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Preface: The Clinical Imperative

for Regenerative Medicine

A critical need exists in clinical medicine for effective methods to regenerate

tissues. Many of the world’s leading killers, including coronary artery disease,

stroke, emphysema, diabetes, cancer, and traumatic injuries, could be alleviated

by regenerative medicine. For example, novel methods for pancreatic islet regener-

ation can address diabetes; autologous cells for heart muscle regeneration can

address coronary artery disease; and nerve regeneration technologies can be utilized

to treat stroke. Effective materials for tissue regeneration will, therefore, find

applications in practically every clinical discipline. Regenerative medicine has

the potential to improve patient outcomes, lower the incidence of complications,

and reduce hospital stays. Such technologies will enable cost-effective treatments,

and lessen morbidity and mortality.

The ultimate goal of tissue engineering is to regenerate tissues that restore

normal physiological function. A general strategy of tissue engineering is to replace

lost tissues or organs with polymeric scaffolds that contain specialized populations

of viable cells. Within a tissue engineered construct, a three-dimensional polymer

scaffold provides support and structure, while living cells contribute biological

functionality. The scaffold may take the form of a mesh, patch, or foam, and it may

incorporate mechanical or chemical cellular signals to stimulate the expansion of

desirable cell populations. Once implanted, the tissue-engineered construct guides

the growth and development of new tissue; the polymer scaffold degrades away to

be replaced by healthy functioning tissue. An optimal biomaterial for tissue regen-

eration enhances cell attachment, proliferation, and differentiation. To initiate

tissue renewal, the biomaterial must integrate with the host tissue and promote

in vivo revascularization to ensure adequate oxygen supply. The biomaterial must

also exhibit mechanical properties that are compatible with native tissue. At the

same time, the implanted biomaterial must safely degrade at a rate similar to that of

the new tissue formation, such that the biomaterial is eventually removed from the

body by natural metabolic processes. Ultimately, any biomaterial platform for

regenerative medicine must provide clinical benefit for patients.

This book will describe the latest methods for regulating the biological and

chemical composition of engineered biomaterials, as well as techniques for
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modulating mechanical properties of engineered constructs. The book will delineate

methods for guiding the host response to implantable materials, and explain the use

of biologically inspired materials for optimal biological functionality and compati-

bility. The book will culminate in a discussion of the clinical applications of

regenerative medicine.

The first section of this book details methods for optimizing cellular populations

and cellular behavior. Michael King and Srinivas Narasipura of Cornell University

discuss biomaterial surfaces for capture and purification of hematopoietic stem cells

and progenitor cells. Such methods can be utilized to provide cell sources for tissue

engineering; these surfaces could also be incorporated into tissue-engineered scaf-

folds, to attract desirable native cell populations and promote engraftment. Cynthia

Reinhart-King and colleagues of Cornell University then review cellular mechan-

ics, specifically the role of the extracellular matrix in tuning cellular properties and

tissue formation. These insights are useful for enhancing cellular migration and

proliferation within engineered constructs and may be utilized to promote tissue

integration of engineered matrices. The next section of this book covers another

essential component of tissue engineering, the delivery of oxygen to nascent

constructs. Susan Roberts and Whitney Stoppel of the University of

Massachusetts-Amherst review methods for ensuring adequate oxygen transport

within engrafted tissues.

The book then turns to the mechanical structure of the polymer scaffold, and

discusses strategies for controlling the mechanical properties of biomaterials.

Santanu Kundu of NIST and Edwin Chan of the University of Massachusetts-

Amherst explain the adhesion behavior of soft materials, including elastomers

and hydrogels. Incorporation of patterned surfaces and other topological features

can enhance the adhesive performance of biomaterials. Proceeding on this theme,

Gregory Tew and Surita Bhatia of the University of Massachusetts-Amherst sum-

marize efforts to regulate structural and mechanical properties of novel hydrogels.

The self-assembly, cross-linking, and stiffness of hydrogels are critical structural

characteristics which can be modulated. This approach enables adaptation of

biomaterials for a wide variety of implantation sites and a wide variety of applica-

tions in regenerative medicine.

The book continues with a detailed discussion of biocompatibility and host–

biomaterial interactions. Anjelica Gonzalez-Simon of Yale University and Omolola

Eniola-Adefeso of the University of Michigan delineate the host response to bioma-

terials. The host reaction is an essential consideration for any tissue-engineered

construct. ThomasDziubla and ParitoshWattamwar build on this subject and describe

a novel biomaterial platform which incorporates antioxidants to minimize inflamma-

tion and maximize wound healing. Such an antioxidant-conjugated scaffold may add

therapeutic functionality to implantable biomaterials.

Because implanted biomaterials must be biocompatible with natural tissues, some

of the most effective biomaterials are those inspired by natural structures. The book

thus progresseswith a section on biologically inspiredmaterials for tissue engineering.

Jeffrey Karp, Woo Kyung Cho, Robert Langer and colleagues at Harvard-

MIT describe their invention of tape-based adhesives for regenerative medicine.
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These biomaterials are nanotopographically patterned to mimic the adhesive footpad

of the gecko. Kristi Kiick and Christopher McGann of the University of Delaware

discuss their innovation of hydrogels functionalized with the natural polysaccharide

heparin. Such hydrogels may assemble through protein–polysaccharide interactions,

and the inclusion of heparin can impart anti-thrombogenic activity to scaffolds for

tissue regeneration.

The real value of tissue-engineered scaffolds lies in their clinical utility. This

book concludes with a significant section on the design of biomaterials for specific

clinical applications. Xinqiao Jia and colleagues of the University of Delaware

detail their efforts to create biomimetic matrices for vocal fold repair and regenera-

tion. These matrices recapitulate the features of the vocal fold lamina propria; the

scaffolds encourage the attachment and proliferation of vocal fold cells, as well as

the production of an extracellular matrix that resembles native tissue. Millicent

Sullivan and Kory Blocker of the University of Delaware review methods of

nonviral gene delivery for tissue regeneration. This work enables spatial and

temporal control of gene delivery and has specific applications for promoting

angiogenesis. Finally, Yunzhi Yang and Sungwoo Kim of the University of

Texas Health Science Center describe their progress in chitosan-based systems

for applications in chemotherapy, wound healing, and regenerative medicine.

Together, the innovations of these investigators demonstrate the versatility and

the potential of engineered biomaterials for regenerative medicine. Fundamental

advances in cellular mechanics, intracellular and extracellular signaling, host–cell

interactions, polymer chemistry, and materials science have been applied to create

biomaterials with novel design and functionality. These visionary approaches to

tissue engineering will, in turn, enable breakthroughs in clinical medicine, enhanc-

ing the human body’s capability to regenerate and repair itself.

Cambridge, MA, USA Sujata K. Bhatia
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Chapter 1

Biomaterial Surfaces for the Isolation

of Hematopoietic Stem and Progenitor Cells

Srinivas D. Narasipura and Michael R. King

Abstract Enrichment and purification of hematopoietic stem and progenitor cells

(HSPCs) is important in basic research as well as in clinical transplantation of

HSPCs. Currently, fluorescent-activated cell sorting (FACS) and immunomagnetic

separation techniques are widely used for HSPC isolation. Although both methods

offer relatively pure subpopulations, FACS can introduce potential sources of

contamination and flow cytometers with high-speed sorting ability are prohibitively

expensive for smaller laboratories. Immunomagnetic separation requires large

amounts of starting material, involves several steps, and furthermore, cell-surface

antibodies may prohibit cell proliferation and differentiation. Hence, development

of simpler methods for the capture and purification of HSPCs are warranted. By

exploiting the differential rolling behavior of CD34+ HSPCs from mature blood

cells on selectins, we have developed a flow-based, adhesion molecule-mediated

capture method, which may be a viable alternative approach to the isolation of

HSPCs.

Hematopoietic Stem and Progenitor Cells

Hematopoietic stem and progenitor cells (HSPCs) comprise a small portion of cells

in the marrow (<1–5%) and an even smaller fraction of peripheral blood [1–6], and

they are usually identified and isolated based on their expression, or lack of

expression, of specific cell surface antigens. CD34 is a type I transmembrane
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glycoprotein that is believed to be expressed by the majority of HSPCs, but is

downregulated with maturation into terminally differentiated blood cells [4, 7–9].

Certain glycoforms of CD34 are ligands for L-selectin, but the CD34 expressed on

HSPCs lacks essential fucosylation and sulfation to facilitate that interaction so its

role in vivo is still unclear [9–11]. Since it is still the widely studied HSPC marker,

most current clinical methods for identifying HSPCs use antibodies against CD34

[12, 13]. The majority of HSPCs are CD34+, but most of the primitive cells are

limited to the CD34 + CD38� fraction. Most long-term culture initiating cells,

those responsible for long-term engraftment, have been shown to be CD34 +

CD38�, although the majority of cells within this subset do not divide in methyl-

cellulose [14–16].

Hematopoietic stem cell transplantation (HSCT) refers to a medical procedure in

which healthy HSPCs are transferred to a recipient following full or partial

myeloablation by using chemotherapeutic agents or irradiation [17–23]. HSCT

can be used to treat both hematologic and non-hematologic conditions [23, 24],

and is usually employed when patients are no longer responsive to conventional

treatments or for diseases where conventional treatments have repeatedly proven to

be unsuccessful [23]. HSCT generally falls into two categories depending on the

source of the HSPCs – allogeneic HSCT utilizes HSPCs collected from a suitable

donor, while autologous HSCT uses HSPCs collected from the patient prior to

preparative conditioning.

HSCT has been performed with nucleated cells ranging from 0.7 � 107 to

57.9 � 107 cells/kg body weight, and CD34+ cells ranging from 0.4 � 105to

39.1 � 105 CD34+ HSPCs/kg body weight [12, 25–28], and while the collected

bone marrow and peripheral blood extracts can be used “as is,” CD34+ HSPC

enrichment prior to transplantation is common. CD34+ HSPC enrichment has been

performed prior to allogeneic HSCT to reduce the T-cell load and hence, reduce the

likelihood of graft vs. host disease (GVHD) [12, 25, 29–32]. CD34+ HSPC

enrichment can also be employed to purge residual cancer cells from autologous

transplants to reduce the likelihood of relapse [33–35]. During a transplant at least

two million CD34+ cells per kg body weight is recommended as a minimum dose

[28, 36, 37]. HSPCs have traditionally been harvested directly from the bone

marrow, but the current trend is to induce the mobilization of HSPCs from the

bone marrow environment to peripheral blood through the administration of granu-

locyte colony-stimulating factor (G-CSF) [38]. Mobilized peripheral blood tends to

yield more HSPCs and the collection procedure is less taxing on the donor [25, 29].

Stem cell homing is the process in which HSPCs migrate from peripheral blood

to the bone marrowmicroenvironment. HSPCs circulate regularly between the bone

marrow and peripheral blood and while it is still unclear what the physiological role

of this mechanism is, there is no doubt that the success of HSCT depends on the

ability of the transplanted cells to complete this cycle. The migration from the blood

to the bone marrow occurs via four distinct steps, similar to the inflammation

cascade for leukocytes: (1) initial capture and tethering, (2) rolling mediated by

P- and/or E-selectin, (3) activation by cytokines [usually stromal-derived factor-1

(SDF-1)] followed by integrin-dependent firm adhesion [mediated by very late

4 S.D. Narasipura and M.R. King



adhesion molecule-4 (VLA-4), vascular cell adhesion molecule-1 (VCAM-1), and

intracellular adhesion molecule-1 (ICAM-1)], and (4) transendothelial migration in

response to an SDF-1 gradient [39–44]. While selectins and cytokines are

upregulated by most vascular endothelial cells during inflammation, P- and

E-selectin, VLA-4, VCAM-1, and SDF-1 are all constitutively expressed on bone

marrow endothelium [39]. Once HSPCs migrate into the bone marrow microenvi-

ronment, they must subsequently interact with the stroma within the stem cell niche

to receive proliferation and differentiation signals to begin the process of

engraftment.

Methods of Cell Enrichment

Cell enrichment techniques remain an important aspect of HSCT preparation as

well as general clinical and biomedical research. There are three types of cell

enrichment methods based on the attributes of the cell that they target – physical,

immunological, and functional. Figure 1.1 depicts some techniques that are rou-

tinely employed for processing HSPCs.

Physical Cell Enrichment Methods

Physical cell enrichment methods utilize differences in physical attributes of the

cells such as size, density, or pH and include such common techniques as filtration

and centrifugation. They are usually bulk cell enrichment methods and in many

cases, they serve as precursors for more sensitive enrichment techniques [45].

Immunological Cell Enrichment Methods

Immunological cell enrichment methods utilize antibodies targeted against specific

cell surface antigens to select cells of interest. They can either be bulk methods, as

is the case of current immunomagnetic technology, or individual methods, such as

fluorescence-activated cell sorting (FACS). Since they are highly selective, immu-

nological cell enrichment methods are better suited for rare cell enrichment [46].

FACS is generally not ideally suited for HSPC enrichment in a clinical setting,

where large numbers of cells must be sorted to produce acceptably high purity and

yield in a reasonable time. FACS will consistently give very high HSPC purities,

usually upwards of 80%, but it is prohibitively slow and, even with high speed cell

sorters, the process will still take 1.5 h to sort 2 � 108 cells which is 100–1,000

times slower than current immunomagnetic HSPC cell separation techniques

[47, 48].
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In clinical settings, immunomagnetic HSPC cell enrichment is preferred. Anti-

CD34 antibodies conjugated to iron–dextran particles (CliniMACS® ) or paramag-

netic microspheres (Isolex® ) are used to select and enrich CD34+ HSPCs from

hematopoietic mononuclear cells (MNCs). These immunological bulk cell sorting

Fig. 1.1 Common methods of cell separation used to process hematopoietic cells in the clinic and

laboratory. Cell separation methods can be based on physical, immunological, or functional

characteristics of the cell. Physical: Apheresis of mobilized peripheral blood utilizes counter-

flow centrifugation to fractionate blood into a dense red cell layer, a buffy coat (containing

leukocytes and HSPC), and serum based on their size and density. Immunological: (a)

Immunomagnetic cell enrichment targets CD34+ cells from mobilized peripheral blood, bone

marrow, or cord blood. Antibodies conjugated to paramagnetic beads or ferrous nanoparticles

interact with CD34+ cells and application of a magnetic field precipitates the CD34+ cells out of

the suspension. (b) Fluorescence-activated cell sorting sorts CD34+ cells labeled with an anti-CD34

antibody tagged to a fluorescent dye from PBMCs obtained from mobilized peripheral blood,

bone marrow, or cord blood. Functional: A common test for quantifying progenitor cells is to

stimulate the cells to form colonies in methylcellulose and select such colonies and expand them

6 S.D. Narasipura and M.R. King



methods are simple to use and produce reasonably high HSPC purities and acceptable

yields in relatively short time. MiniMACS® (or CliniMACS®) can generate purities
85–98% with yields ranging from 40 to 100%, while Dynabeads® (or Isolex®) can
produce purities ranging from 27 to 99% and yields between 9% and 83% [2, 3,

49–54]. In all cases, the final yield and purity is always a function of the starting

CD34+ HSPC concentration.

Shortcomings of Immunomagnetic Cell Enrichment

Although the majority of clinical HSPC enrichment procedures utilize

immunomagnetic means to enrich CD34+ HSPCs, there is sufficient evidence to

suggest that not all HSPCs are CD34high [55–59] – many CD34low and CD34�
HSPCs are lost during the enrichment process [49]. CD133 is a heavily

glycosylated transmembrane protein that has also been reported to be an HSPC

marker [60], and cells expressing this surface antigen are thought to be more

primitive and possess a higher engraftment potential than CD133� CD34+

HSPCs. Although many CD133+ HSPCs also express CD34, a small population

remains CD34� while retaining many of the characteristics associated with stem

cells [58, 61–63]. Expression of ATP binding cassette superfamily G member

2 (ABCG2) has also been associated with HSPC identification. ABCG2 is a

transporter protein that is localized to the plasma membrane and is responsible

for Hoescht dye efflux from many stem cell populations (referred to as side

population or SP cells). Many SP cells are CD34�, but are capable of self-renewal

and development into terminally differentiated blood cells [55, 57, 64].

In addition to the inability to select certain populations of HSPCs, immuno-

logical cell enrichment methods are also incapable of indicating whether the

enriched cells are truly capable of homing to the marrow to reconstitute the

blood supply after HSCT since there is no measure of cell functionality. Rather

than utilizing antigen expression as the only tool for HPSC enrichment, an

alternative approach is to select HSPCs that show a predisposition to initiate

interactions with bone marrow endothelium and hence a greater likelihood of a

successful HSCT procedure.

Functional Cell Enrichment Methods

Functional methods for cell enrichment isolate cells based on their response to

stimuli. The signal might induce apoptosis, proliferation, or differentiation but only

the cells that are able to generate the required response will be selected [45].

