, e.g. a newly formed
fibrous capsule that shields the implant from the tissue without initiating a severe
FBR. But today it has been realised, that specific cell-implant interactions could be
advantageous for the acceptance of the implanted foreign body to the host tissue
[3]. Modulating the implant surface can modulate the immune reaction towards
accepting or tolerating the biomaterial.

The human immune system is divided into two different types: the innate and
the adaptive immune system. The innate immune system is non-specific and
consists of natural barriers, e.g. skin and mucous membranes, phagocytes and the
complement system. The adaptive immune system is mainly comprised of lym-
phocytes, and it can be distinguished between the humoral and the cell-mediated
immunity. The innate and the adaptive immune system work together, hand in
hand, and cannot be separated completely from each other.

Immediately after the insertion of a biomaterial into a living tissue, proteins
from blood and interstitial fluids will adsorb to the biomaterial surface [3].
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The Vroman-effect describes the changes in protein adsorption and release which
is determined by the mobility of the protein and the affinity to the implant surface.
At the moment of insertion, the proteins with the highest mobility will arrive at the
implant site first and adsorb at the surfaces. Later, they will be replaced by slower
proteins with a higher affinity to the implant material. The blood-material-inter-
actions are described by the hematocompatibility of the biomaterial. Several
surface modifications may improve the hematocompatibility and the biocompati-
bility of the biomaterial. Due to the adsorption of proteins at the implant surface
directly after implantation, PMNs, monocytes and macrophages are attracted and
will bind to that layer by specific protein receptors. A modulation of the surface
protein deposition layer would restrict the binding of proteins and select required
types of proteins.

Other types of modification are the alteration of the surface roughness and
topography or the mimicking of the extracellular matrix. Also the loading with
anti-inflammatory mediators could improve the acceptance of the biomaterial and
down-regulate the foreign body reaction.

However, when these materials are used as scaffolds, matrices or substrates
for anchoring of living cells or layers of biological active molecules, the host
response to the bioactive composite of the biohybrid has to be taken into
account.

3 Compatibility of the Bioactive Compound

A critical issue in the therapeutic use of any bioactive implant is its biosafety. The
biological compound must be well tolerated by the host immune system, and it
needs to prove therapeutic effect over a longer period of time. Especially when
using differentiated or redifferentiated cells, absolutely no remaining proliferating
cells causing any types of tumors or teratomas are tolerated and the biological
compound has to integrate site-specifically.

The failure or lacking of one of these issues excludes the bioactive com-
pound from any use in humans. Therefore, extended in vitro and in vivo testing
has to be performed and the data have to be analyzed very carefully to avoid
any health risk.

An always existing risk associated with cell or tissue transplantation is the
graft-versus-host-reaction (GvHR). The GvHR is an immunological reaction
between an organism (host) and inserted cells or tissues (graft). In the majority
of cases, the origin of the transplanted cells or tissues is allogeneic, that means
that the donor and the recipient are different individuals of the same species.
In this case the specific major histocompatibility complex (MHC) of the donor
maybe different from that one of the host which leads to the rejection of the
transplant. Current therapy of that rejection is the suppression of the recipient’s
immune system to inhibit the defence of the grafted implant by administrating
steroids.
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A frequently investigated cell type in biohybrids for regenerative medicine is
the mesenchymal stem cell (MSC). MSCs are pluripotent cells that can dif-
ferentiate into a variety of cell types [4] and can be used in several therapies.
Because of the expression of MHC class I the MSCs will escape the lysis by
natural killer cells. Furthermore, MSCs inhibit immune cell proliferation and
activation [5]. In this respect the MSCs have an immune modulating potential
and are capable of producing an immunosuppressive environment expressing
cytokines [6]. Placing the MSCs into a three-dimensional construct (structural
compound) will allow for implantation at a specific location into the organism.
The choice of the scaffold material can affect the MSC differentiation and has
to be taken into account. As an example, the chondrogenic differentiation is
favoured by the presence of carboxyl- or hydroxyl-groups, whereas the osteo-
genic differentiation is benefited by the attendance of amino- and sulfhydryl-
groups in vitro [7]. The elasticity of the matrix influences the determination
into neuronal, muscle or bone lineage specification, as shown in cell culture
experiments [8].

Prior to seeding the scaffold material, the cells have to be harvested from
bone marrow, muscle, adipose tissue, umbilical cord or lung. Following har-
vesting, the cells have to be isolated and cultured. Contrary to the knowledge of
the unlimited potential of self-renewal of human MSCs, the cells cultured
in vitro underlay senescence and showed reduced differentiation potential [9].
Furthermore, Miura et al. demonstrated that the continuous passaging of murine
MSCs was leading to the formation of a fibrosarcoma after implantation in vivo
[10]. Moreover, the effect of the reduced supply of cells with oxygen and
nutrients in the center of any scaffolding material on the differentiation and
excretory activity of the cells needs to be considered in biohybrids for regen-
erative medicine [5].

As an investigative tool, non-destructive in vivo fluorescence imaging is a
valuable technique to enhance the design process of the structural component and
investigating the GvHR in the same animal at different time points [11]. Repetitive
measurements in the same animal provide an excellent option to follow the
biocompatibility and GvHR using targeted optical fluorescent imaging probes.
Moreover, the degradation pathway of fluorescent degradable scaffold components
can be followed by tagging the structural components of the scaffold.

4 Classification of Biohybrids

The successful use of biohybrids is reported multifold with great variation in
various biomedical applications. However, no systematic classification exists so
far. Here we suggest a simple classification of biohybrides according to their
functional unit and according to their possible therapeutical application.
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4.1 Classification of Biohybrids According to Their Function

The functional unit of a biohybrid may be described by one of the following
subgroups:

4.1.1 Three-Dimensional Spheroid Biohybrids

The use of three-dimensional spheroids has a longstanding tradition. First estab-
lished the 1950s [12], this powerful culture system was used very successfully for
developmental studies [13], in tissue engineering [14], as a basic step during
differentiation of embryonic stem cells [15, 16] and as a monitoring system for
drugs and other bioactive agents [17, 18]. More recently, three-dimensional
spheroids were also further developed by introducing scaffolds of biological [19]
or non-biological origin [20] as structural component. The structural component is
of minor importance and quantity in three-dimensional spheroids because they
consist mainly of cells and their extracellular matrix. However, because the three-
dimensional spheroid technique is mainly an in vitro technique, the biocompati-
bility of the structural component is only of minor importance.

4.1.2 Biohybrid Biosensors

Biohybrid biosensors have many functional similarities with three-dimensional
cultures. However in this use, the cells grow two-dimensionally and are combined
with chiplike scaffolds or matrices for sensing [21, 22]. Since these biosensing
approaches are applied mainly in vitro, biocompatibility is currently a minor issue.

4.1.3 Drug Delivery Biohybrids

One of the most interesting clinical fields of biohybrid applications is drug delivery.
For patients who need a continuously available therapeutic, it would be a significant
benefit, if a long-term drug depot could be implanted which releases the therapeu-
tic(s) at a controlled and physiological rate. Inevitably, these constructs have to be
deposited in the organism and biocompatibility is a major concern [23]. The struc-
tural part in these drug releasing biohybrids may consist of various biomaterials, e.g.
polylactid acids [24], hydrogels [25] or specific combinations [26]. Naturally, the
structural part must be highly biocompatible and non-toxic, independent from the
fact whether the structural part consists of a permanent or a biodegradable substance.

4.1.4 Encapsulating Scaffold Biohybrids

One of the most important and promising applications for biohybrids are cells in
scaffolds for tissue repair. The bioactive component of the biohybrid may consist
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of proteins [27] or cells, while the scaffold serves as necessary placeholder or
mechanical framework for the cells in all aspects of tissue engineering. Tissue
engineering is one of the most quickly expanding areas in biomedicine [28]. There
is an overwhelming amount of very different approaches focusing on many dif-
ferent cell types, tissues and functions which cannot be reviewed in detail here.
However, independent from its composition, these are the most challenging
biohybrid constructs, since the host has not only to face a structural non-biological
component, but moreover foreign proteins, cells or even a functionalized tissue
with hardly predictable reactions of the host immune system.

4.2 Classification of Biohybrids According
to Their Therapeutical Application

The most common use of the term biohybrid can be found in various fields of
regenerative medicine. It is obvious that biohybrids can be classified according to
their therapeutical use in different organ systems. Examples of therapeutical
biohybrids and their use are given below:

4.2.1 Neuronal Biohybrids

The central nervous system is the most complex human organ system and its
unique capacity is the foundation which distinguishes humans from their evolu-
tionary relatives. Therefore, non- or malfunction of parts of the nervous system
deeply impacts not only individual sensory or physiological functions, but also
affects a human’s self-image. Whereas the human peripheral nervous system has
some capacity to regenerate, axon regeneration in the central nervous system is
extremely limited [29] and the presence of adult stem cells has been discovered
only recently [30, 31]. Nevertheless, neural prostheses for the electric stimulation
of specific neural regions (e.g. cochlea implants, retina implants, deep brain
stimulation) have a partly long tradition and were successfully applied in clinical
settings [32]. Only recently, attempts were made to introduce real biohybrid
constructs for the therapy of degenerative diseases [33]. The biocompatibility of
neuronal prostheses is determined by the reaction of the central nervous system
specific microglia cells, which are the keyplayers in the immune system beyond
the blood–brain barrier [34].

4.2.2 Kidney and Liver Biohybrids

There are several approaches to develop artificial organs as an alternative in case
of failure or malfunction of the kidney or the liver system. With respect to kidney,
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tubular epithelial cells growing on semi-permeable hollow fibres were developed
[35, 36], mostly as an external device for hemopurification. Inevitably, these are
mostly technical driven developments and most innovations occur with respect to
the engineering of the membrane compartment [37]. While kidney biohybrid
devices are already in clinical use, the development of an effective liver assistance
technology remains challenging [38].

4.2.3 Pancreas Biohybrids

Worldwide, diabetes is one of the most widespread diseases, causing enormous
costs burdening social health systems and affecting the quality of life of the
affected people. It is not astonishing that the therapeutic treatment of diabetes is in
the focus not only of pharmaceutical companies but also in basic science,
especially because the aetiology of diabetes is well known. Although the reasons
and consequences of diabetes may be complex and manifold, the main focus of
biohybrid research lies on engineering cells which form the islets of Langerhans.
Great success has been achieved with the transplantation of islets of Langerhans
from donors; however, this method is limited by the availability of donor tissue
and problems of transplant rejection, since current immunosuppressive regimes
do not prevent graft rejection [39]. Therefore current research is focussing on
producing islet cells from different stem cell sources and to develop an encapsu-
lated cell therapy in the shape of a bioartificial pancreas, protecting the grafted
cells from the host immune system [40].

4.2.4 Cardiovascular Biohybrids

In the cardiovascular system, regenerative medicine concentrates on the cure of
cardiomyocyte loss using stem cells of different origins [41, 42], permanent or
biodegradable stents [43] with or without drug-eluting capacities to prevent e.g.
restenosis [44] and tissue engineered vessels [45]. Here, synthetic non-degradable
polymers, partly with functionalized surfaces, are used as well as degradable
polymeric scaffolds and biopolymers. In combination with bioactive molecules,
these scaffolds are able to promote and guide vascular regeneration processes [46]
which lead to cellular colonization and finally to the replacement of the artificial
graft by autologous cells and extracellular matrix.

4.2.5 Musculoskeletal Biohybrids

The structural component is of main interest in musculoskeletal biohybrids, since
these biohybrid systems are mechanically challenged implants with or without
functionalized surfaces in orthopaedic and dental applications. These functional-
ized surfaces may contain elements of the extracellular matrix, ceramics, ions or
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synthetic polymers responsible for an enhanced osseointegration, especially for
improving the adhesion of osteoblasts [47–49], bioactive proteins which serve as
growth factors [50, 51], antiinflammatory proteins [52] or antimicrobial substances
to prevent biofilm production [53, 54].

5 General Advantages and Limitations of Biohybrids

The general advantages of implantable biohybrids are the sustainable release of
physiologically or therapeutically needed molecules (drugs) and the ability for life-
long replacement of a specific tissue function. However, therapeutic cell trans-
plantation in combination with biomaterials usually conforms to the regulations of
a regenerative medicine product (RMP) which requires a more complex process
for certification than sole structural treatment strategies using only biomaterials
[55]. If the biomaterial is biodegradable, it becomes even more complex since the
degradation (by-)products need to prove general biocompatibility as well as
cytocompatibility to the transplanted cells. Overall, these complex regulatory
processes may prevent the interest of companies in biohybrid implants if the
advantage for the clinical treatment and the market is not clearly obvious.

6 Conclusions

Biohybrids are designed functional units composed of a structural and a bioactive
component which serves for a specific purpose in regenerative medicine, health
care or environmental sciences. As implants, these highly complex systems need to
prove the biocompatibility of the biomaterial and the immune tolerance of the
transplanted cells or bioactive molecules. In this sense, biohybrid implants are
clearly more challenging than the sole application of its components. However,
great hope and therapeutical potential is currently associated with this sustainable
long-term therapeutical approach. We have attempted to provide a classification to
keep the term biohybrid in a clear context in biomedical research.
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Interaction of Cartilage and Ceramic Matrix

K. Wiegandt, C. Goepfert, R. Pörtner and R. Janssen

Abstract As subchondral bone is often affected during cartilage injuries, the aim
of research is to generate osteochondral implants in vitro using tissue engineering
techniques. These constructs consist of a cartilage layer grown on top of a bone
phase. In clinical applications, phosphate ceramics have gained acceptance
as bone substitute materials because of their great affinity to natural bone.
Furthermore, the interaction between cartilage and the underlying bone equiva-
lent is essential for the development and success of osteochondral implants. Here,
the influence of a carrier containing hydroxyapatite on the quality of cartilage
constructs generated in vitro is investigated. Attempts are made to explain
the effects described, by considering chemical and physical properties of the
biomaterial.
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1 Introduction

Articular cartilage defects have only a limited potential to heal spontaneously,
which results in joint pain and restricted functioning [1, 2]. Small defects of the
articular cartilage surface lead to progressive loss of proteoglycans and disruption
of the collagen network. Often cartilage damage proceeds to a full-thickness
defect, which also affects the subchondral bone [3]. Consequently, regeneration of
the underlying bone has to be incorporated into cartilage repair. Additionally, as
the fixation of in vitro generated cartilage often causes problems during and after
implantation because of high shear stresses, e.g. of up to 1.7 times body weight in
the knee joint, a simultaneous replacement of cartilage and bone is advisable even
if the bone is not affected [4–6].

Tissue engineering approaches therefore focus on the generation of osteo-
chondral implants [7]. Instead of transplanting a cartilage–bone cylinder from a
non-load-bearing area of the joint into the defective site, as done during autologous
osteochondral transplantation (AOT), cells are cultivated in combination with
biomaterials in vitro. These biphasic constructs are designed to reconstruct carti-
lage tissue as well as the underlying bone after implantation [7, 8]. Integration of
the carrier into the bone provides an anchorage for the cartilage constructs in the
joint. According to Martin et al. [5], approaches can be divided into four strategies:
(a) The bone phase is grown with a scaffold, but the cartilage is cultivated without
a scaffold on top of the bone. (b) Different scaffolds are used for the bone and the
cartilage phase and cultivated separately. Scaffolds are connected during
implantation. (c) One scaffold is used for both phases. This scaffold has different
structures or compositions for the bone and the cartilage tissue. (d) One homog-
enous scaffold is used for both phases.

Bioceramics such as bioactive glasses, hydroxyapatite and other calcium
phosphates are often used for these approaches as they offer bioactive,
osteoconductive and partly osteoinductive properties [9]. Calcium phosphate
ceramics in particular are favoured as bone substitute or coating materials because
of their natural occurrence in the human body [10, 11]. Additionally, bioceramics
contribute good mechanical (compression strength, stiffness, wear resistance) and
chemical stability. Against this, their disadvantages are their brittleness and low
biodegradability.

During generation of osteochondral implants, biomaterials provide a scaffold
both for bone ingrowth as well as for cartilage formation. Thus, the applicability of
the bone equivalent to cartilage tissue has to be proven. As cultivation principles
often include a proliferation step of chondrocytes which is connected with a
dedifferentiation, as additional requirements biomaterials should exhibit not only a
carrier for cell growth but also have to support chondrocyte differentiation and
cartilage development.
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2 Relevant Substrate Properties for Tissue Engineering

Many requirements for biomaterials have been defined for the attachment of cells,
proliferation, differentiation or tissue development depending on the host tissue. At
an elementary level, the biomaterial has to be non-toxic, biocompatible, biode-
gradable if needed and must not elicit an inflammatory response from the body [9].
Besides these basic demands, the structural properties of scaffolds have recently
become relevant during development of the material. The role of biomaterials has
changed from bio-inert cell carriers to bio-functional materials whose properties
are used to interfere in cell behaviour, e.g. by mimicking the natural microenvi-
ronment [12]. Physical parameters such as the overall architecture, grain size,
surface structure, porosity, pore size and mechanical properties, as well as the
chemical composition, surface chemistry and charge of biomaterials, are known to
influence the process and quality of in vitro generated tissue and its adhesion to the
material [11, 13–15].