Colony-forming cell (CFC) and long-term culture-initiating cell (LTC-IC) assays

are types of functional enrichment methods that are used to determine the number

of primitive and progenitor cells in a sample [65, 66]. Many of the cells recovered at

1 Biomaterial Surfaces for the Isolation of Hematopoietic Stem. . . 7



the end of the experiments are differentiated and hence, very different from the

parent material, and like immunological cell enrichment, these assays provide no

measure of the homing potential of the cells.

Adhesion Molecule-Mediated Flow-Based Isolation

of CD34+ HSPCs

Current HSPC isolation technologies rely solely on the CD34 surface marker and

while they have proven to be invaluable, HSCT that utilizes very pure samples of

CD34+ HSPCs are associated with higher incidences of failure and infection and

delayed T-cell engraftment [67–73]. Since HSPCs must interact with selectins to

successfully home to the marrow, a functional technique to isolate HSPCs based on

their interaction with immobilized selectins might improve HSCT by simulta-

neously purifying the HSPCs and selecting only the cells with the highest probabil-

ity of homing to the marrow [39–44].

Selectins

Hemodynamics influences the behavior of blood cells in bulk flow and near the

vessel wall during adhesion events. The selectins are a group of membrane-bound,

adhesion molecules responsible for mediating the initial interactions of leukocytes

with the endothelium in response to inflammation or homing signals. Selectin

expression is vital for HSPC homing and engraftment; and in experiments using

P- and E-selectin double-null NOD/SCID mice show >90% reduction in the

number of transplanted CD34+ cells that were retained within the bone marrow

environment [74]. Selectins are characterized by an N terminus calcium-dependent

lectin domain, an epidermal growth factor (EGF)-like domain, two to nine consen-

sus repeats and a short cytoplasmic tail [75, 76]. P-selectin was originally identified

on platelets and is the largest of the selectins. It is stored in a-granules of platelets
and Weibel-Palade bodies of endothelial cells and is expressed by activated

platelets and endothelial cells in response to inflammation or trauma [77, 78].

E-selectin is produced by endothelial cells only after stimulation with inflammatory

cytokines, while L-selectin, the smallest member of the family, is constitutively

expressed on the surface of all leukocytes. The binding of selectins to their ligands

requires the presence of Ca2+ and most selectin ligands found in humans are

sialylated and fucosylated glycoproteins [76, 79–82]. Due to the transient nature

of the bonds formed, cells involved in selectin-mediated adhesion are found to

slowly roll when subjected to a flow field. Tethering requires a relatively high rate

of bond formation between the selectin and their ligands to form many bonds that

together are capable of balancing the large hydrodynamic forces and torques

8 S.D. Narasipura and M.R. King



exerted by the flowing blood [77]. The rapid rate of bond dissociation coupled with

high tensile strength of the bond cause cells to roll in the direction of flow while

remaining bound to the surface [77]. The rolling behavior is highly influenced by

the surface density of selectin and ligands available to bind. Thus, for cells with a

higher number of functional ligands on their surface, the forward reaction (bond

formation) is favored leading to a higher rate of bond formation and lower rate

of bond dissociation. The overall result is lower-rolling velocities, more cell

recruitment, and more resistance to detachment. The bond kinetics for cells

rolling on immobilized selectins are such that, generally, rolling velocity on

E-selectin < P-selectin < L-selectin for the same surface density of protein.

Previous research has indicated that there exists an inherent difference in rolling

behavior between CD34+ and CD34� mononuclear cells – the CD34+ cells rolled

slower than CD34� cells on P, E, and L-selectin [83–85]. We have exploited this

differential rolling characteristic of CD34+ HSPCs on selectins, to capture and

enrich them in flow both an in vitro and an in vivo rat model. Commonalities for

both sets of studies included the development of functionalized microtubes that

were internally coated with adhesion molecules consisting of a recombinant human

P-selectin/Fc chimera (rhP/Fc; Fig. 1.2a). Efficacy of rhP/Fc binding on the interior

surface of the microtube is approximately 40–70% across the range of incubation

concentrations. A typical concentration of 40 mg/L exhibits ~55% adhesion effi-

ciency [86]. After perfusion, tubes are mounted on the stage of an IX-81 microscope

coupled to a CCD camera for direct visualization of the adherent cells in the tube

lumen (Fig. 1.2b). The tube lumen is washed with Ca2+-containing PBS or HBSS

buffer for 20 min to remove non-adherent cells and erythrocytes, and adherent cells

are eluted by using a combination of high shear (flow rate 40 mL/min), calcium-free

PBS, and air embolism or simply by perfusing with PBS-containing 0.1 mM EDTA

[86, 87].

In vitro capture studies using bone marrow MNCs from healthy donors have

yielded 16–20% pure CD34+ HSPCs with an overall enrichment of ~8-fold in P-

selectin-coated microtubes. Moreover, enriched HSPCs were viable and functional

[86]. For the in vivo capture studies, rats were mobilized with GCSF, anesthetized

and P-selectin-coated microtubes were inserted into the left femoral artery for blood

perfusion. Analysis of the captured cells exhibited a sevenfold enrichment of CD34

+ HSPCs over levels found after ficoll density gradient separation of whole blood,

with an average purity of 28% somewhat similar to that of in vitro studies [87].

Robust cell capture and HSPC enrichment were also demonstrated in devices that

were implanted in a closed-loop arteriovenous shunt conformation. Moreover,

adherent cells were viable in culture and able to differentiate into burst-forming

units [87]. Taken together, these studies demonstrated that P-selectin can be

successfully used in a compact flow device to capture and enrich HSPCs and that

flow-based, adhesion molecule-mediated capture may be a viable alternative

approach to the capture and purification of HSPCs.

In addition to the isolation of HSPCs, adhesion molecule-coated tubes can also

be employed for the purification of CD45+ MNCs from bone marrow MNCs,

PBMCs, or directly from plasma-depleted peripheral blood as these cells

1 Biomaterial Surfaces for the Isolation of Hematopoietic Stem. . . 9



Protein G incubation----

Selectin incubation (E-selectin, P-selectin) ---------

Antibody incubation (Anti-CD34, Anti-EPCAM)-----
PBS (+ Ca2+, Mg2+) overnight

300 
µm

YYY YYYYY YY Y Y Y YYY Y

YY YY Y YYYY YYYYY Y YY

a

b

Fig. 1.2 (a) Diagram showing the microtube attachment chemistry for immobilizing functional

selectin and antibody protein. Protein G is randomly physisorbed onto the microtube surface. Next,

a mixture of chimeric selectin/Fc protein and IgG antibody is incubated, resulting in attachment of

selectin and antibody in the proper orientation. (b) Setup of P-selectin-coated microtube set on the

stage of an IX-81 microscope attached to a CCD camera. The tubing is attached to a syringe

through special connectors, and syringes are mounted on a syringe pump. The other end of the

tubing is immersed in a microfuge tube filled with buffer-containing PBMCs
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ubiquitously express PSGL-1, a ligand for P-selectin. Our attempts to perform

CD45+ cell purification using selectin-coated microtubes were highly successful,

achieving purities of >90% [88, 89]. Furthermore, our lab has demonstrated that

apoptotic signals can be delivered specifically to flowing cancer cells without

harming normal cells by capturing and rolling them on TNF-related apoptosis-

inducing ligand (TRAIL) and E-selectin-coated surfaces [90].

Functionalized Nanoparticle Coatings

We have also shown that thin coatings of immobilized nanoparticles, functionalized

with adhesive selectin protein, can further enhance the capture of flowing cells [91,

92]. In one study, colloidal silica nanoparticles were stably immobilized on the

interior surface of polymeric microtubing using either inorganic titanate resin or

poly-L-lysine [91]. Adding nanoscale roughness to the device surface was found to

significantly: (1) increase the amount of immobilized protein; (2) increase the

number of captured cells; and (3) decrease the average rolling velocity of captured

cells. Naturally occurring halloysite nanotubes can also be immobilized and

functionalized with adhesion receptors to enhance cell capture under flow to a

similar degree [92]. Halloysite nanotubes are also hollow, raising the possibility of

the delivery of slowly eluting drugs to cells rolling across the surface. Nanoparticle

coatings were found to not alter the macroscopic fluid mechanics, while bridging

the lubrication layer that resists the final micron of cell sedimentation toward the

surface, thereby capturing cells closer to the flow device inlet and to a larger degree.

Similarly, utilizing the same cell rolling and capture strategy and a novel surface

coated with siRNA-encapsulated P-selectin, PEGylated, nanoscale liposomes, our

lab demonstrated efficient knockdown of targeted genes in circulating cells [93].

Future Directions

The main debate behind stem cell enrichment stems from the dual roles of T cells

after HSCT. T cells are the major contributor to the development of GVHD, a

potentially fatal condition that affects many patients receiving allogenic transplants

[12, 25, 29–32]. However, the presence of some T cells in the transplants reduces

the incidences of relapse, opportunistic infections, and graft failure [94–96]. It

would be interesting to investigate how T-cell depletion is influenced by selectin-

mediated enrichment to assess whether selectin-mediated enrichment might be

superior to immunomagnetic or no enrichment.

Part of the motivation for exploring selectin-mediated enrichment was the fact

that cell selection is not based on immunological properties. Since immunological

methods of selection favor the CD34hi cells [49], many other cells with stem-like

properties are discarded. With selectin-mediated enrichment, all identified and
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unidentified cells with stem-like properties have an equal likelihood of selection.

If mononuclear cells enriched using immobilized selectin are found to retain more

cells with stem-like properties, and this translates into improved homing and

engraftment over immunological enrichment in vivo, then this technology could

have a real clinical impact. The in vivo experiments must demonstrate that cells

isolated with the proposed method are of better quality than cells isolated using

immunomagnetic isolation by showing faster engraftment and less incidences of

graft failure.

The enrichment potential can be further improved by exploiting the rolling

velocity differences between cell subpopulations. One could also achieve higher

purities by identifying better elution methods for captured cells specific to CD34+

HSPCs or CD34� MNCs. Multiple cycles of enrichment can also be employed to

improve purity and yield. We believe that in future studies it will be possible to

improve the purity of HSPCs by engineering selectin molecules so that they will

have higher affinity toward HSPCs or lower affinity toward CD34-MNCs. It would

also be advantageous to understand the mechanisms that govern the dependence of

cell retention with time. The continuous loss of cells with increasing perfusion time

suggests that either the passive adsorption of selectin is not an adequate immobili-

zation technique or the cells are losing their functional ligands with time. If

improper immobilization is the issue, covalent bonding can eliminate this

concern [97].
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Chapter 2

Matrix Stiffness: A Regulator of Cellular

Behavior and Tissue Formation

Brooke N. Mason, Joseph P. Califano, and Cynthia A. Reinhart-King

Abstract The extracellular environment is an essential mediator of cell health and

provides both chemical and mechanical stimuli to influence single and collective

cell behaviors. While historically there has been significant emphasis placed on

chemical regulators within the extracellular matrix, the role of the mechanical

environment is less well known. Here, we review the role of matrix mechanics on

cell function and tissue integrity. Cellular responses to mechanical signals include

differentiation, migration, proliferation, and alterations in cell–cell and cell–matrix

adhesion. Interestingly, the mechanical properties of tissues are altered in many

disease states, leading to cellular dysfunction and further disease progression.

Successful regenerative medicine strategies must consider the native mechanical

environment so that they are able to elicit a favorable cellular response and

integrate into the native tissue structure.

Matrix Mechanics Are Essential Design Parameters

for Regenerative Medicine

Tissue engineering (TE) was defined in the late 1980s as a field concerned with “the

application of the principles and methods of engineering and life sciences

toward. . .the development of biological substitutes to restore, maintain, or improve

functions” [111]. Motivated by a clinical need to restore normal physiologic

function to tissues and organs that malfunction due to injury and disease, TE

approaches may provide an avenue of treatment for patients with organ and tissue

failure additionally plagued by increasing costs of care and donor shortages [63].

Significant numbers of investigations into biomaterials have confirmed that

surface chemistry is a critical parameter contributing to the clinical success of
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implanted devices or TE constructs [118]. Surgery and implantation of biomaterial

or TE constructs induces biochemical cascades that mediate the normal wound

healing and foreign body responses that ultimately result in the success (functional

integration into the tissue) or failure (rejection from the tissue, mechanical failure)

of the implant. While the need to tailor the surface chemistry of an implant has been

given significant attention for decades, the need to also consider the mechanical

properties of an implant and its effects on cells has only been gaining momentum

in recent years. Similar to surface chemistry, the mechanical properties affect the

local behaviors of tissues and cells and contribute to the success of biomaterial and

tissue-engineered implants.

While TE and regenerative medicine have recently focused on the

micromechanical properties of a construct and its effects on cells, the notion that

mechanical forces act as critical regulators of physiological processes at the cell and

tissue level is not a new paradigm. Physical forces were known to contribute to the

development of brain morphology [46] and bone remodeling [103, 128] as early as

the late nineteenth century. Since then, elucidating the relationship between force

and biological responses has spanned a variety of mechanical settings and length

scales from probing the role of weightlessness on the musculoskeletal system

during spaceflight [56] to understanding how shear stress in the vascular tree

specifies endothelial cell phenotype [22]. These studies drew attention to the role

of the physical environment as an important regulator of biological responses in

living systems.

This chapter describes the role of the mechanical properties of the extracellular

matrix (ECM) as a mediator of cellular responses and tissue formation. An over-

view of the nature of the mechanical properties of the cellular microenvironment

and how it affects cellular function and tissue formation are discussed. Lastly, the

role of matrix mechanics in disease states is presented.

The Cellular Response to Matrix Mechanics: Cellular

Function Is Modulated by Local Matrix Stiffness

The Mechanical Environment of Cells

Cells in vivo are organized into tissues and organs that reside in complex mechani-

cal environments. At the cellular level, the mechanical environment consists of

endogenous (generated by cells) and exogenous (applied to cells) forces. Endoge-

nous forces generated by cells on their ECM and neighboring cells largely result

from cytoskeletal contractility (discussed below; [13, 76]). Examples of exogenous

forces include gravity and tissue-specific interactions; for example, endothelial

cells in the vasculature are subjected to pulsatile shear forces from blood flow [6]

as well as migratory traction forces during leukocyte transmigration [94].
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In addition to these actively imposed forces, the local stiffness of the ECM that

serves as a biological scaffold is an important mechanical effector of cell function.

Stiffness is a measure of the ability of a material to resist deformation. In the

body, tissue stiffness ranges several orders of magnitude, from adipose tissue

(Young’s Modulus E ~ several kPa) [106] to bone (E ~ GPa) [99]. In addition,

tissue stiffness is not static, but changes during physiological processes including

embryonic development, tissue remodeling during wound healing, and in patho-

logical responses like tumorigenesis. Since there is an intimate association between

cells and the ECM within tissues, and cells function in a variety of mechanical

environments, many studies have investigated the mechanisms that cells use to

sense and respond to their mechanical environment.

Biological Force Transducers

Tissue cells have an ability to sense and probe the stiffness of their surroundings as

they adhere to and interact with the local ECM [28]. Mechanotransduction, where

cells convert mechanical stimuli into chemical signals that affect cellular responses,

occurs through a variety of mechanisms. Well-described mechanotransducers

include stretch-mediated ion channels [74], primary cilia [8], and integrins [36,

100]. Additional mechanosensors, including G-protein receptors [70], cell–cell

adhesions [57, 86], and the cytoskeleton [126] have been suggested. While these

transducers sense the mechanical environment through a variety of mechanisms,

they all share the ability to convert mechanical input into complex intracellular

signaling cascades that ultimately regulate cellular responses including adhesion,

spreading, migration, and proliferation [54]. The number and variety of

mechanosensors identified in cells suggests that cells have a robust capacity to

interact with their mechanical environment. This robustness is particularly impor-

tant when considering that in addition to regulating normal physiological responses,

abnormal mechanotransduction at the cellular level has been implicated in

mediating a wide variety of prominent disease states including asthma [127],

osteoporosis [2, 19], and cancer [51, 52, 115].

While it is likely that no single cell feature is responsible for driving all

mechanobiological responses, the integrin family of proteins has emerged as a

prominent and well-studied force transducer. The concept of a mechanical linkage

between the ECM and the intracellular cytoskeleton was postulated in the mid-

1970s [49], and the structure of integrins was determined in the next decade [116].

Composed of a and b subunits (18a and 8b subunits combine to form over 20

distinct integrin heterodimers to-date), integrin receptors are a family of transmem-

brane glycoproteins that serve as mechanical linkages between the ECM and the

cytoskeleton [50]. On the exterior of the cell, integrins bind ECM protein ligands

including collagen, laminin, and fibronectin [93]. Within the cell, the b subunit of

integrin heterodimers binds to the actin cytoskeleton through a variety of adaptor

proteins [66]. Integrins cluster into focal adhesions that spatially localize and
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anchor actin stress fibers to the plasma membrane thus providing a mechanical

linkage between the ECM and the cytoskeleton (Fig. 2.1a) [37]. Moreover, the

integrin “adhesome” serves as a scaffold for a host of signaling proteins within the

cell [132], suggesting that integrin receptors serve as prominent sensors and

integrators of environmental signals.