Physical characteristics of biomaterials have attracted attention for more than
three decades, with clinical studies showing a more effective integration of
implants into bone for rough than for smooth surfaces [16, 17]. As a consequence,
several studies have investigated surface properties of biomaterials, not only of in
vivo implants but also in the field of tissue engineering for a number of host tissues
[18]. In cell culture experiments, it was found that several cell types react to
modified substrate surface topographies, e.g. with an increase in adhesion,
acceleration of cell movement, orientation, morphological changes of the cells,
cytoskeletal changes, changes in contact inhibition, activation of phagocytosis or
changes in gene expression [19–22]. Furthermore, porosity and pore size are rel-
evant on the macroscopic scale to reduce mass transfer limitations of nutrients and
waste products or to allow tissue ingrowth [15, 23].

However, it is difficult and often not possible to separate chemical and physical
influences of biomaterials on cells. Hence, there is still an ongoing discussion of
the importance of chemical and physical aspects [24, 25]. One study differentiating
between physical and chemical effects showed that surface chemistry plays a role
during short-term attachment of cells, while the topography can be correlated to
the long-term adhesion [25]. Parameters which are influenced by substrate
chemistry and physical characteristics such as wetting properties, surface energy
and surface groups play a role in cell behavior [11, 13, 26–29]. It was further
observed that differentiation of certain cell types was supported by substrate
surface characteristics, even in the absence of differentiating factors added to the
culture medium [25, 30]. These results confirm that the choice of an adequate
scaffold during tissue engineering is an essential prerequisite for success [23, 31].
One reason for the reaction of cells to modified surfaces is the selective adsorption
and arrangement of proteins which may induce cell attachment, proliferation or
differentiation of cells [11]. Adsorption of molecules from culture liquid of body
fluids, including proteins for cell attachment, growth factors, lipids, sugars and
ions, is well studied. The adsorption of these molecules was shown to be specific
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for the physical and chemical properties of the biomaterial’s surface [13, 32].
Biological aspects of cell reactions including signal mechanisms inside the cells
will not be discussed here.

Thus, research aims to control cell reactions and tissue development with the help
of an adequate material. Because of the various interactive factors influencing tissue
formation—e.g. geometry, composition, porosity and surface structure including
macroscopic topography, roughness and grain size—the appraisal of results is dif-
ficult and the effects of modified substrate structure are therefore not yet fully
understood [18]. Furthermore, cell phenotypes and cells at different maturation states
react differently to material characteristics, and culture conditions and different
methods of analysis also influence the results [13, 18, 22, 25]. Literature review
shows that little is known of how chondrocytes and cartilage tissue respond to
different ceramic substrate properties [19]. Therefore, the following sections high-
light the impact of a carrier on cartilage quality compared to unsupported tissue over
a long cultivation period, important surface characteristics of biomaterials for car-
tilage tissue engineering, and the influence of carrier surface structure modifications.

3 Impact of a Hydroxyapatite Carrier
on Cartilage Formation

The results presented in the following are based on a cultivation principle
developed by Nagel-Heyer et al. [33]. Here, the osteochondral implant consists
of a ceramic carrier which acts as bone equivalent. On top of this carrier,
in vitro generated cartilage is cultivated without any scaffold. The principle
combines the advantages of AOT and ACT (autologous chondrocyte transplan-
tation), as autologous chondrocytes and synthetic scaffolds are used for the
formation of the three-dimensional cartilage–carrier constructs. This concept
allows controllable proliferation, differentiation and matrix production phases
[33–36]. As shown in Fig. 1, tissue is explanted from the defective articular carti-
lage. After an enzymatic digestion, chondrocytes are expanded within three sub-
cultivation steps in monolayer culture, as the initial cell number is limited by the
small size of the biopsy (step a). However, proliferation is accompanied by dedif-
ferentiation of cells. A portion of the dedifferentiated cells is cultivated on top of a
ceramic carrier to form a cell layer (step b). In previous studies, it was found that this
initial cell layer is necessary to improve bonding between in-vitro cartilage and the
ceramic carrier [37]. The other cells are re-differentiated in an alginate gel supported
by the addition of specific growth factors (step c). In step d, cells together with their
cell-associated matrix are recovered from the gel, seeded on top of the cell-coated
carrier and cultivated in a high-density cell culture. Afterwards, cartilage–carrier
constructs can be implanted into the defective cartilage–bone site.

Chondrocytes from 4-to 6-month-old pigs were used in experiments. The
concept was successfully applied in mini-pigs. After 1 year, the cartilage defect
was completely closed and the recently formed cartilage showed no difference
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from the surrounding tissue. However, no in vivo resorption or remodelling of
the calcium phosphate carrier (Calcibon�, Biomet, Germany) by bone could be
observed. As a result, the carrier was not integrated into the bone to an adequate
level [34]. For comparison of this cultivation principle with other types of bilay-
ered osteochondral scaffolds, we refer to the detailed review published by O’Shea
et al. [9].

The commercially available carrier Sponceram HA� (Zellwerk, Germany) with
diameter of 4.55 mm and thickness of 2 mm was used for the generation of
osteochondral implants. The carrier consisted of hydroxyapatite, derived by sin-
tering ground porcine bone. Hydroxyapatite was chosen as the bone substitute
material as it offers biocompatible, bioactive, osteoconductive and in some
cases even osteoinductive properties [38, 39]. The investigation of this carrier for
cartilage tissue engineering—the second phase of osteochondral implants—is
described in the following.

Important measurable parameters amongst others are porosity, surface
structure, hardness, Young’s modulus and the determination of surface groups.
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Fig. 1 Cultivation principle for the generation of cartilage–carrier constructs according to
Meenen, Adamietz, Goepfert et al
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From a macroscopic point of view, the surface of the Sponceram HA� received
exhibits a wavy structure with large local defects (Fig. 2). Profile measurements
determined defects with a diameter of up to 150 lm and a depth of up to 100 lm.
The scanning electron microscopy (SEM) picture shows a disordered structure of
coarse grains exhibiting a diameter of about 1–2 lm and a length of 5–10 lm.

Density determination revealed a porous structure with relative density of 43%.
Relatively small macropores allow no ingrowth of cells; for bone tissue, for
example, pore diameters of more than 300 lm are recommended [9]. As cartilage
is an avascular tissue, a scaffold which supports angiogenesis by an interconnected
porosity with adequate pore diameters is not required for nutrient supply [40].

Using the cultivation principle described above, cartilage–carrier constructs
were generated on top of Sponceram HA� carrier and compared to cartilage
cultivated without a carrier. Significant differences could be observed in the
mass and the thickness of tissue-engineered cartilage. The wet weight of cartilage
grown without a carrier compared to cartilage grown on top of a carrier was
33.4 ± 1.7 mg and 18.6 ± 4.3 mg, respectively. The thickness was determined to
be 2.4 ± 0.1 mm for unsupported cartilage and 0.7 ± 0.2 mm for cartilage–carrier
constructs. With a factor of 3.5 for the Young’s modulus and 2.3 for the glycos-
aminoglycan (GAG) content, values were significantly lower for the cartilage
grown on top of the carrier compared to cultivation without a carrier (Fig. 3).
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Fig. 2 Surface structure of the carrier Sponceram HA� determined by a focus variation with an
InfiniteFocus microscope, b by scanning electron microscopy and c by profile measurements
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To measure the absolute values, native porcine cartilage from which chondrocytes
were isolated was investigated with the same analytical methods and is addi-
tionally illustrated in Fig. 3. While the Young’s modulus for unsupported cartilage
was only about 13% of native cartilage, the GAG content reached 43%.

To estimate tissue organization, histological sections of the in vitro generated
cartilage tissue were prepared and glycosaminoglycans as cartilage extracellular
matrix components were stained red with Safranin O as shown in Fig. 4. While the
tissue of cartilage–carrier constructs showed areas with low glycosaminoglycan
content, the histological sections of cartilage without using a carrier during
cultivation showed a homogenous tissue in which glycosaminoglycans and
chondrocytes were evenly distributed. Additionally, a more prominent staining for
collagen type II than type I could be observed under all conditions (not shown
here). The distribution of collagens is comparable to that seen with Safranin
O staining. Histological slide in Fig. 4(a) shows that the different measured values
of the GAG content (and with it possibly also of the increased Young’s modulus)
of cartilage–carrier constructs compared to unsupported cartilage arose not only
from the tissue formed at the interface between biomaterial and cartilage, but from
the entire engineered tissue.
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Fig. 3 Young’s modulus and glycosaminoglycan (GAG) content of cartilage–carrier constructs
(construct), cartilage without a carrier (w/o carrier) and cartilage (with carrier) cultivated in
media containing a carrier (n = 4–5, a \ 0.05)

Fig. 4 Histological sections stained with Safranin O of a cartilage–carrier constructs, b cartilage
without a carrier and c cartilage cultivated in media containing a carrier
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Ongoing investigations aim to explain the negative effect of the hydroxyapatite
carrier on cartilage formation. For calcium phosphate ceramics in cell culture
media, several processes with effects on cell behavior can occur, like dissolution
from the ceramic, precipitation from the solution onto the ceramic and diffusion
into the ceramic or ion exchange at the ceramic–tissue interface [41]. To inves-
tigate if the material itself or some dissolution products of hydroxyapatite into cell
culture media cause this negative influence on tissue formation, cartilage without a
carrier was cultivated next to a carrier (Figs. 3, 4, notation:with carrier). No
significant effects could be observed between cultivation of cartilage cultivated
without and next to a carrier in the cell culture liquid, which is expected as
hydroxyapatite is known to have a low dissolution rate [42]. However, the pos-
sibility cannot be ruled out that high local concentrations of dissolution products or
a change in the pH near the tissue–biomaterial interface affect cartilage formation
when cultivated on top of the carrier.

Although no influence of dissolution products of hydroxyapatite in the culture
media could be observed in this study, surface properties of the carrier may still affect
cell reactions. Curran et al. [43] found that –NH2 and –SH modified surfaces promote
osteogenesis of mesenchymal stem cells, that –OH and –COOH modified surfaces
support chondrogenesis and that mesenchymal stem cells grown on –CH3 surfaces
maintained their phenotype. These surface groups were found to modulate focal
adhesion assembly, particularly selective integrin binding, and thereby regulate
cellular response [44]. As expected for hydroxyapatite, determination of surface
groups of the Sponceram HA� carrier by Fourier transform infrared spectroscopy
(FTIR spectroscopy) showed, besides PO4, predominantly OH functional groups.
In addition, hydroxyl groups are hydrophilic and this facilitates wetting of the bio-
material with cell culture liquid and initial adherence of cells. Altogether, regarding
chemical properties, it is assumed that the hydroxyapatite material of the carriers
Sponceram HA� has no harmful effect during the formation of in vitro cartilage and
that no disturbing impurities affect cartilage development.

When examining the influence of substrate properties on cartilage formation,
further parameters should be kept in mind, such as the surface topography. This is
discussed in the next section. In parallel to the chemical aspect of surface groups,
an enhanced surface energy can be measured for surfaces modified with hydroxyl
groups compared to the other functional groups mentioned [43]. Again, high
surface energy indicates advanced adhesion strength of cells [28]. Furthermore,
surface charge may be an additional factor which induces cell attachment and
differentiation [13, 45]. It is assumed that negative charges which occur due to
COOH groups interact strongly with serum proteins, but that OH groups offer a
rather neutral surface charge. Surface charges may alter the membrane potential of
cells and with it cause signaling inside the cell [13]. In addition, certain
mechanical parameters of the biomaterial such as the elastic modulus support cell
differentiation via focal adhesion complexes which act as mechano-transducers at
the cellular level [15, 46–48]. With nanoindentation measurements, a Young’s
modulus of 1.7 ± 0.4 GPa for the Sponceram HA� carrier was measured, which on
comparison to the Young’s modulus for bovine native cartilage of 0.08–2.1 MPa
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[49] does not provide a natural microenvironment for chondrocytes, at least for the
cell layer near to the carrier. Teixeira et al. [39] could demonstrate that endo-
chondral ossification of a growth plate cartilage to bone took place on biphasic
calcium phosphate scaffolds because of their mechanical and chemical analogy to
the mineral phase of hard tissue. Bone formation was also observed after
implantation of calcium phosphate ceramics in ectopic tissues such as muscles
[50], leading to the hypothesis that calcium phosphates as hydroxyapatite support
hard tissue synthesis.

During discussion of the reduced cartilage quality when cultured on top of a
carrier compared to unsupported tissue, mass transfer limitations due to the carrier
have to be kept in mind. Tissue generation on top of a carrier is affected by a
insufficient nutrient supply from the bottom. Despite porosity of more than 50% of
the Sponceram HA� carrier, diffusion of nutrients and gases is hindered by the
carrier itself and additionally by the impermeable clamping device used to fix the
carrier in the liquid. Therefore, waste products such as lactate and CO2 can only be
slowly removed from the matrix, which may lead to a decrease in pH. Low pH
may result in a reduction of the osmotic pressure which induces cell reactions
[51]. Mass transport limitations of the cartilage tissue can be improved by using
bioreactor systems such as a flow chamber or loading reactors [35, 52, 53].

4 Time Course of Cartilage Formation

Although cartilage–carrier constructs and cartilage without a carrier are cultivated
under the same conditions, cartilage grown without a carrier attained a signifi-
cantly higher quality of the matrix. Knowledge of the progress of cartilage may
help to identify differences in cartilage development and further optimize culti-
vation protocols by defining time windows for biochemical and biomechanical
stimulations. Additionally, in consideration of the clinical applications of in vitro
generated tissue, it is necessary to reduce the cultivation time before implantation.
The development of cartilage was thus studied over a long time period. Constructs
cultivated with and without carriers were harvested after 1–5 weeks of cartilage
high-density cell culture (step d) as shown in Figs. 5 and 6.

Only slight changes in cartilage quality could be observed during cultivation of
cartilage–carrier constructs. In contrast, biochemical and biomechanical properties
varied over time during cultivation without carriers. By increasing cultivation
time, the masses of cartilage increased significantly (a\0.05). Young’s modulus
and GAG content showed a maximum after 3 weeks of cultivation. Significant
differences in the Young’s modulus were detected between the first to the
third week and second to fifth week (p \ 0.001), and there was also a significant
difference in the GAG content between the third to the first and fifth weeks
(p = 0.002). Changes in Young’s modulus may be correlated with the GAG
content in tissue engineered cartilage, as zonal organization and orientation of the
collagen network could not be observed in unsupported cartilage using the
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cultivation procedure presented above [54]. The DNA content relating to cartilage
mass significantly decreased with cultivation time (p \ 0.001), probably because
distances between cells increased due to the enhanced amount of extracellular
matrix. Consequently, GAG-to-DNA ratio increased significantly (p \ 0.001).
Ofek et al. [55] in a long-term study also observed no further improvement of
cartilage properties (GAG per wet weight, Young’s modulus and collagen per wet
weight) after 4 weeks of cultivation. It is assumed that after this period exogenous
stimulation mechanisms such as mechanical loading or additional growth factors
are necessary to further enhance cartilage characteristics.

Although a decrease in DNA content related to cartilage mass could be observed,
the total DNA and GAG contents increased during the cultivation time (Table 1), so
that a stable growth of cartilage is achieved even over 5 weeks of in vitro cultivation.
With a specific DNA content of 6.05 pg per cell for porcine chondrocytes, the cell
number was 1.99106 cells for a construct cultivated on top of a carrier and 2.49106

cells for a construct cultivated without a carrier after 5 weeks. With a starting cell
number of 1.89106 cells per construct, cells hardly proliferated during this period,
which is desired as cartilage contains only about 2–10 vol.% of chondrocytes [56].
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Fig. 5 Mass, thickness and Young’s modulus of cartilage–carrier constructs and unsupported
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Differences in the development of cartilage–carrier constructs and unsupported
cartilage can be already observed after 7 days of cultivation. In particularly, mass,
Young’s modulus, GAG content and GAG-to-DNA ratio developed differently
depending on culture conditions. While a decrease in Young’s modulus and GAG
content of cartilage cultivated without a carrier appeared after 3 weeks, the same
but less pronounced effect could be observed for cartilage–carrier constructs after
only 2 weeks. While the total GAG content of unsupported cartilage was increased
by a factor of 4.5, the GAG content of cartilage–carrier constructs only doubled
within 5 weeks (Table 1). Thus, exogenous stimulation of cells must be applied
already after 2 weeks during cultivation of cartilage without a carrier, while cul-
tivation of cartilage–carrier constructs must be optimized after 3 weeks.