Cells Sense Matrix Stiffness with Cellular Contractility
and Traction Forces

“Stiffness sensing” means that cells have an ability to detect and respond to the

mechanical resistivity of the extracellular environment. Stiffness sensing has been

demonstrated in a variety of cell types including endothelial cells [17, 26, 96, 98],

smooth muscle cells [31, 53], and transformed cells [67, 125]. The ability to sense

stiffness is partly dependent on actomyosin-generated contractility that is transmit-

ted to the extracellular environment through transmembrane integrin receptors that,

with a number of intracellular signaling and scaffold proteins, organize into focal

adhesions. Cells, in turn, respond to the stiffness of their substrate by altering

cytoskeletal organization, cell–substrate adhesions, and other processes important

for regulating cell behaviors.

Cellular contractility is generated in part by the actomyosin cytoskeleton. Actin

stress fibers are tensed by myosin motors [61, 101], and cytoskeletal contractility is

Fig. 2.1 (a) A typical cell migrating over a substrate utilizes actin stress fibers anchored to focal

adhesions. (b) Together with the actin cytoskeleton, focal adhesions composed of integrins

facilitate cell–substrate adhesion, contractility, and traction force generation. (c) A close-up

depiction of a focal adhesion. Actin stress fibers are tensed by myosin motors and attach to

integrin receptors via adaptor proteins within the cytoplasm. Integrin transmembrane receptors

bind to the extracellular matrix outside the cell and participate in mechanosensing events
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transmitted to the ECM as traction forces (Fig. 2.1b, c) [65]. Cellular traction forces

were first observed in landmark experiments as wrinkles or strains in flexible

silicone rubber substrates [44]. Since then, methods have been developed to quan-

tify traction forces generated by cells. Prominent techniques include traction force

microscopy [25, 72] and the use of microfabricated post-array detectors [113, 117].

Other methods include the use of microfabricated cantilevers [35] and

micropatterned silicone elastomeric substrates [4]. These techniques calculate

traction forces based on strains created in the substrate by adherent cells. The

ability of adherent cells to generate traction forces and cell–substrate adhesions

facilitates sensing of the local extracellular environment and is involved in feed-

back mechanisms where matrix stiffness in turn modulates responses such as

adhesion, spreading, and migration.

Matrix Stiffness Modulates Focal Adhesions, Cytoskeletal
Assembly, and Traction Forces

The measurement of cell traction forces has helped to describe the role of force and

focal adhesions as mediators of cell–substrate attachment and matrix stiffness.

Experiments in real-time indicate that focal adhesion size is linearly dependent

on the local force exerted by a cell [4]. Mature focal adhesions elongate and orient

in the direction of actin stress fibers and applied force. However, the correlation of

focal adhesion size with cell-generated forces may only hold for adhesions larger

than 1 mm2, as smaller adhesions are capable of exerting large traction forces that do

not correlate with adhesion size [117]. Indeed, small nascent adhesions (focal

complexes) at the leading edge of cells are capable of generating strong transient

traction forces that drive cell migration [7]. Moreover, when cells on magnetic

microposts are deflected by an external magnetic field, changes in traction force

generation occur at sites of adhesion peripheral to the site of force application

[112]. These data are indicative of a dynamic association between the actin

cytoskeleton, cellular traction forces, and focal adhesions that mediates cell adhe-

sion and migration.

Additional work has investigated focal adhesion organization with regard to

matrix stiffness. Seminal experiments with fibroblasts and epithelial cells indicate

that compliant (E ~ 1 kPa) substrates promote focal adhesions that are dynamic and

irregular punctate structures [90]. In contrast, an increase in stiffness

(E ~ 30–100 kPa) promotes the formation of stable arrays of elongated focal

adhesions and an increase in tyrosine phosphorylation of focal adhesion kinase

(FAK) and paxillin, suggesting that stiffness sensing involves intracellular signal-

ing events. Such changes in focal adhesion organization suggest alterations in

cell–substrate adhesivity. Accordingly, an increase in cell–substrate adhesion

with increasing substrate stiffness has been demonstrated [32].
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In general, stiff substrates increase both focal adhesion and cytoskeletal organi-

zation [31, 38, 41, 90, 130]. The formation of stable focal adhesions with increasing

substrate stiffness is accompanied by changes in cell shape. For example,

fibroblasts plated on compliant substrates are rounded with diffuse actin, while

those plated on stiff substrates exhibit an increase in spread area and actin stress

fiber organization [39, 130]. Similarly, endothelial cell spread area increases with

increasing substrate stiffness [16, 97], where endothelial cells on compliant

substrates adopt an elongated spindle-shaped morphology, while those on stiffer

substrates exhibit more isotropic spreading [17]. Interestingly, endothelial cell

stiffness is also modulated by matrix stiffness in 2D and 3D environments [15].

These data suggest an intimate association between substrate stiffness, cytoskeletal

organization and cell shape, focal adhesions, and traction force generation.

The investigation of matrix stiffness as a mediator of cell shape has further

elucidated the relationship between stiffness and force generation. It has been

shown that matrix stiffness and cell shape help regulate the polarization and

alignment of stress fibers within cells [134]. Indeed, matrix stiffness can alter

cellular contractility [135]; traction force generation by fibroblasts and endothelial

cells increases with increasing substrate stiffness [17, 41, 68]. Moreover,

experiments with endothelial cells have demonstrated that both cell area and

substrate stiffness are significant predictors of traction force generation [17].

In turn, the orientation and organization of the actin cytoskeleton helps determine

cell shape; the ablation of a single stress fiber in a cell results in significant

rearrangements in cell shape and cytoskeletal organization [61]. These data provide

evidence for feedback mechanisms that relate matrix stiffness to cytoskeletal

organization and traction force generation and provide a role for mechanotrans-

duction as a contributor to cell shape.

The sensitivity of cellular traction force generation to matrix stiffness has

implications for the organization of the local ECM. For example, the fibrillo-

genesis of the ECM protein fibronectin is mediated by endogenous cellular

contractility [5]. Experiments with fibronectin-based native ECM scaffolds

versus scaffolds stiffened by chemical crosslinking indicated differential scaffold

remodeling by fibroblasts; native scaffolds were progressively remodeled over

several days while cross-linked scaffolds were not [60]. These data indicate that

there are feedback mechanisms that relate matrix stiffness to matrix remodeling

and suggest that cellular responses to matrix stiffness may regulate ECM

homeostasis.

Matrix Stiffness Modulates Cell–Cell Assembly,
Migration, and Proliferation

In addition to modulating cellular contractility and force generation, matrix stiff-

ness plays a role in mediating cell–cell interactions. Seminal work by Guo et al.

established a relationship between matrix stiffness, cell–matrix, and cell–cell
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interactions [43]. When heart tissue explants were plated on stiff matrices, cells

from the tissue migrated out of the explant to cover the matrix. In contrast, cells in

explants plated on compliant matrices did not migrate out of the explant. Separate

studies with endothelial cells also indicate sensitivity of cell–cell interactions to

matrix stiffness. On compliant substrates, endothelial cells prefer cell–cell

interactions [98] and self-assemble into networks [16]. On stiffer substrates, ECs

prefer cell–substrate interactions and fail to form network assemblies. In epithelial

cells, cell–cell assembly is anisotropic along directions of stiff substrate and

correlates with actin cytoskeletal organization and force generation [104]. These

data suggest that matrix stiffness and traction forces modulate cell–cell

organization.

Further work has investigated the role of matrix stiffness in mediating cell

migration [55, 91]. For example, fibroblasts migrate toward substrates of increasing

stiffness, a response termed durotaxis [68]. Smooth muscle cells also exhibit

durotaxis with respect to the magnitude of substrate stiffness gradient [53]. These

data indicate that substrate stiffness provides important cues that foster traction

force organization responsible for cell migration. The sensitivity of cell migration

to stiffness gradients may have important implications for disease states such as

fibrosis or tumorigenesis that are accompanied in increases in ECM stiffness.

In addition to affecting migration, forces between contacting cells can also

influence proliferation. Gray et al. found that the number of cell–cell contacts

influences the proliferation of a cell in a bi-phasic manner [42]. Single cells are

less proliferative than those with at least one cell–cell contact but increasing the

number of neighbors inhibits proliferation. Interestingly, increasing the amount of

cell–cell contacts may concurrently decrease the ability of cells to adhere to the

ECM, thus decreasing proliferation. This response is essential for healthy tissue

function where contractility, spreading, and proliferation are intricately regulated

by cell–cell and cell–matrix adhesion and tension.

Collective Cell Responses to Matrix Mechanics: Implications

for Tissue Development, Regeneration, and Repair

We have discussed the importance of matrix mechanics on individual cellular

behavior and function. However, while single cell studies may be informative of

cellular behavior, cells within tissues interact and respond collectively to stimuli.

Similar to the influences on individual cells, mechanics are integral to overall tissue

and organ physiology and mechanical alterations or disturbances can lead to disease

and tissue malformation (discussed below). Interestingly, the earliest stages of

embryonic development, tissue patterning, and organ formation are governed, in

part, by mechanical interactions with the extracellular environment [21, 82, 110].

Studying these interactions can inform the design of tissue engineered and regener-

ative therapies.
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Mechanical Stimuli Influence Embryonic Development

Throughout embryonic development, all tissues of the body are derived from a

single-fertilized cell via a complex process of specification and differentiation.

Cellular differentiation is the process whereby a cell with an unspecified fate is

influenced by genetic, chemical, and mechanical [14] factors to become a specific

cell type. A fully differentiated cell maintains its gene expression patterns through

generations of proliferation and has a distinct role within an organized tissue.

During embryogenesis, biochemical factors and pre-programmed genetic cues

initially dictate the polarity of the embryo as well as the cell lineage specification

of its progeny into the three germ layers: ectoderm, endoderm, and mesoderm [34,

92]. Concurrent with these chemical and genetic signals, mechanical stimuli rein-

force and further specify cell fate and play a crucial role in the development of the

unique tissues and organs of the body [34]. Specifically, mechanical signals such as

pressure, fluid flow, shear stress, tension, and stiffness are important regulators of

embryogenesis and have been shown to affect the development and tissue pattern-

ing of many major organs [71] including the eye [45, 82], heart [48, 89], vasculature

[77], and neural tube [136].

Further investigations into developmental processes have indicated that matrix

mechanics play a vital role in proper tissue development throughout the entire

embryo. Recent work in Xenopus has confirmed a temporal and spatial distribution

of mechanical stiffness within developing embryos due to the contraction of the

actomyosin network [136]. This cytoskeletal contraction not only increases the

stiffness of the surrounding tissue structures as much as 50-fold within 8 h, but may

also drive the formation of the neural tube and allow for further cell patterning and

differentiation [136]. Similarly, repeated and coordinated contractions of the acto-

myosin cortex in Drosophila embryos create tension between cells that facilitate

cell invagination and formation of the ventral furrow [73]. These data indicate that

intra- and inter-cellular contractility drive tissue morphogenesis.

In addition to the exogenous mechanical stimuli within developing tissues, differ-

ential adhesion and repulsion between cells and the surrounding matrix plays an

integral role in embryonic tissue morphogenesis [114, 121]. It has been shown that

the ectoderm–mesoderm boundary is not only maintained by self-sorting due to

preferential adhesion of similar cells to each other, but is also a function of the active

repulsion between unlike cells [102]. Interestingly, the development of structures

within the retinal epithelium in Drosophila embryos mimics the formation of soap

bubble aggregates, where the surface tension is minimized during aggregate forma-

tion [45]. This patterning occurs due to differential adhesion between cells with the

most adhesive cells forming central aggregates surrounded by less-adhesive cells to

minimize the “surface energies” of the cell contacts. Similarly, during a phase of

embryogenesis known as epiboly, cell adhesion proteins are differentially expressed

so that a group of cells can migrate toward the vegetal pole of the embryo and begin

gastrulation [110]. These data indicate that tissue formation is influenced by the

balance of cell–cell and cell–substrate adhesion.
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The mechanical environment is intimately linked with collective cell behavior

such as contractility, adhesion, and tissue patterning during embryogenesis. Impor-

tantly, matrix mechanics can regulate cellular specification and tissue formation.

Regenerative strategies may exploit these responses to mechanical stimuli to

produce organized cellular structures that mimic the original, healthy tissues.

Mechanical Control of Cellular Differentiation

In addition to embryogenesis, mechanical cues play an integral role in maintaining

and influencing cell fate and tissue maintenance throughout life. While the process

of differentiation is most obvious during embryonic development, some cells (e.g.,

stem cells) remain multipotent even in adult tissue [80]. These stem cells are

essential for tissue maintenance and repair, may have important implications for

disease progression, and have been the focus of many engineered tissue therapies.

Importantly, each of these processes is influenced by the mechanical properties of

the surrounding environment.

Although initial tissue engineering strategies were concerned primarily with

maintaining the mechanical integrity of the implant, current therapies look to

integrate mechanical cues to differentiate and pattern cells into complex tissues.

Stem cells have been a popular choice for regenerative medicine research since they

are capable of self-renewal and differentiating into multiple cell types [80].

The stem cell niche, the 3D microenvironment surrounding the cells, is a key factor

in their maintenance and differentiation [9, 29, 124]. To further understand the

factors that influence stem cell differentiation in 2D and 3D, synthetic and natural

scaffolds have been used to probe the interactions of the cells with their extracellu-

lar environment [27]. Many groups have combined novel materials and chemical

cues to encourage stem cell differentiation along a chosen lineage in the hopes of

creating regenerative therapies [69].

Endogenous cellular stiffness is predominantly regulated by the actomyosin

cytoskeleton and has been shown to change during differentiation [64]. Using

AFM, Titushkin and Cho observed that mesenchymal stem cells stimulated with

osteogenic medium became less stiff throughout their course of differentiation

[119]. In contrast, cells differentiated from mouse embryonic stem cells are tenfold

stiffer than their precursors [21]. Similarly, Pajerowski et al. found that the nucleus

of human embryonic stem cells becomes sixfold stiffer when terminally

differentiated (Fig. 2.2a) [87]. These results suggest that the mechanical properties

of cells depend on both the origin and differentiation stage of the stem cells.

Matrix mechanics are also known to be independently capable of dictating stem

cell differentiation into different lineages. In a seminal study, Engler and colleagues

demonstrated that mesenchymal stem cells can be stimulated to differentiate into

neurons and osteoblasts when plated on soft and stiff matrices, respectively, that

were chemically similar (Fig. 2.2b) [33]. Recently, scientists have exploited the

ability of stem cells to sense and respond to their mechanical environment to create
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scaffolds that vary in stiffness spatially such that an entire tissue might be created

by simply seeding the engineered matrix with stem cells [20, 59, 109, 123]. Very

recent work indicates that mesenchymal stem cells plated on a stiffness gradient

directionally migrate toward the stiffer portions of the substrate and subsequently

differentiate [123]. Interestingly, the cells that migrate from soft to stiff regions of

the substrate maintain neuronal markers similar to the cells that are plated on

uniformly soft substrates [123]. Importantly, these results suggest that even though

the cells in a specific lineage may become differentiated, they are able to retain a

“memory” of the previous signals they have received. These data suggest that

mechanical microenvironmental cues are essential to the promotion and preserva-

tion of stem cell lineage specification and, to produce a functional tissue replace-

ment, will be required design parameters for regenerative therapeutics.

Matrix Mechanobiology Alterations in Disease and Injury

Altered tissue mechanics are a prominent feature of many injured diseased tissue

states and are commonly a result of abnormal ECM deposition, matrix cross-linking

and/or matrix degradation. Specifically, matrix stiffening accompanies aging [23],

cardiovascular disease [105], wound healing [40], and tumor formation [85]. Native

ECM mechanics can be modified by changes in protein deposition or cross-linking

of preexisting matrix components. These changes in matrix mechanics can lead to

aberrant cell behavior that can cause or exacerbate disease states [3, 62].

Fig. 2.2 (a) During differentiation, the nuclear compliance of human embryonic stem cells

decreases (stiffness increases) relative to the cellular cytoplasm. Reprinted with permission from

PNAS 104(40): Pajerowski et al.: Physical plasticity of the nucleus in stem cell differentiation,

15619–15624, Copyright 2007 National Academy of Sciences, U.S.A. [87]. (b) Mesenchymal

stem cells sense and respond to substrate stiffness by changing differentiating to neural cells and

myoblasts on soft and stiff substrates, respectively. Reprinted from Cell 126(4): Engler et al.:

Matrix Elasticity Directs Stem Cell Lineage Specification, 677–689, Copyright 2006 [33], with

permission from Elsevier
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In general, tumor tissues have altered mechanical properties as compared to

native, healthy tissue [83, 85, 108, 131]. In fact, breast cancer is often first detected

by the patient or physician finding a palpable mass or lump that is stiffer than the

surrounding tissue. Large tumors are associated with an increase in local ECM

stiffness and angiogenesis, an in growth of newly sprouted blood vessels that

facilitate increased tumor mass (Fig. 2.3a, b) [122]. The increase in ECM stiffness

is primarily due to increased collagen deposition and cross-linking within the tumor

stroma [85], but a disruption in the tensional homeostasis of the cells may also

contribute [88]. As discussed previously, changes in the stiffness of the ECM can

lead to phenotypic cellular changes such as increased proliferation and migration.

Indeed, Paszek and colleagues found that increasing substrate stiffness correlated

with changes in cytoskeletal tension, integrin expression, cellular proliferation,

oncogene activity, and tissue formation in mammary epithelial cells [88]. Addition-

ally, tumor cell migration was found to be modulated by the stiffness of the ECM

[133]. These results indicate that the increased mechanical stiffness of the

surrounding ECM that accompanies tumor progression may, in fact, drive

malignancy.

ECM stiffening is also known to be a critical factor in the progression of

cardiovascular disease. Vessel stiffening occurs through a number of mechanisms

including glycation, the formation non-enzymatic cross-links (also known as

Fig. 2.3 (a, b) A cartoon depicting the vascular system in a normal tissue (a) and in a solid tumor

(b). Reprinted with permission from Oxford University Press from Trédan et al.: Drug Resistance

and the Solid Tumor Microenvironment. Journal of the National Cancer Institute 99(19):1441–54

[122]. (c, d) Measurements of intima (black bars) and media (white bars) in control (c) and stented
(d) rabbit carotid arteries. IH intimal hyperplasia. Reprinted with permission from Oxford Univer-

sity Press from Alp et al.: Increased intimal hyperplasia in experimental vein graft stenting

compared with arterial stenting: comparisons in a new rabbit model of stent injury. Cardiovascular

Research 56(1):164–72, 2002 [1]. (e, f) Clinical radiograph taken immediately after shoulder

prosthesis implantation (e) and after 7 years of follow-up (f). The arrow in (f) depicts a region of

cortical bone resorption. Reprinted from the Journal of Shoulder and Elbow Surgery 12(1): Nagels

et al.: Stress shielding and bone remodeling in shoulder arthroplasty, 35–39, 2003 [81], with

permission from Elsevier
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advanced glycation end products or AGEs) within the ECM [23]. These post-

translational biochemical alterations cause tissue stiffening and prevent cellular

remodeling of the existing tissue [79]. For example, the greater prevalence of

reducing sugars such as glucose and ribose within the blood of diabetic patients

leads to increased cross-link density of collagen and elastin, and consequently

increased stiffness of the vasculature when compared with non-diabetics [12, 24].

These alterations in the mechanical environment cause changes in cellular behavior

and result in an inability to maintain proper vascular tone and regulate blood

pressure effectively [58]. Together, these changes contribute to the increased

prevalence of cardiovascular disease in diabetic patients. These data indicate that

changing the matrix mechanics of a tissue can lead to disease.

Tissue stiffening also accompanies wound healing. Unfortunately, most of the

time the body is unable to perfectly replicate the native tissue structure and a scar

is formed at the site of an injury. In some areas of the body, such as the skin, a small

scar does not typically impair function. However, in other regions of the body such

as the central nervous system, scar formation can cause the tissue to severely

malfunction [75]. Specifically, within the brain and spinal cord, tissue injury leads

to glial scar formation which acts as a mechanical barrier and inhibits signal

transduction [47]. In a study that investigated the molecular changes that occur

during glial scar maturation, Camand et al. found that fibronectin matrix deposition

inhibits axonal growth and healing [18], but promotes astrocyte attachment as a

mechanism of physically separating the injured site from the surrounding tissue [95].

To better understand how the mechanical cues from the glial scar affect cellular

function, Georges and colleagues investigated the response of astrocytes and cortical

neurons to matrix stiffness [40]. Interestingly, they found that while the cortical

neurons were able to spread and extend neurites on both soft and stiff surfaces, the

soft substrates were not conducive to astrocyte growth. These data suggest that

the mechanical properties of the glial scar are promoting astrocyte recruitment and

barrier formation, thus limiting axonal regeneration. These results suggest that

matrix mechanics play a key role in wound healing and tissue regeneration.

Just as perturbations in native tissue mechanics can lead to disease states,

regenerative tissue engineering therapies can also facilitate the formation and

progression of disease when the mechanical properties of the native tissue are not

recapitulated. One prominent example is intimal hyperplasia (IH), a response

characterized by thickening of the blood vessel wall due in part to the proliferation

and migration of smooth muscle cells from the medial layer of the vessel wall and

increased ECM deposition (Fig. 2.3c, d) [84]. Notably, mechanical differences in

the matrix have been shown to induce migration [129] and proliferation [11] of

vascular smooth muscle cells, both hallmarks of IH. The causes of IH stem from

mechanical damage to the endothelium due to compliance mismatch between

synthetic vascular grafts and native vascular tissue at sites of anastomoses [105]

and changes in blood flow characteristics or luminal diameter at the anastomosis

[107]. IH is ultimately responsible for poor patency after bypass grafting [78, 120]

that may require additional surgical intervention. Similarly, mechanical mismatch

between implant and native tissue also occurs in orthopedic implants that reduce the
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physical loading on nearby bone tissue. This phenomenon, known as stress

shielding, results from the difference in stiffness between the orthopedic implant

and the host tissue, and results in bone resorption and osteopenia (Fig. 2.3e, f) [30].

Such changes at the bone–implant interface may ultimately allow micromotion that

facilitates implant loosening, osteolytic particle debris [10], and implant failure.

These examples demonstrate that matrix mechanobiology plays a significant role

in promoting a diseased phenotype. Moreover, they illustrate that the mechanical

properties of engineered regenerative therapies are a critical design consideration

for implant success.

Conclusions

The mechanical properties of tissues are not only important for maintaining macro-

scale mechanical integrity but also essential regulators of cellular function.

Cells sense stiffness using structures such as integrins to attach to the ECM and

then respond and, oftentimes, remodel their environment by generating traction

forces via actomyosin contractility. When alterations are made to the extracellular

mechanical environment, cells can react to these mechanical stimuli by influencing

tissue development, cellular differentiation, or disease progression. An understand-

ing of how the mechanical properties of the ECM contribute to cell responses and

tissue formation will ultimately further the understanding of disease states

associated with aberrant mechanosensing and guide the design parameters of

successful biomaterials and TE constructs. Future tissue engineering strategies

should work to produce biomaterials and implants that are not only chemically

favorable, but also integrate mechanical cues that dictate cellular behavior to aid in

cellular differentiation and tissue regeneration.
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Chapter 3

Oxygen Supply for Tissue Engineering

Whitney L. Stoppel and Susan C. Roberts

Abstract Adequate oxygen transport is vital to the success of a tissue-engineered

construct. Modulating oxygen tension within tissue-engineered constructs is

necessary for the creation of devices with optimal functionality. Oxygen tension

significantly influences cellular behavior through mechanisms which promote

both cell proliferation and apoptosis. Given the negative consequences of low

oxygen tension for most grafted tissues, many investigators have worked to

improve oxygen tension within tissue engineered scaffolds through the use of

synthetic oxygen carriers, natural or artificial heme, and polymeric oxygen

generating thin films, or by inducing blood vessel growth into the matrix. Cellular

oxygen consumption and transport within a scaffold can be calculated and predicted

using diffusion models to improve device design. This section explores the inter-

play between fundamental engineering and biological processes used to modulate

oxygen tension for the creation of functional tissue-engineered devices.

Introduction

Adequate oxygen transport is vital to the success of a tissue-engineered construct. If

sufficient oxygen tension is not maintained, grafted tissue will not survive and the

device will fail. Given the negative consequences of low oxygen tensions for most

grafted tissues, many investigators have worked to improve oxygen tensions within

tissue engineering scaffolds through the use of synthetic oxygen carriers [1, 2],

polymeric oxygen generating (POG) thin films [3, 4], or by inducing blood vessel

growth into the matrix [5, 6] (see Fig. 3.1).

W.L. Stoppel • S.C. Roberts (*)

Department of Chemical Engineering, University of Massachusetts Amherst,

159 Goessmann Lab, 686 N. Pleasant St., Amherst, MA 01003, USA

e-mail: wstoppel@ecs.umass.edu; sroberts@ecs.umass.edu

S.K. Bhatia (ed.), Engineering Biomaterials for Regenerative Medicine:
Novel Technologies for Clinical Applications, DOI 10.1007/978-1-4614-1080-5_3,
# Springer Science+Business Media, LLC 2012

41

mailto:wstoppel@ecs.umass.edu
mailto:sroberts@ecs.umass.edu


Insufficient oxygen supply can cause a variety of intracellular changes. Most

notably, metabolism switches from high energy-yielding aerobic metabolism to low

energy-producing anaerobic metabolism, altering the cells’ ability to efficiently

process glucose and other nutrients [7]. Changes in gene expression are mediated by

changes in metabolism through a variety of pathways, which often include stabili-

zation of hypoxia-inducible factor-1 (HIF-1), a transcriptional activator [7–9].

Altered gene expression can also affect cell cycle progression, and oxygen radicals

can induce DNA damage, leading to cell cycle arrest [10, 11].

For uniform cell seeding within a scaffold such as that shown in Fig. 3.1, it is

well known that cells near an oxygen source consume oxygen and proliferate, while

cells farther from the oxygen source die by apoptosis or necrosis due to the oxygen

gradient within the material [12–15]. Therefore, cellular population density within

the scaffold differs greatly based on spatial position, and a uniform tissue construct

is generally not created [12, 13]. Cellular oxygen consumption and oxygen trans-

port within a scaffold can be modeled using diffusion models and cellular oxygen

consumption rates (OCRs) through external [12, 16, 17] or internal [4] oxygen

sources and/or vascularization [18, 19]. These models can be useful in directing the

design of devices to ensure adequate oxygen supply as discussed below in Oxygen
Delivery: Methods and Models section.

Fig. 3.1 Oxygen tension in a homogenously seeded hydrogel depends on the oxygen source.

(a) Oxygen tension in a vascularized hydrogel or tissue decreases as the distance from the blood

vessel increases. (b) Oxygen concentration in a hydrogel containing a synthetic oxygen carrier or

oxygen-generating chemical is more homogenous throughout the device. Perfluorocarbon (PFC),

polymersome encapsulated hemoglobin (PEH), polymeric oxygen-generating (POG)
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Hypoxia and the Cellular Response

Sufficient oxygen transport within a construct is required for adequate cellular

function and viability in a tissue engineering device [14, 20]. Cells sense and

respond to extracellular and intracellular stimuli, such as oxygen, to maintain

homeostasis. Consequently, the concentration of intracellular oxygen has a major

effect on cell function, which is mediated by gene expression [7, 10]. Hypoxia

occurs when cells do not receive adequate oxygen supply and the partial pressure of

oxygen in the tissue or device (pO2) is reduced from normal levels. There are many

biological mechanisms involved in the regulation of cellular oxygen levels, which

adjust protein production and cellular metabolism to account for changes in internal

oxygen concentration, with results dependent upon the length of hypoxic exposure

[7, 21]. Both cell proliferation (i.e., erthyropoiesis/proliferation of new red blood

cells) and blood vessel growth (i.e., angiogenesis) are stimulated by hypoxia to

enhance oxygenation of tissue, as shown in Fig. 3.2 [22]. Chronic hypoxia results in

programmed cell death, or apoptosis, through multiple cellular cascades as shown

in Fig. 3.2 and discussed further in Hypoxia-Inducible Factor-1 and Hypoxia-
Induced Apoptosis [7, 23, 24].

Fig. 3.2 Cellular pathways activated by hypoxia [7, 22, 23]. Hypoxia leads to a change in glucose

metabolism, decreasing overall ATP yield, ultimately leading to apoptosis and HIF-1a stabiliza-

tion. HIF-1a stabilization results in the upregulation of a number of genes including growth factors

such as VEGF, which promote angiogenesis, and EPO, which stimulates production of red blood

cells, in an attempt to relieve the local hypoxia
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Hypoxia-Inducible Factor-1

HIF-1 is a prominent transcription factor that is tightly regulated by oxygen concen-

tration. HIF-1 transcriptional activity increases exponentially as cellular oxygen

decreases, and for 0–5% O2, stabilization of HIF-1 transcripts is inversely propor-

tional to oxygen concentration [7, 8]. HIF-1a (hypoxia-inducible factor-1a) and

HIF-2a (endothelial PAS domain protein 1) are the subunits of HIF-1 and HIF-2,

respectively, and are regulated by oxygen concentration [10, 25]. HIF-1a and HIF-1b
(aryl hydrogen receptor nuclear translocator, ARNT) protein subunits are constitu-

tively expressed during normoxia [26], but the alpha subunit is unstable and rapidly

degraded by the ubiquitin proteosome pathway [23, 25]. Stabilization of HIF-1a
requires oxygen concentration-dependent enzymatic hydroxylation, and therefore

HIF-1a can only be hydroxylated during periods of hypoxia [27]. Once hydroxylated,

it accumulates and is translocated to the nucleus where it binds to HIF-1b to form

the active HIF-1 transcription factor, binding to hypoxia response elements (HREs)

to initiate transcription [23]. HIF-2a behaves similar to HIF-1a, forming the HIF-2

complex with HIF-1b, which also binds HREs to initiate transcription, but the cellular
response to stabilization and target genes activated may be different from those of

HIF-1, depending on the cell type and signaling factors present [28–30].

HIF-1 can induce apoptosis [31, 32] or stimulate cell proliferation [33] through a

variety of target genes, some of which are shown in Fig. 3.2. The HIF-1 expression

pathway is not yet fully understood, but it is obvious that a delicate balance exists

between HIF-1 expression inducing apoptotic or anti-apoptotic activity [7, 23].

The HIF-1 complex can bind HREs in the promoter region of several target genes

to initiate transcription [34]. HIF-1 activates genes that encode for many proteins

and enzymes including erythropoietin (EPO) [10, 35], glucose transporters (e.g.,

GLUT-1) and glycolytic enzymes [9], vascular endothelial growth factor (VEGF)

[9, 31, 36], Wingless (Wnt) proteins [37, 38], and Hedgehog (Hh) proteins [39],

while HIF-2 mediates expression of octamer-binding transcription factor 4 (Oct4), a

gene upregulated in undifferentiated stem cells [40]. Gene products either increase

the delivery of oxygen to cells or allow for changes in metabolism to mitigate the

effect of decreased oxygen through protein expression [7].

HIF-1 can initiate angiogenesis through upregulation of VEGF and other angio-

genic factors (e.g., FGF2, TGF-b, and PDGF-b) [9, 31, 41, 42], which leads to

increased proliferation of endothelial cells in the matrix surrounding the tissue.

Endothelial cell proliferation is a desired effect of hypoxia as it promotes angiogene-

sis in the construct (see Vascularization of Bioengineered Tissue Constructs) [43–45].

Hypoxia-Induced Apoptosis

Hypoxic conditions cause tissue engineering devices to fail by inducing apoptosis

through multiple cellular mechanisms, primarily due to the reduction of mitochon-

drial adenosine triphosphate (ATP) production [7, 23]. Other mechanisms target
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transcriptional activity of HIF-1, whose downstream effects may lead to

proapoptotic activity [23, 31].

HIF-1 can initiate apoptosis by inducing high concentrations of proapoptotic

proteins [23]. High levels of HIF-1 expression correlated with near anoxia may

trigger apoptosis by induction and stabilization of p53, as shown in Fig. 3.2 [7,

23, 31, 46]. Stabilization of p53 induces programmed cell death by regulating Bax/

Bak [23]. Increased concentrations of BNIP3 (Bcl-2 19 kDa interacting protein/

adenovirus E1B 19 kDa interacting protein 3) are also correlated with hypoxia-

induced apoptosis mediated by HIF-1 transcriptional activity [47]. BNIP3 blocks

the activity of the Bcl-2 family of proteins which allows the activation of the Bax/

Bak pathway [47].

Additionally, genetic instability and high hypoxia-induced mutation rates can

lead to cell cycle arrest and ultimately result in apoptosis [23, 48]. Severe and

chronic hypoxia will also cause a high mutation rate and genetic instability [48, 49].

Cells initiate cell cycle arrest which leads to apoptotic cell death to avoid the

accumulation of cells with hypoxia-induced mutations [11, 23, 50].

In general, hypoxia can induce apoptosis through changes in glucose metabolism.

In low oxygen environments, cells move from aerobic glycolysis/Krebs cycle to

anaerobic glucose consumption and lactic acid production, thus decreasing the amount

of mitochondria-derived ATP and affecting the electron transport chain [23].

Aerobic metabolism yields 36 ATPs, while the anaerobic pathway yields only

2 ATPs per glucose molecule, and therefore glucose consumption quickly increases,

causing a drop in local glucose concentration [18, 51]. The drop in local glucose

concentration increases the need for glucose transport into the scaffoldmaterial, which

may not be attainable. As shown in Fig. 3.2, HIF-1a stabilization leads to the

production of more glucose transporters to increase glucose transport during hypoxia.