5 Impact of Surface Structure

As many studies have already shown, the surface structure of biomaterials con-
siderably influences cell behaviour and with it the success of tissue engineering
methods. For example, Hallab et al. [28] measured enhanced adhesion shear
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Fig. 6 DNA content, GAG content and GAG-to-DNA ratio of cartilage–carrier constructs and
cartilage grown without a carrier cultivated for 5 weeks. Significant differences (a\0.05) are not
shown (n = 4–5)
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strength of fibroblasts predominantly with increasing surface energy and, in the
second instance, with increasing roughness on metallic and polymeric substrates.
Dos Santos et al. [24] observed that, by culturing osteoblasts on hydroxyapatite,
surface topography influenced cell differentiation more than changing surface
chemistry. In particular, it could be shown that roughness on the micro- and
nanometer scale influences cell morphology, cytoskeletal organisation, prolifera-
tion or differentiation of various cell types [24]. Again, the reason for cell
behaviour on different surfaces was unclear. Ponche et al. [18] described that,
considering the relevant scale, the arithmetic roughness parameter Ra correlated
with the wettability of titanium surfaces, which may influence selective adsorption
and arrangement of proteins. However, other effects on cell behavior on modified
surfaces structures can also be found in the literature. For example, Papenburg
et al. [29] stated that surface topography seems to have a predominant effect versus
wettability on the morphology of pre-myoplasts cultured on various materials.

To eliminate the effects of biomaterial composition, surface structures were
modified by various methods such as photolithography and chemical treatment
[57, 58], glancing angle deposition [22], laser blasting or deep reactive ion etching
[59]. With these techniques, highly organized surface structures of different geo-
metrically forms such as pillars, cubes or grooves in the nano- and micrometer
scale range can be produced [18, 25]. However, these methods are sophisticated
and consequently the carriers are very different from carriers which can be used as
implants in the clinical routine. To work according to clinical applications and to
ensure exactly the same chemistry of the biomaterial, in the following study the
above-mentioned commercially available hydroxyapatite carrier was used for the
investigation of different surface topographies. Because of the low mechanical
stability of the carriers—a low hardness of 14.0 ± 5.5 MPa and Young’s modulus
of 1.7 ± 0.4 GPa were determined by nanoindentation measurements—conven-
tional grinding/polishing failed to create smooth and homogeneous surfaces. Soft
materials like plain paper and ink jet polymer sheet foils were therefore used as
grinding tools to modify the surface topography in the direction of smooth (using
plain paper) or structured (using rough polymer sheets), when compared to the
rough and inhomogeneous untreated carrier (Fig. 7). These methods did not
influence the nano-scale roughness, grain size and porous structure, but the
macroscopic surface topographies of the hydroxyapatite.

Table 1 Total DNA and GAG contents of cartilage–carrier constructs and cartilage without
carriers according to cultivation time (n = 4–5)

Time [d] With carrier Without carrier

DNA [lg] GAG [lg] DNA [lg] GAG [lg]

7 9.05 ± 1.39 207.7 ± 55.4 11.70 ± 0.44 523.2 ± 17.7
14 10.61 ± 0.44 399.9 ± 22.9 13.02 ± 0.45 994.6 ± 61.7
21 9.52 ± 1.53 362.3 ± 182.4 13.50 ± 0.47 1568.5 ± 84.5
28 10.80 ± 2.32 236.8 ± 91.1 15.62 ± 0.26 2005.4 ± 124.4
35 11.58 ± 1.62 415.9 ± 107.1 14.50 ± 0.54 2339.5 ± 134.8
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Expanded dedifferentiated chondrocytes were seeded onto carriers with modi-
fied surface structures for proliferation. The formation of a cell layer was visu-
alized by scanning electron microscopy after 2 weeks of cultivation. While the
untreated carrier showed a closed cell layer, only a low number of cells is visible
on top of the modified surfaces (Fig. 8). In particular, 200,000 cells were seeded in
all three samples. After two weeks, 290,000 ± 40,000 cells were detected on the
substrate as received, whereas on the polished samples the cell number was below
the detection limit. Thus, no great expansion was observed and, as a consequence,
on the polished surface cell deaths even occurred.

Next, cartilage–carrier constructs as described above were prepared using
carriers with the different surface structures. The adhesive strength between carrier
and tissue was estimated by applying subjective values, detaching cartilage from
the biomaterial with the help of tweezers. The results indicate that the connection
between tissue and biomaterial was weaker for constructs on top of the polished
surfaces than for untreated surfaces. Afterwards, the remaining cells of the carrier
were also stained using DAPI as shown in Table 2. Five times more cells were
found on top of the untreated carrier than on the polished surfaces. It was assumed
that, in contrast to the modified surfaces, the tissue was disrupted during adhesion
strength estimation because of a strong bond between cartilage and biomaterial.

Fig. 7 InfiniteFocus images of commercial grade Sponceram HA� a as received, b after surface
polishing using plain paper and c using polymer sheet as grinding tools (adapted from Wiegandt
et al. [60])

Fig. 8 SEM pictures of a cell layer grown on modified carrier surfaces: a cell layer on the rough
and inhomogeneous carrier as received, b cell layer on the smooth carrier polished using plain
paper, c cell layer on the structured carrier polished using polymer sheet (adapted from Wiegandt
et al. [60])
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Results are comparable with the formation of the cell layer which is necessary to
trigger connection between carrier and tissue.

Young’s modulus and GAG content were also measured as quality parameters.
Constructs using carriers with modified surface structures showed slightly higher
Young’s moduli than those using untreated carriers. Differences in the biochemical
parameters could hardly be observed when comparing cartilage–carrier constructs
with modified surface topographies among each other (Fig. 9). Comparing histo-
logical sections, glycosaminoglycans are unequally distributed in constructs grown
on the top of untreated carriers (Fig. 10) [60].

Table 2 Remaining cells per carrier with different surface structures after removing constructs
(n = 4)

Surface
modification

As received Polished using
plain paper

Polished using
polymer sheet

Surface Rough and inhomogeneous Smooth Structured

Cells per carrier 31.8 9 103 ± 6.1 9 103 6.4 9 103 ± 4.3 9 103 5.2 9 103 ± 2.4 9 103

0.00

0.01

0.02

0.03

0.04

0.05

polishedpolished
structuredsmoothrough

Y
ou

ng
's

 m
od

ul
us

 [M
P

a]

0

10

20

30

polishedpolished
structuredsmoothrough

G
A

G
[µ

g/
m

g C
ar

til
ag

e]
 

Fig. 9 Young’s modulus and GAG content of cartilage–carrier constructs cultured on rough and
inhomogeneous surfaces of the carriers as received, on smooth surfaces of the carriers polished
with plain paper and on structured surfaces of the carriers polished with polymer sheet (n = 4–6)

Fig. 10 Histological sections stained with Safranin O of cartilage cultured on a rough and
inhomogeneous surfaces of the carriers as received, b smooth surfaces of the carriers polished
with plain paper and c structured surfaces of the carriers polished with polymer sheet
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In summary, inhomogeneous and rough surfaces of hydroxyapatite support the
proliferation and adhesion of chondrocytes and cartilage tissue, but lead to inferior
quality of the engineered matrix. The negative influence of the carrier shown
above was perhaps increased by a stronger adhesive strength to the tissue, com-
pared to the modified smooth and structured surface topographies.

6 Conclusion

For the repair of cartilage defects, osteochondral implants offer the possibility of
restoring cartilage tissue and additionally also the subchondral bone, and of
anchoring the cartilage effectively in the joint. In the example presented here, a
hydroxyapatite carrier was used as bone equivalent substrate and autologous
cartilage tissue, which besides bone is the second tissue in osteochondral implants,
was cultivated without a scaffold on top.

It was shown that cultivation on top of this ceramic carrier has a significant
negative influence on the quality of the in vitro generated cartilage compared to
unsupported tissue and, surprisingly, this effect was observed not only at the
interface but also in the entire cartilage formed. Results indicated that the com-
position and surface chemistry did not negatively influence cartilage quality,
whereas already moderate modification of surface structure causes slight changes
in the biomechanical quality, distribution of glycosaminoglycans, adhesive
strength between cartilage and biomaterial, and in attachment and proliferation of
a chondrocyte monolayer. These studies produced interesting results, but the
negative effect of cultivation on top of the carrier still remains inexplicable.
For example, the nutrition supply of the cartilage tissue grown on top of a carrier
was not investigated and may be limited by the impermeable carrier and holding
device. Improvements in holding device, culture conditions, porosity and pore size
of the carrier are needed to increase mass transfer.