Ultimately, hypoxia results in a decrease in ATP production (2 instead of 36 per

glucose), mitochondrial stress, and activation of Bax/Bak pathway, all leading to

cytochrome C release into the cytosol which initiates the Apaf-1 pathway, inducing

formation of the apoptosome, which ultimately leads to programmed cell death

(Fig. 3.2) [51, 52]. Insufficient nutrient supply and lactic acid build-up will also lead

to necrosis, another form of cell death [53].

Alternatively, the accumulation of radical oxygen species (ROS) upon hypoxia

contributes to hypoxia-induced apoptosis through the activation of caspases via

cleavage or activation of the JNK (Jun N-terminal kinase) pathway without the

involvement of cytochrome C as shown in Fig. 3.2 [23, 54]. Following caspase

activation, mitochondrial permeability increases resulting in the activation of Apaf-

1 and the enhancement of caspase-mediated apoptosis [55]. Another mechanism for

hypoxia-induced apoptosis involves the activation of the JNK pathway, which is

also mediated by the Wnt family of proteins, which is a downstream product of

HIF-1 transcriptional activation [38, 56, 57]. Chronic hypoxia may also lead to the

activation of the JNK pathway through multiple cellular mechanisms, leading to

decreased Bcl-2 activity and induction of apoptosis mediated by Bax/Bak, similar

to the BNIP3 mechanism as shown in Fig. 3.2 [56].
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Overall, it is clear that hypoxic conditions activate a variety of cellular pathways

that lead to multiple outcomes, some of which result in cell death. In the design of a

tissue engineering device, it is important to modulate these actions to improve the

success of a tissue-engineered construct in vivo. Understanding the transport

limitations of a tissue-engineered construct can aid in device design, reducing

areas of low oxygen tension, and promoting cell viability and functionality.

Oxygen Delivery: Methods and Models

Sufficient oxygen and nutrient transport within a biomaterial is necessary to limit

hypoxia-induced apoptosis and enhance the success rate for a tissue engineering

device. High cellular consumption and low oxygen solubility and diffusivity limit

the size and design of scaffolds. Without proper oxygen and nutrient supply, cell

proliferation and viability decrease, leading to device failure. Recent computational

analyses and in vitro studies have shown that the central regions of tissue-

engineered constructs are most prone to hypoxia or anoxia, thereby creating a cell

density gradient within the device [12, 13, 58]. Oxygen consuming cells on the

outside edges of the device obstruct oxygen penetration, even when oxygen

concentrations in the surrounding media are sufficient.

Large tissue engineering devices are necessary for a variety of applications, yet

recent work has focused on encapsulation techniques [59, 60] and other methods to

reduce device size [61–63] and ultimately limit diffusion distance within the device

[17, 59, 64–69]. Consequently, recent studies have also focused on novel ways to

improve, measure, and predict oxygen and nutrient transport within tissue engineer-

ing constructs [1, 4, 17, 18, 70–80]. Therefore, adequately reducing the risk of

hypoxia within a construct relies on the physical constraints of the material itself,

namely the geometric dimensions. Reducing the distance through which oxygenmust

diffuse eliminates the need to improve the transport properties of the material.

Geometric constraints limit the design of materials to thin constructs or small

capsules (20–250 mm diffusion distance [5, 13, 20]), which do not satisfy all of the

possible applications for tissue-engineered devices, such as the device requirements

needed to treat spinal cord injuries [81]. Understanding which mechanical properties

and/or chemical additives facilitate greater oxygen transport could enhance device

design and function. Methods for enhancing oxygen transport, such as the use of

synthetic oxygen carriers or oxygen-generating biomaterials are discussed further in

Enhancing Oxygen Delivery to Tissue-Engineered Constructs.
Determining and modeling oxygen transport within a cell-seeded construct

requires knowledge of the cellular parameters of the system (i.e., effective diffusion

coefficients (Deff), OCRs, and cell growth rates) as well as the effect of scaffold

design and size on the overall transport properties. Defining appropriate assumptions

for each situation allows for the best estimation of the Deff. The section on Cellular
Oxygen Consumption outlines methods for determining the cellular demand and

OCRs for different tissues. Using this information, Deff can be calculated.
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The limiting factor for oxygen availability is the low solubility of oxygen in water

or cell culture medium SO2 in H2O ¼ 2:2mmol=Lð Þ [82]. The major shortcoming in

most tissue engineering constructs is the low oxygen availability within the construct

compared with the cellular demand or consumption, relative to the size of the

construct or the diffusion distance in the material. Similar issues are seen with poor

oxygen transport in vivo due to ischemia, where tissue will not receive the necessary

oxygen concentration due to a drop in the pO2 in circulating blood at the ischemic site.

Oxygen Transport

Oxygen diffusion within a tissue engineering construct is dependent upon the initial

oxygen solubility in the matrix and cellular OCRs, as well as proximity to an

oxygen source, such as vasculature. Transport limitations can be determined

through mathematical modeling of oxygen transport.

A typical modeling strategy requires the use of a consumption equation. Assum-

ing that mass is conserved, everything that is put into a system (In) and leaves the

system (Out) as shown in (3.1).

0 ¼ In� Out: (3.1)

If complete removal of a substance is not achieved, then mass accumulates, as

shown in (3.2). For example, in the case of a biomaterial for drug delivery, incom-

plete release of the encapsulated drug is accounted for using an accumulation term.

Accumulation ¼ In� Out: (3.2)

For the discussion of gasses, such as oxygen and carbon dioxide, oxygen could

be supplied to a cell-seeded device and consumed by the cells, which subsequently

release carbon dioxide. In this case, oxygen is consumed (consumption) and carbon

dioxide is generated (generation), as shown in (3.3).

Accumulation ¼ In� Outþ Generation� Consumption: (3.3)

In most cases, it is advantageous to look at how these variables change over time.

For example, under steady-state conditions there is no accumulation over time and

hence this term is zero (3.4). Once a system reaches steady state, the change in

system inputs (In + Generation) are equal to the change in system outputs (Out +

Consumption), as shown in (3.4).

0 ¼ DIn� DOutþ DGeneration� DConsumption: (3.4)

Generation and consumption together are often referred to as a reaction term, R,
shown in (3.5). R represents a differential in mass over time due to generation or
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consumption of a specific substrate, such as cell mass or oxygen. In the case of

oxygen concentration CO2
ð Þ, the change in cellular oxygen consumption within a

scaffold would decrease over time as the cells grow and divide, as more cells would

be present within the scaffold (i.e., reaction vessel), hence consuming more oxygen.

R ¼ DGeneration � DConsumption: (3.5)

Often, the reaction term can be depicted in terms of the change in oxygen mass

per volume or cell mass over time. Mathematically, this describes the OCR when

generation is assumed to equal 0, as shown in (3.6) for a spherical or cylindrical

geometry.

� RO2
¼ OCR ¼ S r; tð Þ ¼ Consumption volume or cell mass=

Time
: (3.6)

Diffusion Coefficients and Other Parameters Affecting
Biomaterial Design

Appropriately calculating or estimating the OCR can be quite difficult as there are

many parameters to consider. (1) Cell type. The type of cell seeded within the

material will affect the OCR of a material because different cell types require

different metabolic oxygen levels as discussed below (see Oxygen Consumption
Rates). For example, hepatocytes are highly respiring while chondrocytes are not.

(2) Biomaterial type. Most biomaterials (e.g., hydrogels) are composed primarily of

water and therefore the scaffold material does not negatively affect the OCR.

However, recent work on oxygen generating biomaterials has added complexity

to estimating OCRs. For these materials, oxygen is generated, so the OCR can be

modeled using (3.7).

OCRþgen ¼ Consumptioncellular volume=

Time
� Generationbiomaterial volume=

Time
: (3.7)

The consumption and generation terms are not the only important variables to

determine oxygen availability within a tissue engineering device. In some cases,

such as a contact lens, the permeability, or ability to transport oxygen through a

device, is critical to device performance. The permeability is often described using

a diffusion coefficient Deff (m
2/s) in terms of area per unit time. The Deff is not

dependent upon device geometry, but rather on the material and chemical

properties of the scaffold. The solubility of oxygen in the material components

greatly affects the oxygen diffusion coefficient, Deff;O2
by altering the passive

diffusion potential of the material.

The Deff;O2
is dependent upon the material or medium through which the oxygen

diffuses. Use of a silicone membrane, for example, would provide a high Deff;O2
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compared with an alginate hydrogel since silicone membranes have relatively high

oxygen solubility when compared with alginate hydrogels [83]. In both of these

cases, the pore size of the membrane or hydrogel does not affect oxygen transport;

however, pore size plays a major role in the diffusion of larger particles, such as

multi-domain proteins [84].

The Deff;O2
can be estimated in vitro by assuming that the culture medium

is a Newtonian fluid and therefore, the scaffold does not hinder or enhance

oxygen diffusion. For example, the Deff;O2
can be estimated simply as the

diffusivity of oxygen in either water or cell culture media, measured as

Deff;O2;media ¼ 2� 10�9 m2/s, based on the viscosity of the solution [71].

This estimation applies to materials where pore size does not restrict the passive

diffusion potential of gases.

A range of models with varying levels of complexity have been developed to

model oxygen transport in a scaffold and are discussed below. In these models, the

accumulation of oxygen in the device is represented by @CO2 r; tð Þ @t=ð Þ, where the
differential calculates the change in oxygen concentration CO2

ð Þ with respect to

time. CO2
varies with both time and position within a device. For example, at the

start of an experiment where a spherical device (e.g., hydrogel capsule) is placed into

a hyperbaric oxygen chamber, the center of the device will have a lower oxygen

concentration than the surface of the device. Gradually, a gradient will develop,

where higher oxygen concentrations exist near the surface with a linear decrease in

the radial direction until a concentration equal to the initial value is reached at the

center of the device. Once steady state is achieved, the concentration of oxygen

throughout the device will no longer change with time. Depending upon the device

size, the amount of time required to reach steady state varies. The gradient in oxygen

concentration is mathematically depicted as r � Deff;O2
rCO2 r; tð Þ� �

, where ∇ is

the mathematical operator shown in (3.8), (3.9), and (3.10) for rectangular, cylindri-

cal, and spherical coordinates, respectively, operating on the generic variable, F.

rF x; y; zð Þ ¼ @F

@x
x
^þ @F

@y
y
^þ @F

@z
z
^
; (3.8)

rF r; y; zð Þ ¼ @F

@r
r
^þ 1

r

@F

@y
y
^
þ @F

@z
z
^
; (3.9)

rF r; y; ’ð Þ ¼ @F

@r
r
^þ 1

r sin’

@F

@y
y
^
þ 1

r

@F

@’
’
^
: (3.10)

It is often advantageous to use either cylindrical or spherical geometries to

understand diffusion within a system because the dimensional complexity of the

transport equations can be simplified. In both cylindrical and spherical coordinates,

only the r
^
is important. For a cylinder, this assumption assumes that diffusion is

most prevalent in the r
^
direction and that the transport in the z direction is minimal

in comparison. In both cases, the angular directions are not important, if the system

is homogeneous and the bulk solution is well mixed. Therefore, transport equations
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can be solved in terms of one physical dimension ðr^Þ rather than the two that are

necessary in the rectangular system x; yð Þ.
Equations (3.11)–(3.13) are shown such thatCO2 is dependent only upon the radial

direction, r, and the time, t. Equation (3.11) represents the simplest model, assuming

that oxygen consumption is equal to a constant, R. Equation (3.12) represents a

slightly more complex model, where oxygen consumption is dependent upon

spatio-temporal parameters. The functional form of S r; tð Þ can vary based on the

assumptions made and the kinetic model chosen to represent the OCR. The possible

functional forms of S r; tð Þ are discussed below in Oxygen Consumption Rates.

@CO2 r; tð Þ
@t

¼ r � Deff;O2
rCO2 r; tð Þ� �þ R; (3.11)

@CO2 r; tð Þ
@t

¼ r � Deff;O2
rCO2 r; tð Þ� �� S r; tð Þ: (3.12)

Equations (3.13) and (3.14) are a set of coupled partial differential equations,

which account for changes in cell density Ccell r; tð Þð Þ within a scaffold as a function
of both position and time [84]. Changes in cell density over time are due to both cell

proliferation g r; tð Þð Þ and cell death d r; tð Þð Þ:

@CO2 r; tð Þ
@t

¼ r � Deff;O2
CO2

r; tð Þ� �� S r; tð ÞCcell r; tð Þð Þ; (3.13)

@Ccell r; tð Þ
@t

¼ Ccell r; tð Þ g r; tð Þ � d r; tð Þð Þ: (3.14)

Using this set of coupled equations, oxygen consumption as a function of cell

density gradients can be modeled and predicted. In the design of tissue engineering

devices, the maximum device size (corresponding to the value of r) to create a given
steady-state oxygen concentration within a device can be estimated, or the effect of

different cell seeding densities can be predicted to determine optimal device

parameters necessary to avoid cell death.

For a cylindrical system, addition of a z component to these coupled equations

would further elucidate the effects of position on oxygen gradients within a

material. A z component was included to better fit experimental data for oxygen

transport and cell density gradients within fibrin hydrogels [85].

Oxygen Diffusion Coefficients in Tissue-Engineered Constructs

The Deff;O2
represents the propensity for a given molecule to move into or out of a

medium or material, as shown above in (3.11)–(3.13). The Deff;O2
can be a constant
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under a given set of conditions or parameters for mathematical simplification.

For example, in a tissue engineering scaffold or thin film without cells with a stable

matrix structure, the diffusion of a small solute, metabolite, or gas, such as oxygen,

is a constant. Table 3.1 lists the oxygen diffusion coefficients for various cell-free

materials Deff;O2;M

� �
as well as the oxygen diffusion coefficient for various tissues

within the body. The addition of additives, such as synthetic oxygen carriers, or

cells will alter these values based on concentration.

One method for estimating the effective oxygen diffusivity in a homogenously

cell-seeded hydrogel Deff;O2
r; tð Þ� �

assumes that the cells act as small particles

evenly spaced throughout the scaffold, which is mathematically similar to

Maxwell’s solution for porous media [86], as shown in (3.15). The volume fraction

of cells within the material es r; tð Þð Þ is related to the cell diameter (dcell, mm) and

cell density, Ccell r; tð Þ (3.16). For simplicity, the volume of a cell can be estimated

as 850 mm3 in (3.16) [85], assuming that the cell is spherical in shape with an

approximate diameter of 2–2.5 mm.

Deff;O2
r; tð Þ ¼ Deff;O2;M

2 1� es r; tð Þð Þ
2þ es r; tð Þ

� �
; (3.15)

es r; tð Þ ¼ 1

6
pd3cell

� �
Ccell r; tð Þ: (3.16)

Improvements to this model have beenmade to better predict oxygen diffusivity in

a material with a high cell density gradient and a population of cells on the material

Table 3.1 Diffusion coefficients for various biological matrices

Material

Diffusion coefficient

(�109 m2/s) Source

Alginate (1.5%) 1.43 � 0.24 Measured by [90]

Alginate (3%) 1.22 � 0.23 Measured by [90]

Agarose (2%) 2.70 � 0.11 Measured by [90]

Agarose (4%) 2.70 � 0.21 Measured by [90]

Collagen (11%) 0.45 Measured by [90]

Collagen (34%) 0.17 Measured by [90]

Collagen (11%, photochemical

crosslinking)

0.34 Measured by [91]

Dacron 4.67 � 1.44 Measured by [75]

Fibrin 0.31 � 0.13 Measured by [87]

SIS-L 0.24 � 0.04 Measured by [75]

SIS-A 0.56 � 0.16 Measured by [75]

UBM-L 0.46 � 0.07 Measured by [75]

UBM-A 0.38 � 0.05 Measured by [75]

UBS 0.66 � 0.12 Measured by [75]

Cell culture medium 2.0 Reported by [73]

SIS porcine small intestinal submucosa, UBM porcine urinary bladder matrix,UBS porcine urinary
bladder submucosa, L is the luminal side of the tissue, A is the abluminal side of the tissue
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surface, by including Deff;O2;M for the specific material chosen and the diffusivity

of oxygen in a cell (Deff;O2;cell ¼ 3� 10�10m2=s [87]) as shown in (3.17) [85].

Deff;O2
r; tð Þ¼Deff;O2;M

2 Deff;O2;cell

�� �þ 1 Deff;O2;M

�� ��2es r; tð Þ 1 Deff;O2;cell

�� �� 1 Deff;O2;M

�� �� �
2 Deff;O2;cell

�� �þ 1 Deff;O2;M

�� �þ es r; tð Þ 1 Deff;O2;cell

�� �� 1 Deff;O2;M

�� �� �
 !