In conclusion, the application of bioceramics—especially hydroxyapatite—
seems to be suitable for the generation of the osteochondral implants described,
but a further adaptation of the carrier to cartilage cultivation is an essential
prerequisite for success. Modulation of physical and chemical properties
may support differentiation of chondrocytes and tissue formation. In addition,
integration in the subchondral bone has to be proven and the pore diameter for
bone ingrowth has to be increased. With regard to the progress of the culti-
vation protocol, unsupported cartilage tissue with a glycosaminoglycan content
of nearly 45% compared to native porcine cartilage could be generated in vitro,
but the desired biomechanical properties of the tissue cannot be achieved at
present.
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of Biomaterials
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Abstract The human body is a composite structure, completely constructed of
biodegradable materials. This allows the cells of the body to remove and replace
old or defective tissue with new material. Consequently, artificial resorbable
biomaterials have been developed for application in regenerative medicine.
We discuss here advantages and disadvantages of these bioresorbable materials for
medical applications and give an overview of typically used metals, ceramics and
polymers. Methods for the quantification of bioresorption in vitro and in vivo are
described. The next challenge will be to better understand the interface between
cell and material and to use this knowledge for the design of ‘‘intelligent’’
materials that can instruct the cells to build specific tissue geometries and degrade
in the process.
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1 Introduction

1.1 Stable and Degradable Biomaterials

By definition, biomaterials come into close contact with tissues of the body [1].
As soon as this happens, an interaction starts between the body and the material.
Body fluids represent an extremely corrosive mixture of fluid, ions and proteins
[1–4]. Movement of the body leads to mechanical stresses in the form of bending
and shearing forces, which further promote the degradation of the material [5].
Additionally to this ‘‘passive’’ degradation, there is an inflammatory cellular
response to foreign materials, which includes immune cells like monocytes,
neutrophils, lymphocytes, macrophages or osteoclasts, and these cells can actively
participate in the bioresorption (For review see [1]). The degree and nature of this
foreign body response also depends on the properties of the device, such as material
composition, three-dimensional morphology including porosity, surface structure
and surface chemistry [6–8]. There are two main strategies for dealing with this
tendency of the body to attack external materials: (1) try to find and use materials that
are as inert as possible and do not induce an adverse inflammatory reaction; (2)
integrate the body’s innate repair mechanisms into the design of temporary devices,
which can be slowly degraded or replaced by healing tissue when their work is done.
The advantages and disadvantages of these two approaches are directly linked to the
intended application, the site of implantation and the specific patient. An implant
that is designed to last inertly for 20 years inside the body is a good option for a
70-year-old patient. In a 30-year-old patient, or even more in growing children, it is
obvious that a strategy which involves regeneration may be a better solution.
A necessary precondition, limiting the use of temporary supporting or augmenting
biomaterials, however, is sufficient healing or regeneration capacity of the tissue,
ensuring that after healing the implant is no longer needed [9].

1.2 Medical Applications for Resorbable Biomaterials

Consequently, bioresorbable implants are of great use for the temporary
management of tissue defects in tissues with a usually good healing ability like skin,
bone or tendon. Here fixation of the tissue improves the healing process and after the
tissue is regenerated it can support its own structure without the need of the
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biomaterial [10]. For the same purpose, non-resorbable materials can also be used,
but these have to be actively removed after the treatment, resulting in additional
operations with all the complications for the patient, including pain and costs [10].

Widely used applications of biodegradable materials are therefore sutures and
bands for the closing of soft tissue wounds or in the repair of tendons and liga-
ments [11]. Gauzes, felts and velour dressings made of biodegradable fibers are
used in the treatment of burns or traumatic injuries [12]. Degradable polymeric
meshes have been studied for their use in arterial grafting [13–16] and for sple-
norrhaphy and pelvic peritoneum reconstruction [17].

Bioresorbable implants have also been used in orthopedics and traumatology
[18]. The use of bioabsorbable osteosynthetic screws, pins and nails in patients with
peri- and intra-articular fractures has been shown to lead to bony union without any
abnormal blood levels, infections or foreign body reactions [10, 19, 20].

In bone, controlled degradation can have an additional benefit. Bone is constantly
remodeled and adapted to the load it has to bear [21]. A rigid fixation with a stiff
implant will lead to decreases in stress levels inside the bone (stress shielding) which
results in active degradation of the bone tissue by osteoclasts with deleterious effects
on the mechanical properties of the bone [1, 22–25]. Ideally, controlled degradation
of a temporary material leads to consecutive loss of mechanical strength of the device
which in turn leads to slowly rising forces in the healing tissue, thereby enhancing the
healing process and avoiding the unwanted consequences of stress shielding.

For medical devices in the cardiovascular system like intravascular stents, the
mechanical forces are also important. An implant made of such a material should
be able to function fully under constant blood flow until the diseased vessel
completely recovers. After that, the stent should be gradually dissolved, consumed
or absorbed [26].

Apart from these long-used applications, progress in the development of novel
biomaterials has enabled the invention of a variety of novel medical technologies,
like drug and gene delivery systems, tissue engineering and scaffold-based cell
therapies, organ printing, nanotechnology-based diagnostic systems and micro-
electronic devices [27].

2 Biodegradable Materials

The materials utilized for temporary biomedical devices include metals, ceramics,
glasses, polymers and composites of the former [1,28].

2.1 Metals

After decades of designing strategies to minimize the corrosion of metallic biomate-
rials, there is a growing interest in using corrodible alloys in a number of medical
applications [29]. When metals are used in implants, corrosion is always a concern
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and has therefore been studied extensively in metallic biomaterials [30, 31].
This corrosion is facilitated by anions, cations, biological macromolecules and
mechanical load, which are available in abundance in the physiological environment
into which biomaterials are implanted [32]. On the side of the implant, geometric,
metallurgical and surface properties play a role [30]. Degradation may result from
electrochemical dissolution phenomena, wear, or a synergistic combination of the two
[30]. The electrochemical degradation can be generalized, affecting the whole surface,
localized at areas that are shielded from tissue fluids (crevice corrosion), or random
(pitting corrosion) [30]. Examples of interactions between electrochemical and
mechanical influences include stress corrosion cracking, corrosion fatigue and fretting
corrosion, which may cause premature structural failure and accelerated release of
degradation products [30]. These degradation products include wear debris, colloidal
organometallic complexes (specifically or non-specifically bound), free metallic ions,
inorganic metal salts or oxides, and precipitated organometallic storage forms [33].
These products can form complexes that sometimes elicit hypersensitivity responses
[33]. There are also reports indicating possible side effects due to release and accu-
mulation of metal ions into the surrounding tissues [34]. Thus the current aim of
researchers and engineers is to control the rate of degradation/corrosion by developing
novel alloys while minimizing the effects of the products of degradation.

2.1.1 Iron

Cardiovascular diseases account for the majority of the deaths worldwide, and the
numbers are only expected to grow in the coming years [35]. This has led to sizeable
resources being allocated to research in developing better arterial stents, which help
combat coronary heart diseases. It is well know that iron is an essential element in the
human body. For this reason iron is thought to offer acceptable biocompatibility
when used in degradable materials investigated for stent applications [36]. Iron has
good mechanical properties and a relatively low degradation rate. Its biodegradation
leads to oxidation of iron into ferrous and ferric ions, which then dissolve in bio-
logical fluids [37]. Iron stents can be fabricated by casting or using electroformed
iron (E-Fe), which has a faster degradation speed with a uniform degradation
mechanism. E-Fe also inhibits cell proliferation of smooth muscle cells without
decreases in metabolic activity [36]. This may be due to the increased degradation
speed, probably leading to higher concentrations of ferrous ions around the cells,
which has been shown to reduce the proliferation of smooth muscle cells under in
vitro conditions [37]. For application as stent material, this may be an additional
benefit, as it may inhibit neointimal hyperplasia and in-stent restenosis [37].