:

(3.17)

Oxygen Consumption Rates

Tissue engineering device design can be guided by the OCR of the incorporated cell

type. OCRs can be measured using a ruthenium II dye such as that provided by the

BD™ Oxygen Biosensor System (BD Biosciences) or the OxoPlate® system

(Innovative Instruments, Inc.), which uses two dyes to create a calibration-free

system [72]. Ruthenium is often used because when excited at 470 nm, it is

sensitive to oxygen through a mechanism by which oxygen collides with the

fluorescent molecule, transferring energy to the dye, increasing the “brightness”

or fluorescent signal [72, 88]. OCRs can also be determined using a bioreactor set-

up with an on-line oxygen meter such as those offered by New Brunswick Scientific

(Edison, NJ), HEL (Lawrenceville, NJ), or Applikon Biotechnology, Inc. (Foster

City, CA) [89–92].

OCRs S r; tð Þð Þ can be modeled using simple first-order oxygen consumption

[93] as shown in (3.18), where kt is the first-order rate constant. Models with

increasing complexity have been proposed. One of the most common models

used to estimate Michaelis-Menten style consumption [18, 70] is shown in (3.19),

where Vmax is the maximum specific OCR and KS is the half-rate constant.

S r; tð Þ ¼ ktCO2
r; tð Þ; (3.18)

S r; tð Þ ¼ Vmax

CO2
r; tð Þ

KS þ CO2
r; tð Þ

� �
: (3.19)

The Michaelis-Menten type model can be modified to incorporate cell growth

kinetics, as shown in (3.20).

S r; tð Þ ¼ Vmax

CO2
r; tð Þ

KS þ CO2
r; tð Þ

� �
Ccell r; tð Þ: (3.20)

The Monod model [18, 94] is shown in (3.21), where mS is the cellular mainte-

nance coefficient, the minimum substrate concentration required to maintain cell

viability [18, 94]. The Monod model incorporates the maximum cell-specific

growth rate mmaxð Þ and the cell yield coefficient YXSð Þ, which are parameters that

can be easily determined experimentally.
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S r; tð Þ ¼ mmax

YXS
þ mS

� �
CO2

r; tð Þ
KS þ CO2

r; tð Þ
� �

Ccell r; tð Þ: (3.21)

The rate of cell growth m r; tð Þð Þ can be calculated based on YXS at a given time

and position [95] and OCR, as shown in (3.22).

m r; tð Þ ¼ YXS
S r; tð Þ

Ccell r; tð Þ � mS

� �
: (3.22)

Using a model such as the one shown in (3.12) can greatly improve the design of

novel tissue engineering devices. By effective calculation, measurement, or esti-

mation of either the OCR or Deff;O2
, models can be developed which accurately

predict cellular behavior and oxygen availability within a scaffold. The results of

modeling exercises coupled with experimental results can effectively guide device

design.

Oxygen Transport in Vascularized Tissue Constructs

A 1-D spherical diffusion model was used to model oxygen limitations in a

biomaterial as angiogenesis occurred within the matrix [18] based on an in vivo

arteriovenous loop chamber used to measure pO2 in the blood [96]. Modeling

results determined that the length of time cells experience hypoxia is the most

important factor leading to the failure of a scaffold [18]. Results suggest that

homogeneous methods for seeding scaffolds, such as the use of a bioreactor to

enhance cell penetration into the scaffold through mixing [97], may only be

beneficial for small scaffolds (i.e., few hundred micrometers) [18, 19]. These

predictions agree with data regarding the growth of seeded cells in scaffolds,

where only cells near the surface of the scaffold proliferate and function as desired,

creating an inhomogeneous scaffold over time, as shown in Fig. 3.3 [12, 15].

A moving vascularization front (penetrating vascular network) was used to experi-

mentally determine that the “speed of the vascularization front” (l), or rate of

vascular growth necessary to maintain viable tissue, is dependent upon d, the rate of
cell diffusion relative to the rate of cell proliferation, such that l>2

ffiffiffi
d

p
. Results

from these studies suggest that heterogeneous seeding of scaffolds through directed

cell placement near the edge of the scaffold is necessary to reduce hypoxic exposure

to the initial cells incorporated within the device, with the goal of inducing cell

motility along the vascularization front [18, 19].

While mathematical models of oxygen transport assist in scaffold design, induc-

ing directed vascularization is challenging. Preferentially seeding scaffolds with

cells near the outer edge of the device is also difficult to achieve and maintain and

requires an understanding of cell motility within the scaffold. Directing stem cell

differentiation and motility using growth factor and/or nutrient gradients may
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provide a method for the creation of heterogeneously seeded scaffolds. Directed

stem cell differentiation has been achieved using growth factor gradients within a

scaffold, showing the feasibility of directing differentiation and cell motility [98].

Measuring Dissolved Oxygen Concentration In Vitro

Measuring the dissolved oxygen concentration within a scaffold material has

proven difficult due to the inability to monitor changes or gradients within a

biomaterial. General methods for determining dissolved oxygen in solution utilize

fiber-optic and Clark-type [99] oxygen probes. Fiber-optic oxygen probes generate

fluorescence at the tip, which is collected by the probe and carried by the optical

fiber to a high-sensitivity spectrometer. When oxygen diffuses into the thin-film

coating the fluorescence is quenched. The degree of quenching is related to the

frequency of collisions, and therefore, to the concentration, pressure, and tempera-

ture of the oxygen-containing sample. Clark-type oxygen probes measure changes

in the surrounding solution electrochemically. Use of these probes requires strict

temperature control, as changes in temperature greater than 1�C will result in

measurement shifts.

Both probe types measure the oxygen concentration in the bulk solution

surrounding amaterial or device. Therefore, typical experimentsmeasure the transport

of oxygen across a membrane or thin hydrogel from a donor solution (saturated

Fig. 3.3 Oxygen gradients form within traditional scaffolds over time limiting the growth and

motility of cells. Homogeneously seeding a scaffold containing a synthetic oxygen carrier may

lead to decreased hypoxia-mediated apoptosis and enhance growth and functionality of the seeded

cells (left). Scaffolds kept in an oxygenated environment may benefit from higher levels of oxygen

near the edge of the scaffold, while transport limitations may lead to hypoxia-mediated apoptosis

in the center of the device (right)
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with air or oxygen) to a receiving solution (saturated with nitrogen) [73], as shown

in Fig. 3.4.

The Deff;O2
for a membrane used in this apparatus accounts for both tortuosity

and diffusion and is expressed by (3.23) [73], where z is the thickness of the

membrane, A is the area through which diffusion occurs, t is time, VR is the volume

of the receiving chamber, CD is the oxygen concentration in the donor chamber at

time t, CR is the oxygen concentration in the receiving chamber at time t, and CR0 is

the oxygen concentration in the receiving chamber at time 0 (see Ref. 73 for

derivation).

Deff;O2
¼ � zVR

tA
ln

CD � CR

CD � CR0

� �
: (3.23)

Difficulties with these measurements include accurate determination of initial

conditions and accounting for system artifacts, such as the tendency for probes to

drift over time [100]. Initial conditions can be determined using a Winkler test,

which is commonly used to measure oxygen concentrations in lake or river water

[101]. Alternatively, errors resulting from probe drift can be accounted for by

modification of the model used to determine Deff;O2
[100].

Recent advances in measuring dissolved oxygen concentrations include the use

of fluorescent microparticles to sense the local oxygen environment [75]. Fluores-

cent particles made of silica gel containing the oxygen sensitive luminophore tris

(4,7-diphenyl-1,10-phenanthroline) ruthenium (II) dichloride, or Ru(Ph2phen3)Cl2,

were created and added to the biomaterial formulation [75]. Advantages of this

system include the ability to determine percent change in oxygen tension over time

within a material [75]. Based on initial cytotoxicity studies [75], these systems may

be useful for cell-seeded hydrogels as a method for visually detecting oxygen

gradients within a construct.

Optical PEBBLE (probes encapsulated by biologically localized embedding)

nanosensors measure dissolved oxygen using silicate nanoparticles modified with

an oxygen-sensitive platinum porphyrin dye [102]. Nanoparticles can be injected

into cells using particle bombardment (i.e., gene gun) technologies in vitro to

Fig. 3.4 Oxygen diffusion

cell apparatus. Oxygen

transport can be monitored by

measuring the change in

oxygen concentration in each

chamber over time
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monitor intracellular dissolved oxygen [102]. Use of these nanosensors in multiple

cell types yielded high sensitivity, making these particles functional for real-time

measurements of dissolved oxygen concentration [102].

A fiber-optic-based system to measure local oxygen concentration within a

hydrogel was developed using an oxygen microsensor (PreSens Co., Regensburg,

Germany), which uses fiber-optic technology in the form of a needle with a 3 mm

naked sensing tip connected to an oxygen meter (Microx TX3, PreSens Co.) [77].

Using this set-up, oxygen concentration at the top surface of a collagen-based

biomaterial exposed to cell culture medium was measured to be 11 times that at

the bottom surface, showing limitations for oxygen diffusion deeper within the gel

over a 3-week period [77]. Advantages of this technique include the ability to look

at the microenvironment within a biomaterial, enabling the possibility of probing

oxygen concentration at the biomaterial-cell surface interface.

Enhancing Oxygen Delivery to Tissue-Engineered Constructs

Many investigators have devoted time to determine methods to enhance oxygen

transport in tissue engineering constructs both in vitro and in vivo. Enhancements

include addition of a synthetic component to the system to improve oxygen

diffusion as well as addition of growth factors or other cell types to encourage

growth of new blood vessels (i.e., vasculogenesis) or recruitment of existing

vasculature (i.e., angiogenesis). Use of improved cell culture methods, such as

microfluidic devices or perfused bioreactors, has also been explored.

For example, a method to embed a microfluidic network into a cell-seeded

alginate scaffold was developed [103]. With this device, control over distribution

of soluble signals was achieved through controlling mass transfer at the microenvi-

ronment level. Spatial and temporal control over metabolite delivery was

demonstrated using fluorescently labeled calcein in a chondrocyte-seeded micro-

fluidic scaffold [103]. Utilizing this method to regulate oxygen concentration and

metabolite delivery within a cell-seeded scaffold might provide even greater con-

trol over cell growth and function [104].

Perfused Constructs for Tissue Growth

One common method for engineering tissue constructs for in vitro studies or later

transplantation is to seed cells in a 3-D scaffold and maintain the construct in a

bioreactor. Bone [92, 105–108], cartilage [97, 109, 110], skeletal muscle [111],

smooth muscle [112], cardiac muscle [113, 114], and liver tissue [79, 115–117]

have been extensively investigated in vitro to study tissue development and tissue

response to exogenous stimuli. The use of perfusion bioreactors has been shown to
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prevent cell death associated with hypoxia in 3-D tissue engineering scaffolds by

maintaining higher oxygen concentrations at the scaffold core. Failure of 3-D

constructs in vitro is associated with oxygen gradients which cause inhomogeneous

tissue quality and functionality [14, 92]. The use of a perfusion bioreactor has been

shown to prevent some hypoxia-related cell death of preosteoblasts by maintaining

oxygen concentrations throughout the construct at 4%, equivalent to that on the

periphery of the scaffold in a static culture [92].

For stem cell propagation and expansion using a perfused bioreactor, the effects

of flow rate-induced shear stress on culture expansion and differentiation should be

considered [118–120]. For example, bone marrow-derived human mesenchymal

stem cells (BM-hMSCs) show greater osteoblast differentiation following longer

periods of shear stress through an increase in alkaline phosphatase (ALP) activity

and calcium deposition (osteoblast differentiation markers) in a 3-D poly(ethylene

terephthalate) (PET) matrix [118].

Synthetic Oxygen Carriers

Synthetic oxygen carriers, such as hemoglobin-based oxygen carriers (HBOCs) and

perfluorocarbons (PFCs), have been explored for their use as blood substitutes or in

blood replacement therapy, and have been shown to increase oxygen solubility and

availability in blood [82, 121, 122]. In the development of bioartificial liver assist

devices (BLADs), the synergistic effect of both HBOC and PFC incorporation has

been shown to aid in the oxygenation of the extra capillary space of a hepatic

hollow fiber bioreactor [79].

Hemoglobin-Based Oxygen Carriers

HBOCs were originally designed as artificial blood substitutes to enhance oxygen

transport in vivo for patient treatment following general surgery, emergency

trauma, hemorrhagic shock, and for exchange transfusions [122]. Recent work

has investigated the addition of HBOCs to liquid-culture bioreactors to enhance

oxygen delivery to tissue engineering scaffolds [79, 117]. In vitro growth of tissues

that demand high oxygen concentrations, such as liver [117] or cardiac muscle

[113], may benefit from the use of blood substitutes in culture conditions prior to

device implantation [14].

Hemoglobin (Hb) can be encapsulated in liposomes [123] and synthetic amphi-

pathic copolymers [2] to enhance both stability in solution and delivery of oxygen

once injected into the blood stream following a traumatic event [122]. Success of

HBOCs relies on maintaining the functional state of the encapsulated Hb so that

adequate oxygen delivery is achieved. Maintaining the oxygen carrying capacity of

the native Hb and preventing conversion to methemoglobin (metHb, Fe3+ state of

Hb) when in storage or once introduced into the body is a major goal of HBOC
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design [123]. The ability of HBOCs to carry oxygen in vivo can be determined

using a variety of radioisotope methods, such as the use of oxygen-15 (15O) to

quantify oxygen delivery to specific tissues (reviewed elsewhere [123]).

Initial studies with liposome-encapsulated hemoglobin (LEH) dispersions

showed promise, but issues such as shelf-life, aggregation, encapsulation effi-

ciency, and large scale manufacturing led to the need for improved formulations

[122]. LEH dispersions have been modified to enhance circulation half-life and

reduce aggregation through surface modification using poly(ethylene glycol) (PEG)

[122–125]. PEG conjugation provides a steric barrier which can prevent aggrega-

tion of PEG-LEH particles in solution [126] as well as improve biocompatibility,

hemodynamic properties, and structural properties of LEH dispersions [122, 125,

126]. Neo Red Cells commercially developed by Terumo (Kanagawa, Japan) are

PEG-LEH dispersions formed by coating liposomes of hydrogenated soy phoshati-

dylcholines, cholesterol, myristic acid, and a-tocopherol with PEG-phosphatidyl-

ethanolamine [122, 127, 128]. To enhance the oxygen carrying capacity of LEH

dispersions, liposome-encapsulated actin hemoglobin (LEAcHb) dispersions were

formulated by incorporating actin and hemoglobin to create a dispersion that is

mechanically stable and ellipsoidal in solution, to provide similar shape of a red

blood cell for ease of flow in the blood [129].

Polymersome-encapsulated hemoglobin (PEH) particles are made from amphi-

pathic di-block copolymers dissolved in water and are used to form vesicles with

thicker, more robust membranes [130, 131] when compared with PEG-LEH

particles [2]. Engineering polymersome structure and geometry to enhance

mechanical properties and ability to escape the host immune system can be easily

achieved by varying the preparation method, type of amphipathic copolymer, and

PEG chain length [2, 131–133].

Perfluorocarbons

PFCs are able to dissolve high amounts of oxygen and carbon dioxide than that of

water (see Table 3.2) [82, 134] due to low intermolecular interactions based on

fluorine’s low polarizability, and therefore low van der Waals forces [82, 121].

PFCs are both lipophobic and hydrophobic, adding to their biologically inert

properties [134, 135]. PFCs can increase the ability of erythrocytes to transport

and transfer oxygen to tissues when injected intravenously [136].

Gas dissolution by PFCs occurs through loose, non-directional van der Waals

interactions rather than the strong coordination chemistry seen between oxygen and

iron in Heme [121]. Weak cohesive forces and limitless saturation cause loose

associations between gases and PFCs, allowing oxygen to be readily available to

tissues [121]. Thus, oxygen uptake and release curves are linear in form, i.e., no

concentration dependence, shown in Fig. 3.5 [121]. PFC emulsions are able to

dissolve larger volumes of non-polar gases, and preference for a particular gas is

related to the molecular volume of the gas (preference for PFCs is CO2 � O2 >
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CO > N2) [82]. These characteristics improve the ability of PFCs to transport

oxygen into (or carbon dioxide out of) tissue engineering constructs.

The stability of PFCs due to the strong C-F bonds within the molecule renders

PFCs relatively inert. Due to their lipophobic and hydrophobic properties, PFC

emulsions tend to phase separate quickly in aqueous medium [137]. Perfluorooctyl

bromide (F-octyl bromide, PFOB) has been approved by the FDA for use as an MRI

contrast agent [138] and liquid PFC has been used to fill the lungs of hypoxic

patients as a form of liquid ventilation [138, 139].

PFC colloidal systems are under investigation for use in a variety of biomedical

applications [134, 138], including islet preservation and encapsulation for diabetes

treatment [78, 140, 141], bone regeneration [81], and creation of tissue-engineered

trachea [142]. By increasing the dissolved oxygen concentration in a solution or

biomaterial construct, oxygen diffusion limitations to the cells or tissues can be

mediated by increasing oxygen solubility in oxygen-limited areas. In recent years,

the biocompatibility and efficacy of PFCs have been investigated using a variety of

cell types, including hepatocytes [1, 72, 79, 115], endothelial cells [143], stem cells

[81], b-cells [141, 144], and fibroblasts [145].

Table 3.2 Solubility of oxygen in various liquids (mmol/L at standard temperature and pressure)

Liquid Oxygen Carbon dioxide

Water 2.2 57

Perfluorotributylamine 35.2 123

Perfluorodecalin 35.5 125

Bis(perfluorohexyl)ethane 37.9 159

Perfluorotripropylamine 39.6 146

Perfluoroocytyl bromide 44.0 185

Bis(perfluorobuytl)ethene 44.0 203

Adapted from [84]

Fig. 3.5 Relationship between oxygen content (or oxygen associated with the PFC) and oxygen

partial pressure [pO2 for hemoglobin (Hb) and perfluorocarbons (PFCs)]. The linear relationship

for PFCs is based on the weak van der Waals interactions between oxygen and PFC molecules

when compared with the binding of oxygen to iron in Heme
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PFCs have also been investigated for their use in guiding stem cell differentiation

by controlling the native oxygen microenvironment. The use of perfluorotribu-

tylamine (PFTBA) in fibrin hydrogels improved the in vivo survival of modified

mesenchymal stem cells (Tet-off BMP2 MSCs), increasing the overall bone volume

by 1.4-fold and yielding better bone quality in bone-repair and spinal fusion models

[81]. Our lab is interested in the addition of PFCs to alginate microcapsules and

hydrogels to enhance cell viability and oxygen diffusion for a variety of applications,

and recent work has focused on the effect of PFC incorporation on protein transport

and cell viability within the matrix [1, 72].

Difficulty arises in evaluating the use of PFCs due to their hydrophobicity. To

incorporate PFCs into cell culture media or a water-based biomaterial, such as a

hydrogel, a surfactant must be used [1, 72]. Structure and concentration of surfactant

used to create the PFC emulsion is a major part of the system design. Pluronics®, such

as Pluronic® F-68 or F-127[1, 72], and natural surfactants, such as egg yolk

phospholipids [145], have been investigated in PFC emulsion formulations.

Oxygen Generating Biomaterials

Novel poly(D-L-lactide-co-glycolide) (PLGA)-based biomaterials were developed,

which utilize the decomposition of an oxygen-rich compound, sodium percarbonate

(SPO) [3], or calcium peroxide [4], to generate oxygen in situ. POG films made with

SPO were capable of steady oxygen release over a 24-h period, with complete

decomposition of the incorporated SPO after 70 h. In vivo studies with rats confirmed

delayed onset of necrosis, showing significantly decreased necrosis of dorsal skin flaps

after 2 days, but with comparable necrosis (to the PLGS control) after 7 days [3]. POG

3-D scaffolds made with encapsulated calcium peroxide were designed to release

oxygen over a 10-day period [4]. Results showed continually elevated oxygen levels in

the scaffold core under hypoxic bulk conditions, and scaffolds were able to extend

growth of NIH-3 T3 fibroblasts under hypoxic conditions to similar levels found

in vivo after implantation [4]. The use of oxygen generating biomaterialsmay improve

survival rates of implanted tissue prior to the establishment of a vascular network

within the tissue-engineered construct without suppressing angiogenesis [146].

Vascularization of Bioengineered Tissue Constructs

One of the major issues with successful transplantation of tissues or constructs is the

lack of functional vasculature to facilitate oxygen transport [44], which increases

the likelihood of hypoxia-induced apoptosis [14]. Recruitment of vasculature into

biomaterial constructs via angiogenesis or the induction of vasculogenesis

improves tissue survival through increased oxygen transport [14, 147].

Vasculogenesis is the formation of new blood vessels from endothelial progenitor
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cells, while angiogenesis is defined by the sprouting of new vessels from existing

capillary networks, also referred to as recruitment of vasculature (Fig. 3.6).

In embryonic development and wound healing, vasculogenesis begins with differ-

entiation of multipotent mesodermal progenitor cells into endothelial cell progenitors,

which then differentiate into mature endothelial cells [148, 149]. New endothelial

cells must organize into a primary capillary plexus, which involves recruitment of

pericytes and smooth muscle cells to form a mature blood vessel through a combina-

tion of cell–cell and cell–matrix interactions in a process known as arteriogenesis

[148, 150]. A variety of growth factors and soluble proteins are required at different

stages in the process, including fibroblast growth factor-2 (FGF-2), VEGF, platelet-

derived growth factor-B (PDGF-B), and tumor growth factor-b (TGF-b) (reviewed
elsewhere [148]). For tissue engineering applications, the use of stem or progenitor

cells has been investigated as a method for vasculogenesis within a scaffold. The role

of biomaterials in stem cell differentiation for vasculogenesis has received attention

over the last decade. Differentiation, growth, and functionality of stem cells have

been controlled in vitro using spatial organization of growth factors and ECMdomains

to guide vasculogenesis (reviewed elsewhere [151]).

Instead of using stem or progenitor cells to grow new vasculature to enhance

oxygen transport to tissue engineering scaffolds, the process of angiogenesis

recruits existing capillary networks into the material. Angiogenesis is initiated by

mature endothelial cells which experience certain biological stresses, such as

inflammation, ischemia, hypoxia, change in pH, gradients in soluble signals, or

Fig. 3.6 Angiogenesis and Vasculogenesis – Methods for forming vasculature within a tissue-

engineered scaffold. (a) Angiogenesis is the process of inducing the growth of an existing capillary

network into the scaffold through signaling molecules such as VEGF (represented by orange dots).

(b) Vasculogenesis requires seeding of vasculature progenitor cells into the scaffold, followed by

differentiation of these cells to form mature vasculature. Mature vasculature requires recruitment

of smooth muscle cells and pericytes to create a support structure in a process called arteriogenesis
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other changes to the microenvironment [152]. Endothelial cells control basement

membrane and ECM degradation to extend vasculature using a variety of proteases,

such as matrix metalloproteinases (MMPs) [147, 152]. The first ECM-mimicking

biomaterial developed to induce angiogenesis consisted of protease-sensitive

peptides grafted onto a PEG backbone [153]. A biointeractive PEG network

exhibits key functionalities of natural ECM, including degradability by MMPs,

which are critically important in the remodeling of tissue during angiogenesis [153,

154]. Angiogenesis and therefore vascularization of the synthetic scaffold was

achieved by varying local concentrations of VEGF both in vitro and in vivo using

a biointeractive, functionalized PEG hydrogel network [154, 155].

Growth factors and chemotaxis are important for proper growth and extension of

blood vessels, which requires that endothelial tip cells at the beginning of new

capillaries extend long filapodia in response to chemotactic factors which guide

growth of the vessel by promoting proliferation of the tip cells closest to the chemo-

tactic factors (i.e., VEGF, TGF-b, and PDGF). The lumen inside the sprout forms from

vacuoles inside the endothelial tube cells which coalesce over time [156].

Mechanically, endothelial and mural cells need to be able to rearrange their microen-

vironment to allow for expansion and maturation of the growing capillary network

[147, 153, 155, 157]. A biomimetic, yet purely synthetic scaffold, capable of promot-

ing blood vessel formation in vitro and in vivowas developed [157],which contains an

MMP-sensitive sequence froma1(I) collagen grafted to a PEGbackbonewith acrylate

terminal groups with incorporated VEGF to promote angiogenesis and grafted RGDS

(Arg-Gly-Asp-Ser) to enhance integrin binding [155, 157, 158]. Using this

functionalized PEG hydrogel, it was shown that covalent immobilization of soluble

factors, such asVEGFor anRGDSpeptide, was able to control the angiogenic process

and accelerate endothelial tubulogenesis within the scaffold [159].

Understanding and modulating the activity of endothelial cells for angiogenesis

(or endothelial progenitor cells in vasculogenesis) are key requirements for successful

therapeutic applications in tissue engineering [45] as well as in vascular regenerative

engineering. Consequently, investigators are interested in creating materials which

releasemultiple chemotactic factors over time to enhance the angiogenic potential of a

construct [41, 160–163]. Recent successes indicate that soluble proteins and signaling

molecules (i.e., VEGF or FGF-2), when incorporated into a biomaterial design, may

lead to new biomaterial formulations that modulate blood vessel growth within the

material. Mature blood vessel formation requires cooperation of not only endothelial

cells but also pericytes and smooth muscle cells, which form the outer support

structure of the vessel [152] through the process of arteriogenesis [164]. Many

therapeutic delivery systems under investigation take advantage of these mechanisms

through the dual delivery of growth factors and signalingmolecules to optimize device

design and modulate activity of a variety of angiogenic cell types, including endothe-

lial progenitors and smooth muscle cells. Numerous signaling molecules and soluble

factors have been identified in playing a role in blood vessel growth and formation,

including VEGF, FGFs, TGFs, PDGFs, angiopoietins, ephrins, placental growth

factors, and a variety of chemokines and oxygen sensors, such as HIF-1 [31, 163,

165]. For example, subcutaneous delivery of VEGF and MCP-1 (monocyte
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chemotactic protein-1) loaded alginate microcapsules enhanced survival and engraft-

ment of transplanted endothelial cells and promoted smooth muscle cell recruitment

and final vesselmaturation in an in vivomurinemodel. VEGF alone did not induce the

formation of mature neovasculature because mural cells were not recruited and

arteriogenesis was not promoted [149, 166].

While the growth factors present at all stages of blood vessel development are

similar, their presence at different stages of vessel maturity and at different

concentrations or density gradients can create a variety of responses within tissue

engineering constructs [164, 167, 168]. For example, HIF-1 can initiate angiogene-

sis through upregulation of VEGF and other angiogenic factors, such as TGF-b,
FGF2, and PDGF-b, as shown in Fig. 3.2 [31, 42]. VEGF is a widely studied

angiogenic protein, which binds to the VEGF cognate receptor on endothelial cells

(VEGF-R2). VEGF promotes growth of mature endothelial cells. FGF-2 enhances

proliferation of endothelial cells in the presence of fibrin, an ECM protein [169].

Increasing concentrations of FGF-2 cause smooth muscle cell migration and pro-

liferation, demonstrating the chemotactic potential of FGF-2 in arteriogenesis

[170]. Also, PDGF-b and angiopoietin-1 (ang-1) have been shown to recruit

mural cells around endothelial tube cells, leading to vessel maturity and proper

functionality [163]. Overall, the development of tissue engineering scaffolds with

spatio-temporal release of growth factors enhances control over cell growth, func-

tionality, and differentiation to enhance oxygen delivery to target cells seeded

within a 3-D scaffold through blood vessel formation.

Hypoxia and the Clinical Realization of Tissue-Engineered

Constructs

While research continues to focus on mediating hypoxia in tissue constructs, many

specific fields have made great strides in understanding the role of oxygen transport

in device success. For example, contact lens design emphasizes maintaining optical

properties while enhancing oxygen permeability within hydrogels to improve

patient comfort, and encapsulation of islets for the treatment of type 1 diabetes

focuses on creating small, yet immuno-isolative, hydrogel capsules which can

protect islets from the host and maintain functionality and viability. In addition,

the application of oxygen gradients in the maintenance of stem cell lines as well as

promotion of differentiation has led to improved culture conditions and expansion

procedures. This section highlights specific advancements in key clinical areas with

respect to optimizing device performance through mediating oxygen supply.

Contact Lenses

Contact lens materials must have the required optical properties, chemical stability,

reasonable production costs, wettability, resistance to deposits from tear film, and
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high oxygen transmissibility (OT). High OT is necessary to meet the metabolic

requirements of the cornea [171]. OT is based on diffusivity, Deff;O2
(cm2/s),

Henry’s solubility coefficient, k cm3 O2 STP½ �ð Þ cm3 polymerð ÞmmHgð Þ�
, and aver-

age lens thickness, L, as shown in (3.24) [172]. The numerator of (3.24), Deff;O2
k, is

also known as the oxygen permeability coefficient, P [171].

OT ¼ Deff;O2
k

L
¼ P

L
: (3.24)

Many contact lens formulations have been developed to maximize oxygen

permeability based on the use of polysiloxanes. Soft hydrogel contact lenses were

originally made of single phase hydrogels, with the goal of creating a lens which

provides more comfort, when compared with traditional rigid lenses [173, 174].

Contact lenses made with high water content have relatively high OT compared

with dryer lenses or rigid contacts, but they have a tendency to dry out the eye [174].

The introduction of two phase hydrogels (e.g., lotrafilcon) composed of a hydro-

phobic siloxane phase dispersed within a standard hydrophilic hydrogel [e.g., PEG,

N,N-dimethylacrylamide (DMA), poly(2-hydroxyethyl methacrylate) (PHEMA)]

showed enhanced OT compared with the standard hydrogel alone [175, 176], by

further increasing the oxygen permeability of the hydrogel in the siloxane regions,

due to increased solubility of oxygen in the dispersed phase [175, 177, 178] .

The development of fluorine-containing, rigid, gas-permeable (RGP) contact

lenses exposed the promise of fluoro-derivatives (e.g., fluorinated siloxanes) for

increasing oxygen permeability in biomaterials [171]. Advancements in contact

lens design over the past 50 years show the promise for clinical realization of

enhanced oxygen supply through biomaterials for use both in vitro and in vivo.

Contact lens formulation does not suffer from significant diffusion limitations

because of the thin film design. Use of fluoro-derivatives in tissue engineering

devices is more complicated because of the increased diffusion limitations, and

therefore research advancements have been more challenging.

Islets of Langerhans and the Treatment of Diabetes

In an effort to eliminate the necessity for life-long treatment with immuno-

suppressants and improve the quality of life for diabetic patients, researchers have

explored the idea of transplantation with islets enclosed in a semipermeable mem-

brane (i.e., bioartificial pancreas) [65]. Various types of bioartificial pancreases have

been proposed, and islet microencapsulation has been studied as a possible superior

islet transplantation therapy for patients with type 1 diabetes (T1D) [179]. Encapsu-

lation technology offers the possibility of providing feedback-controlled insulin

delivery and normoglycemia without continuous patient intervention. Encapsulation

also allows for the use of cells or tissue of non-human origin (i.e., xenografts), which

may increase the amount of available donor tissue [68]. However, many parameters

64 W.L. Stoppel and S.C. Roberts



and procedures still need to be optimized in order for islet encapsulation to reach full

clinical realization [61, 179–187], namely the ability to maintain viability and

functionality by reducing hypoxia and hypoxia-related apoptosis.

Hypoxia is a major factor affecting the use of islet encapsulation as a treatment

for T1D [188–190]. When islets are isolated from the pancreas, the vascular

network supplying the tissue with oxygen is destroyed. The necessity of

immunoisolation for adequate treatment [191] requires microcapsules to protect

islets from the host immune system, including macrophages and cytokines. Recruit-

ment of endothelial cells for angiogenesis or revascularization of the material may

be detrimental to graft survival or cause rejection. Therefore, encapsulated islets,

both in vitro and in vivo, suffer from chronic hypoxia [188, 189].

After isolation, contact with the pancreatic capillary system disappears and islets

must rely on diffusion into and out of the surrounding medium or matrix for all

oxygen and nutrient supply as well as metabolic waste removal. In encapsulation

systems, diffusion is even more limited by the semipermeable nature of the matrix.

In addition, most islet-containing capsules are implanted in the peritoneal cavity,

where partial oxygen tension is reduced compared with that of arterial blood [188].

These constraints, especially the hypoxic conditions, often put islets in a position

where they are unable to function and survive for extended periods of time [192].

Hypoxia reduces islet viability and functionality, and unlike in other cell types,

such as hepatocytes or endothelial cells, hypoxic conditions do not induce prolifer-

ation and growth [189].

Islet preservation post-explantation is a contributing factor to islet survival. If

tissues cannot be adequately maintained prior to implantation, the transplanted

islets have no chance of survival. Addition of PFCs [78, 140, 144, 193, 194],

induction of angiogenesis [195–198], and hyperbaric oxygen chambers [199]

have been studied as possible tools for preserving islets and maintaining their

functionality in vitro (prior to transplantation) and in vivo (after transplantation).

Typically, no more than two-thirds of the islets transplanted are functional within

the patient [200], possibly due to trauma experienced during explantation and

storage prior to transplantation [194]. Disruption of the blood supply, and therefore

oxygen supply, alter the secretory functions (i.e., insulin) of the b-cells which

ultimately reduces their functionality in vitro and in vivo [192, 194]. The use of

perfluorooctyl bromide (PFOB) dispersed in egg yolk phospholipid and added to

cell culture medium preserved islet viability and functionality in culture [194].

Encapsulated islets respond to hypoxia through the upregulation of MCP-1

mRNA expression [189], which promotes angiogenesis [201]. This response may

actually contribute to graft rejection, since it is essential for graft tissue to remain

immuno-isolated from the host blood stream [202]. The use of a prevascularized

implantation device or scaffold may reduce the chemotactic response by the host

immune system caused by the upregulation of MCP-1 and reduce the attraction of

macrophages to the graft site [189, 203].