2.1.2 Magnesium

The use of magnesium in biological systems dates back to 1906 when it found
application as fracture fixation plates [38]. Thus when novel applications for
biodegradable implants were developed recently, magnesium was an obvious
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choice for evaluation [39]. The modulus of elasticity of magnesium is closer to
bone than the elastic modulus of commonly used metal implants like titanium or
cobalt–chrome–molybdenum–alloys. This property of magnesium makes it inter-
esting for orthopedic applications. The corrosion rate of pure magnesium is
however too high for application as an implant material [40]. Studies have shown
that corrosion as well as mechanical properties can be positively influenced when
magnesium is alloyed with rare earth metals [40–44], The properties of these
magnesium alloys may help develop implants that can act as a scaffold on which
new bone can grow, as well as fixtures to hold together bone long enough to allow
natural healing to take place [41]. Magnesium has also recently been investigated
as a possible material for intravascular stent applications [41, 45]. It has been
shown that hemolysis and platelet adhesion can be positively influences by certain
alloys [45].

2.1.3 Tungsten

Degradable coils made of tungsten were used in a series of pediatric patients [46]
for the occlusion of pathological vessels. On follow-up, fluoroscopic analysis
showed a decreased radio-opacity indicating degradation of the coils. Corre-
spondingly, there was a marked increase in serum levels of tungsten and the
previously occluded vessels were recanalized. Although in vitro analysis of the
tungsten coils, which interestingly was performed after the clinical application,
showed a slow degradation and low toxicity of tungsten [47], its further applica-
tion for this indication is not recommended [46] by the authors.

2.2 Ceramics and Glasses

When considering ceramics, glasses and glass–ceramics as biomaterials, a wide
range of characteristics are observed especially in terms of stability in physiological
environments [1]. They can be categorized into three groups based on their surface
reactivity: essentially inert materials, soluble materials, and intermediate materials
with limited or controlled surface reactivity [48]. Ceramics, typically alumina [49]
and certain hydroxyapatites (HA), are biologically inert, especially dense calcium
hydroxyapatite [48], the naturally occurring mineral phase of bones and teeth [1].
Close relatives of these HA such as tri-calcium phosphate (TCP) or calcium-alkali-
orthophosphates are biodegradable [50–53]. Different factors have been determined
that influence the degradation behavior of ceramic biomaterials. These include:
physical forms (degrees of micro- and macro-porosity; density); composition (TCP
vs. HA; glass composites vs. HA ceramic) and crystallinity (e.g. coralline HA vs.
HA ceramic) [54]. In materials made from powders, disintegration is mainly
governed by the solubility product of the necks connecting the powder particles
after crystallization [55]. Consequently, when the necks are dissolved, the materials
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break down into the original particles. It has been shown that those particles can
induce inflammatory responses depending on their size [56, 57]. On the other hand,
controlled surface reactivity can be used to provide the surrounding cells with the
building blocks, such as calcium and phosphate, for the new tissue or stimulate the
cells with leaching bioactive components [1]. Osteoclasts and macrophages are
involved in phagocytosis and in resorption of bioactive ceramics and glasses [54].
The non-degraded materials tend to accumulate to form extracellular deposits [58].

2.3 Polymers

The development of artificial polymers has changed almost all fields of modern
science and engineering. Biodegradable implants are no exception to this. Bio-
degradable polymers typically contain linkages susceptible to hydrolysis. If such a
material is hydrophilic and capable of absorbing water, the physiological envi-
ronment will lead to its degradation [59]. Tissue enzymes can greatly influence
this process. Enzymes are catalysts for specific biochemical reactions. Certain
enzymes are able to induce or accelerate hydrolytic degradation of polymers,
which are normally not degraded at body temperature [1, 60–62]. In addition,
certain cells of the immune system are involved in the degradation and resorption
process, either by their attachment to polymer surfaces and the release of
destructive enzymes on to the surface [63] or by the ingestion of fragments of the
polymer. Degradable polymers include: polyglycolide acid (PGA) [64, 65],
poly(L-lactide) (PLL), PLGA [66, 67], PLLA [68, 69], poly(D-lactide) (PDL),
poly(c-caprolactone) (PCL) [70], polyphosphazenes [71, 72], poly(orthoester)
(POE) [73], poly(beta-hydroxybutyrate) (PHB) [64], polyhydroxyalkanoates
(PHA) [74, 75], polyesters based on fumaric acid (PPF) [76–79], tyrosine-based
polycarbonates [80, 81], rosin-based polymers [82–84], and the naturally occur-
ring polymer collagen [85].

3 Measurements of Bioresorption

To be able to develop new biomaterials with tailored degradation characteristics, it
is necessary to have methods available to quantify the extent of the degradation
under different conditions (Table 1).

3.1 ISO Medical Biomaterials Degradation Assays

The International Organization for Standardization (ISO) is a worldwide federa-
tion which mainly focuses on establishing standards worldwide (www.iso.org).
The main advantage of this approach for testing of biodegradation is that even if
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materials are developed and tested in different countries by different groups, the
results can still be compared to each other. ISO 10993 is a series of such standards
designed to evaluate the biocompatibility of medical devices before clinical
evaluation. It is now the generally accepted standard procedure for the evaluation
of medical devices. There are three parts to the ISO 10993 used for analyzing
biomaterial degradation: (1) ISO 10993-13: Identification and quantification of
degradation products from polymeric medical devices; (2) ISO 10993-14: Iden-
tification and quantification of degradation products from ceramics; (3) ISO
10993-15: Identification and quantification of degradation products from metals
and alloys. These three parts cover all the important current degradable materials
for medical purposes.

3.1.1 ISO Degradation Assays for Polymeric Materials

For polymeric biomaterials, such as collagen, PLA, PCL or PGA, ISO 10993-13 is
the suitable test. ISO 10993-13 has two major parts: (1) the accelerated degradation
test and (2) the real-time degradation test. Accelerated degradation testing is
mainly used for a first assessment of general degradability of such biomaterials in
vivo. The principle of the accelerated test is to immerse the material in a simulated

Table 1 Biomaterial resorption assays

Analyzing principle Pros Cons

In vitro
ISO 10993-

(13–15)
Weight changes after

direct contact with
simulated in vivo
fluids

Standard assay, easy to
conduct and analyze

Many of the in vivo
biomaterial resorption
factors (e.g., growth
factors, body
temperature, cells,
hormones) are not
considered

Cell-based
resorption
assays

Analysis of material
surface change after
cell mediated
bioresorption

Cells, which are a major
resorption factor are
considered;
individualized
assessment possible

Not all the in vivo factors
can be included; it is
difficult to standardize
the procedure;
resorption analysis is
sometimes difficult

In vivo
Implantation

in animals
To mimic the in vivo

human environments
as closely as possible,
evaluation by
histology or imaging

Complete physiological
environmental
conditions

Ethical issues, expensive

Clinical
studies

To detect human-specific
effects with all the
clinical level tests

Valid results Ethical issues, safety issue
for clinical trial
candidates

Bioresorption and Degradation of Biomaterials 323



body fluid, at a temperature higher than 37 �C and lower than the melting tem-
perature for a period of between 2 days and 60 days. This test will lead to sample
degradation, which can be analyzed by sample mass balance and molecular bal-
ance. If the information gathered from the accelerated test is not sufficient to justify
the use of the material, the real-time test will additionally be applied. This test is
designed to mimic the real-time in vivo environment. Therefore, it is conducted at
normal body temperature (37 �C) and four different time periods are required. After
these periods, the same mass balance analysis and molecular mass analysis will be
applied and the information on degradation characteristics will be derived from
these data. Both accelerated degradation and normal degradation tests are mainly
designed to stimulate hydrolytic and oxidative degradation.

ISO Degradation Assays for Ceramic Materials

Ceramic materials, which are commonly used in dental and orthopedic applica-
tions, are analyzed differently from polymers. ISO 10993-14 is mainly designed
for testing in vitro degradation of ceramic materials in solutions of different pH.
The test consists of two parts: (1) degradation in an extreme solution, typically
citric acid buffer solution (pH 3) which represents the worst possible environment
in vivo for the material; (2) degradation in a solution that represents the normal in
vivo environment, typically Tris-HCl buffer with a pH of 7.4 ± 0.1. This test is
very easy to conduct and thus is adopted frequently in pre-clinical testing of
ceramic materials.

ISO Degradation Assays for Metals

Since metals or alloys possess high electrical conductivity, the degradation test for
metals or alloys measures not only the possible chemical degradation by immer-
sion testing but also the potentiodynamic and potentiostatic ability of the materials,
trying to predict the in vivo electrochemical behavior. The electrolyte used for
analysis can be an isotonic aqueous solution of 0.9% sodium chloride, artificial
saliva or artificial plasma. The surface of the material, mass balance and elec-
trochemical behavior are measured as parameters to estimate the possible in vivo
degradation.

3.1.2 Degradation Assays for Composite Materials

In recent years, more and more medical devices have been constructed from more
than one class of biomaterials. In this case, therefore, a combination of the above
tests is usually necessary and an assessment is needed of whether each part of the
medical device needs to be analyzed separately or if a combined analysis is
reasonable.
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3.2 Cell-Based Resorption Assays

For reasons of standardization, ISO testing of material degradation disregards
many of the influences observed in vivo, such as active cellular influences. This
may be an explanation why some materials which were shown to be fully
degradable under ISO conditions have still been detected after years of in vivo
implantation [86, 87]. Therefore, to improve the prediction of in vivo behavior,
cell-based degradation testing has been developed (Fig. 1).

Several kinds of cells have the ability to resorb foreign materials such as
osteoclasts and macrophages [88, 89]. The most commonly used cells for ana-
lyzing resorption in vitro are osteoclasts. This is probably due to the widespread
clinical application of such materials in both dental and orthopedic patients.
Primary osteoclasts are found in abundance in the bones of neonatal animals
[90]. In 1984, Chambers and colleagues isolated osteoclasts from neonatal rabbit
long bones by fragmenting the bone structure in HEPES-buffered medium [91].
Similar isolation procedures were then transferred to neonatal rat and neonatal
chicken [92]. In addition, Jones et al. [93] found that osteoclasts isolated by the
same approach showed no differences in species (rat, chicken or rabbit) with
regard to biomaterial resorption. This method was considered by some
researchers to be the best for the isolation of large numbers of primary osteo-
clasts [94]. Besides primary osteoclasts, differentiated osteoclasts, especially
differentiated human osteoclasts, have recently been studied for this purpose,
because they promise to permit individualized testing of the material with the
cells of specific patients [52, 53]. Two factors are essential for osteoclast dif-
ferentiation: receptor activator of nuclear factor kappa-B ligand (RANKL) and
macrophage colony-stimulating factor (M-CSF). Both RANKL and M-CSF are
secreted by osteoblasts for activation of osteoclast differentiation. M-CSF is a
hematopoietic growth factor involved in the proliferation and differentiation of
monocytes [95]. Although indispensable for osteoclast differentiation, high
concentrations of M-CSF actually inhibit osteoclast formation in vitro. The
identification of RANKL as a differentiation factor for osteoclasts and its
recombinant production has had a major impact on cell-based resorption assays
[96]. Isolation of mononuclear precursors from different sources and species and
differentiation into osteoclasts has since become more and more popular in cell-
based resorption assays.

Since cellular resorption typically leads to only subtle changes in the surface
structure of the material, the evaluation of the material mass is usually not suitable
for cell-based resorption assays and specialized methodology is necessary.

The analysis of surface resorption of biomaterials is commonly based on
several classical and also advanced optical methods such as light microscopy
(LM), scanning electron microscopy (SEM), confocal laser scanning microscopy
(CLSM) and infinite focus microscopy (IFM). For two-dimensional (2D) analysis,
LM is still the first choice. This is partly due to the wide availability of such
equipment and also the ease of the procedures. However, the LM resorption assay
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is critically dependent on the detection of resorption pits, which typically have to
be stained to be visible. The same is true for CLSM. If resorption is not detectable
in LM and CLSM due to lack of staining and low contrast of the material, scanning
electron microscopy can be used [97]. For this, the specimen has to be specially
prepared to be suitable for the necessary vacuum environment during the analysis.
Typically, cells are first removed from the material surface; the specimen is dried
in an increasing ethanol series and then sputtered with gold to enhance the surface
contrast. Several parameters such as pit number and pit area can be analyzed using
2D imaging in combination with image analysis software [88]. For 3D parameters
like pit depth and pit volume, other methodologies are necessary. For this purpose,
3D-SEM based on stereophotogrammetry methods has been tested [97]. This
technology uses images obtained from different angles of the pit to calculate the
volume of the pit [98], but is relatively labor-intensive. Our group has recently
introduced infinite focus microscopy as a possible tool for measuring bone sub-
stitute resorption [52, 53].The IFM system makes use of the relatively small focal
plane of light microscopes and is based on algorithms that can automatically detect
focused areas in a series of images. The algorithm then combines only the focused
parts of each image with the position information of the image in the image stack.
From these data the 3D surface can be reconstructed with a high resolution (\1 lm).
No sample pre-processing step is necessary and the size of the detection area is
limited only by the computing power.

Fig. 1 Cell-based resorption assay with an osteoclast (marked in pink) on the surface of a
calcium-orthophosphate (scanning electron microscopy 92300)
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3.3 In Vivo Tests of Biomaterial Degradation

Even cell-based in vitro tests cannot completely model the in vivo situation and
therefore in vivo biomaterial degradation is also monitored. Different methods are
used depending on the type of material. The most widely applied methodology so
far has been histology combined with different analysis technologies. This, how-
ever, requires explantation of the tissue in which the material was embedded and
can therefore only be used pre-clinically. Assessment of biodegradation and
bioresorption has been reported in terms of changes in macro-porosity, density,
changes in pore and grain diameters and average crystal size with time from the
surface and the core of implant materials as observed by scanning (SEM) and
transmission (TEM) electron microscopy [54, 99]. For more accurate and specific
analysis, energy-dispersive X-ray analysis (EDX) and Fourier transform infrared
(FT-IR) spectrophotometry are employed. Elemental analysis can be carried out by
EDX, which is connected to SEM. Chemical analysis of composites can be carried
out by FT-IR spectrophotometry [100]. With the application of synchrotron-
radiation-based microtomography (SRlCT) in attenuation mode, not only can the
amount of biomaterial degradation be monitored in 3D, but also the spatial dis-
tribution of alloying elements during in vivo corrosion [101, 102].

For nondestructive in vivo analysis of degradation of radiodense biomaterials,
X-ray lCT systems can be used to determine biodegradation, bioresorption, and
the extent of reaction of the surrounding tissue [103]. X-ray lCT has a spatial
resolution in the micrometer range depending on the area of interest and is
commonly used in small animal testing. X-ray lCT or magnetic resonance
imaging (MRI) systems combined with positron emission tomography (PET) or
single photon emission computed tomography (SPECT) scanners can be used to
monitor the functional processes of biologically active molecules in the body by
injecting a short-lived radioactive isotope tracer [104]. Non-irradiation techniques
such as micro MRI (lMRI) and functional MRI (fMRI) also have resolutions in
the micrometer scale and can therefore be used for analysis of the degradation of
non-radiodense biomaterials [105].

4 Conclusions and Outlook

The human body is a composite structure, completely constructed of biodegrad-
able materials, and can last—with good maintenance—for more than 100 years.
It achieves this goal by constantly actively repairing skin, bones, gut, liver and
many other tissues. This repair process includes bioresorption of the old structure
and replacement of it with new tissue. As this is the result of millions of years of
evolution, it seems only sensible to adapt this method for the use of biomaterials
too. In recent years there has been huge progress in this area. Apart from the
materials mentioned above, bionic nano-methods now allow the production of
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collagen-like structures [106] as well as composite structures between ceramics
and polymers that mimic bone or teeth [107]. It is probably only a matter of time
before the properties of artificial materials surpass those of their natural prototype.
At present resorbable biomaterials are mostly used for the repair of diseased or
injured tissues, but other applications are already under discussion, such as drug
delivery nano-systems, biodegradable nano-robots, multi-functional particles,
biogalvanic batteries, and electronic components like sensors that dissolve and
disappear [108–114].

One of the next challenges will probably be to better understand the interface
between cell and material and to use this knowledge for the design of materials
tailored to specific cellular environments. So far, most of the research has con-
centrated on understanding how the physiological environment changes the
material. It seems at least as important to understand how the surrounding cells
react to the degrading material. It has long been known that cells react to the
surface properties of the materials they are attached to by changing their shape or
movement [115]. Recently it has also been shown that the differentiation of stem
cells is dependent on the elastic modulus of the material on which they are
cultivated [116]. At present, when a material is introduced into the body, an
unwanted foreign body reaction is principally expected. It can be envisioned,
however, that the right combination of materials combined with advanced 3D
design may one day lead to ‘‘intelligent’’ materials that can instruct stem cells to
build specific tissue geometries and degrade in the process, leaving only materials
that the cells can use to regenerate. To reach this distant goal a close collaboration
of cellular and molecular biologists with engineers, doctors and entrepreneurs will
be necessary.
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