One method for increasing the supply of b-cells available for transplantation

focuses on differentiating b-cells from pancreatic endocrine tissue. Higher levels of

b-cell differentiation were achieved by growing b-cell progenitors on a novel PFC/
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silicone membrane which provided greater oxygen concentrations to the

differentiating cells in vitro [141]. Results point to the importance of providing the

necessary physiological environment as well as providing the appropriate molecular

environment to promote differentiation [141]. Enhancing oxygen transport in vitro

may allow for better control over the microenvironment around progenitor cells,

improving the success of directed stem cell differentiation, and improving the clinical

feasibility of islet encapsulation and subsequent transplantation as a treatment for

T1D [17].

Wound Healing

Modulating the pO2 at the site of a wound is critical for all stages of disease

prevention, detection, and treatment to improve patient prognosis [204, 205].

Optimizing the local concentration of oxygen can prevent amputation, decrease

healing time and reduce the risk of infection in postoperative patients [206]. Overall

success of tissue engineering devices and tissue grafts (e.g., encapsulated islets and

artificial cartilage) is directly dependent on the ability of the patient to heal without

infection or complication postoperation.

Extreme hypoxic or near-anoxic conditions are commonly found in chronic

ischemic wounds and prevent adequate tissue repair and/or wound healing. Ische-

mia, or restricted blood flow in chronic wounds, is often induced by vascular

complications and lack of perfusion, and results in decreased nutrient flow and

ultimately low-oxygenated tissue. Wounded ischemic tissue suffers from longer

healing times and a higher risk of infection and wound-associated pain [204, 207].

In a wound, hypoxia is caused by poor circulation and vascular transport, increased

demand for oxygen by the healing tissue, and the generation of ROS as shown in

Fig. 3.2 [204, 205]. In a chronic wound, areas of extreme hypoxia often contain

many pro-angiogenic factors such as VEGF, yet functional vasculature will not

form due to insufficient levels of oxygen and nutrients necessary to promote proper

healing and growth of new tissue [208].

Tissue oxygenation and wound therapy are common treatments for chronic

wounds, such leg ulcers caused by complications with type 2 diabetes (T2D) or

peripheral vascular disease (PVD). Diabetic ulcers heal slowly, and often incom-

pletely, due to underlying physiological conditions, such as T2D-induced neuropa-

thy [209–211]. T2D is the leading cause for non-traumatic lower-limb amputation

and in 2006, over 65,700 non-traumatic lower-limb amputations were performed

due to poor healing of chronic wounds [212]. Peripheral arterial disease (PAD) is

the most prevalent form of PVD and it is estimated that over eight million

Americans are affected [204, 213]. Comprehensive wound care improves patient

prognosis and reduces the number of amputated limbs and includes increasing

arterial oxygen tension, managing fluids, maintaining proper temperature,

minimizing pain, creating a sterile environment, and preventing infection through

antibiotics [214, 215].
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Current oxygenation methods focus on two routes of oxygen delivery: through

oxygenated blood using hyperbaric oxygen (HBO) treatment or through topical

application. HBO is not a successful treatment method for all patients and distinct

treatment regiments and patient-specific dosing strategies need to be employed to

obtain the greatest success rates [204]. Often lower-limb wounds are not affected by

HBO treatment due to poor circulation in the patients, and therefore a better method

for delivering oxygen to the wound bed is desired [204, 205, 216]. Topical oxygen

treatments represent a relatively new field and include applying either oxygen gas

[216–218] or PFC emulsion to the wound surface [219]. The use of a topical oxygen

emulsion significantly enhanced the rate of epithelialization in a partial thickness

wound and a second degree burn model in pigs [219]. The incorporation of a

saturated PFC emulsion into a hydrogel may provide an adequate method for

topically delivering oxygen while providing wound debridement and fluid manage-

ment using a novel PFC composite wound dressing and these concepts are ongoing

investigations in our laboratory [1, 72, 84].

Stem Cell Self-Renewal and Differentiation

Oxygen plays a critical role in the determination of stem cell fate. In mouse

embryogenesis, the role of oxygen has been elucidated using genetic manipulation

of the HIF family of proteins. Knock-out mice have shown that the loss of HIF-1b/
ARNT and/or HIF-1a or HIF-2a expression hinders the proper development of

organs and vasculature architecture within the developing mouse, leading to fatal

consequences. As previously discussed, upregulation of HIF downstream products

can affect cell growth and function (i.e., VEGF, FGF2, TGF-b, and PDGF-b lead to

angiogenesis). Understanding the connection between hypoxia and gene expression

in stem cells could lead to greater success in the development of stem cell-based

therapies.

Thus far, the majority of research has focused on delivery of growth factors or

other signaling molecules to stem cells in culture or determining the appropriate

structure and matrix properties (e.g., stiffness, ECM composition, and peptide

presentation) that are ideal for either maintenance of stemness (i.e., ability to

differentiate into all three germ layers: ectoderm, mesoderm, and endoderm) or

promotion of differentiation (reviewed elsewhere [98, 220–222]). The stem cell

niche is composed of tissue and ECM, which provides molecular and physiological

cues as well as the appropriate atmosphere to maintain stemness and regulate stem

cell behavior [220, 221].

Recently, variations in oxygen tension have been shown to affect the mainte-

nance of stemness or initiation of differentiation in both embryonic and adult stem

cell lineages [36, 221, 223–230]. Results reviewed or presented in these studies

suggest that oxygen tension plays key roles in stem cell behavior in vivo and

therefore careful experimentation in vitro may suggest strategies to apply in tissue

engineering and drug discovery applications. This section discusses the role of
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oxygen in the maintenance of stemness as well as the role of matrix properties and

oxygen concentrations in the differentiation of both adult and embryonic stem cells.

Role of HIF and Gene Expression in the Maintenance of Stemness

The belief that ambient air supplemented with CO2 (20% O2, 5% CO2) is adequate

for in vitro stem cell growth and renewal has recently been refuted by evidence that

many stem cells exist in the body at much lower oxygen concentrations [221,

231–234]. For example, hematopoietic stem cells (HSCs) exist within the most

hypoxic niches of the bone marrow, while proliferating progenitor cells exist at

higher oxygen tensions [231, 234], while fully differentiated cells often exist in the

areas of highest oxygen concentrations [221, 223, 225, 231, 235–237]. The discov-

ery and creation of induced pluripotent stem cells (i.e., cells with the ability to

differentiate into most primary cell types) from adult human fibroblasts (iPSCs)

[238, 239] was the first study using human cells to definitively confirm the impor-

tant role of oxygen tension in the maintenance of stemness, confirming previous

results found in mice [36, 240–244]. Together, extensive results in both human and

murine stem cells suggest a connection between hypoxia-induced mechanisms

driven by HIF signaling and changes in gene expression [10, 227, 244].

iPSCs are formed from cells (e.g., fibroblasts), which are dedifferentiated into

cells that have stemcell-like qualities, such as pluripotency and the appropriate gene

expression profile (e.g., Oct4, Sox2, Nanog, and no differentiation markers). iPSCs

were first created from murine adult fibroblasts by retrovirally transforming four

transcription factors: Oct4, Sox2, c-Myc, and Klf4 [245]. The role of hypoxia in the

differentiation or maintenance of stemness is not completely clear, but recent work

suggests the role of HIF-mediated gene expression in stem cell differentiation or

self-renewal. For example, HIF-2a activation has been shown to upregulate the

Oct4 gene in murine ESCs [40], and loss of Oct4 expression causes differentiation

in both mouse and human ESCs [243, 246, 247], suggesting a potential pathway for

stem cell response to hypoxia through a HIF-2a-mediated response [221, 247].

Furthermore, results indicate that other genes associated with stemness, which

provide the basic proteins necessary for survival and reproduction, such as Oct4

[40], Wnt [38], and Hh [39], are regulated by oxygen availability. Wnt signaling

can be mediated by HIF-1 transcriptional activity in the maintenance of self-

renewal in both adult and embryonic stem cells (reviewed elsewhere [38]). Hypoxia

may also mediate the expression of Hh proteins through HIF-1a stabilization in

mouse ischemic tissue models [39]. Combined, these results indicate the impor-

tance of oxygen and gene regulation in stem cell self-renewal.

Another important pathway involved in determining stem cell fate, Notch

signaling, has recently been shown to be regulated by the presence of oxygen.

Notch allows for cell–cell communication through expression of Notch receptors

and Notch ligands, and members of this protein family inhibit progenitor cell

differentiation [227, 248–251]. Oxygen can mediate Notch signaling through the

interaction of the transactivation domain of HIF-1a with the Notch intracellular
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domain. Definitive proof of the interaction between oxygen tension and Notch

activation confirmed the critical importance of the Notch signaling pathway and

its regulation by oxygen tension in the maintenance of self-renewable and undiffer-

entiated populations of progenitor cells [248, 252]. Further investigation of HIF-1

and Notch signaling cascades in mouse ESCs identified genes which were

coregulated by the upregulation of these two pathways [250]; further investigation

of the role of these two pathways is necessary to determine the transcriptional level

of interaction and the complete role of HIF-1-mediated Notch signaling in

controlling stem cell fate.

The Roles of Tissue Engineering Scaffolds in Determining Stem Cell Fate

One of the major hurdles for the use of stem cells in tissue engineering constructs

and disease models is the culture and maintenance of large quantities of stem cells

and differentiated tissue [235, 253–256], such as in the case of islet encapsulation

for the treatment of T1D [141, 257]. In the field of tissue engineering, it is well

known that the mechanical properties of a 3-D scaffold can influence stem cell fate

[222, 224, 258] and decrease the need for a feeder cell layer [typically mouse

embryonic fibroblasts (MEFs)] [255, 259]; therefore growth and differentiation of

stem cells in hydrogels and tissue engineering scaffolds have become major areas of

exploration [260–264].

Differentiating between the effects of variations in structural, mechanical, and

physiological properties of 3-D culture can be difficult. Initial studies with 3-D

culture suggested a connection between oxygen concentration and stem cell fate,

but direct evidence was only recently discovered [224, 227, 265]. For example,

culture of human ESCs in a perfused bioreactor resulted in stem cell expansion at

30% air saturation [266], and also initiated differentiation at 4% oxygen tension

[91] through control of dissolved oxygen concentration.

The osteogenic potential of PFC-enriched hydrogels using a well-studied bone

marrow-derived MSC line (Tet-off BMP2 MSCs) [81] showed that the addition of

10% perfluorotributylamine (PFTBA, a PFC) to a fibrin hydrogel seeded with

MSCs and implanted subcutaneously in mice resulted in robust bone formation,

increased cell viability, and increased expression of osteocalcin when compared

with the control [81]. However, only bone quantity and not bone quality, as

determined by bone density analysis, was significantly improved by PFC addition

[81]. During normal bone formation, cartilaginous tissue is formed first, becomes

hypertrophic, and finally is replaced by bone tissue. More cartilage tissue after a

given time point is expected in samples where bone tissue is faster developing.

However, after 1 week, no significant difference in vessel formation or sulfated

glycosaminoglycan production, indicative of a cartilage phenotype, was detected,

suggesting that the mechanism for improving cell viability and bone formation

may not be due to enhanced osteogenic potential for this subcutaneous model.

Hence, the method of action for PFTBA addition in this subcutaneous model is

unclear [81]. In a murine posterior spinal fusion model, improved bone quality
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was achieved through significant increases in trabecular thickness and bone

density in samples with 10% PFTBA incorporation after both 2 and 3 weeks

in vivo [81]. After 6 weeks post-implantation, bone volume was significantly

higher with 10% PFTBA addition [81]. In a separate experiment using 10%

PFTBA with Tet-off BMP2 MSCs, results suggest that the presence of PFCs in

a stem cell-seeded fibrin hydrogel achieves higher bone quality faster, and

addition of PFCs also has long-term effects on bone volume produced from

differentiated stem cells [81].

In another study, a collagen scaffold containing porous silk tubes was used to

create a perfusion system to enhance oxygen transport by minimizing nutrient and

mass transfer limitations throughout the scaffold [267]. By varying the oxygen

tension within the reactor (5 and 20%), improved human MSC differentiation was

observed for both chondrogenic and adipogenic cell lineages [267].

Stem cells can be readily isolated and expanded, therefore their use in cell-based

therapies has become a major topic of investigation. Eventually, tighter control over

the physiological culture environment in vitro may lead to directed differentiation

of both adult and embryonic stem cells by simply varying the oxygen tension in a

given scaffold [141]. Tissue engineering constructs are capable of providing very

low oxygen tensions while maintaining adequate nutrient diffusion and matrix

properties, and therefore current scaffold design may allow for maintenance of

undifferentiated stem cells in vitro. In addition, culture in biomaterials may pro-

mote expansion or differentiation by providing the appropriate mechanical and

physiological environments.

Cartilage Tissue Engineering

Engineering of cartilage tissue requires the creation of non-vascularized constructs

with high cell densities for implantation for the repair of defects in joints, treatment

of osteoarthritis, repair of cosmetic defects, and use in reconstructive surgery

following a traumatic event (i.e., causalities of war and automobile accidents)

[97, 268–270]. Nutrient and gaseous transport are limited in large, high cell-density

constructs and therefore device failure is often attributed to the oxygen-sensitive

nature of the chondrocyte phenotype and oxygen gradients within a device [12, 224,

271–273].

Cartilage tissue is avascular and composed of chondrocytes and progenitor

cells surrounded by ECM, which predominantly consists of type II collagen and

proteoglycans [274]. Tissue engineering and cell culture of chondrocytes requires

a 3-D environment to prevent dedifferentiation into a fibroblast-like phenotype

[275]. Unlike most tissues, cartilage is avascular and therefore receives nutrients

and oxygen by passive diffusion from the synovial fluid [268, 271]. Oxygen

tension in avascular cartilage ranges from 1 to 7%, and adaptation to this envi-

ronment is influenced by HIF [28]. HIF-1a mediates growth arrest and chondro-

cyte survival, while HIF-2a is necessary for the maintenance of the human
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articular chondrocyte phenotype as shown by increased expression of genes

indicative of cartilage formation (i.e., SOX9, COL2A1, Aggrecan) [28, 276]. In

vitro maintenance of ECM and regulation of growth, functionality, and differen-

tiation of chondrogenic cells are mediated by low oxygen tension or hypoxia;

chondrocytes have even been shown to dedifferentiate when in normoxic (i.e.,

21% O2) conditions [277, 278]. Consequently, low oxygen tensions are required

for preservation of the chondrocyte phenotype [272] and prevention of cell

swelling and bone formation [279]. However, the temporal strategies (i.e., alter-

ing the time exposed to hypoxia) employed to enhance chondrogenesis can lead to

various results. Prolonged low oxygen tension in vitro has been shown to impair

differentiation of murine adipose-derived adult stromal cells (ADASs) down the

chondrogenic pathway [280], and low oxygen tensions (5%) were shown to

enhance osteogenesis of human MSCs on silk scaffolds [264]. Enhanced differ-

entiation into a chondrogenic phenotype was seen for ovine MSCs on a type I

collagen surface [281] and for human dermal fibroblasts grown in a demineralized

bone matrix [282] cultured at 5% O2, while at 2% O2, ADASs showed enhanced

early chondrogenesis [273]. These variations in results indicate that temporal

changes in the concentration of soluble factors [283] and in oxygen tension

greatly affect the quality of tissue formed from stem or progenitor cells.

Hyperoxia, or chronically high oxygen tension, is not typically considered in the

design of tissue engineering constructs because oxygen tensions do not reach

sustained levels, which are high enough to warrant concern. However, for

chondrocytes, hyperoxia can affect metabolism and viability [268], or even cause

dedifferentiation into a more fibroblast-like phenotype [277, 278]. Autologous

chondrocyte implantation may expose cells to hyperoxic shock [284], which can

be caused by the generation of free radicals or reactive oxygen species (ROS) [268].

In the same way that hypoxia will induce apoptosis, increased levels of ROS will

cause damage to DNA, lipids, and proteins, resulting in cell death [54, 285]. In

cartilage tissue, free radicals degrade type II collagen and proteoglycans, alter

metabolism, and destabilize DNA [54]. ROS also play a key role in intracellular

signaling [54], which can lead to upregulation of the JNK pathway, leading to

apoptosis, as shown in Fig. 3.2. The role of antioxidants in preventing JNK-related

transcriptional activity for joint therapy is still under investigation [54]. While

tissue-engineered constructs do not often suffer from hyperoxia, understanding

the cellular oxygen limits of various tissue types can suggest superior strategies

for improving the success of a device.

Conclusions

Oxygen status significantly influences cellular behavior through mechanisms which

promote both cell proliferation and apoptosis. Understanding the delicate balance

between pro- and anti-apoptotic signals will enhance the knowledge needed for

successful design and creation of tissue engineering constructs. Reducing apoptotic
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cues while promoting angiogenesis will ultimately lead to better device

incorporation in vivo and enhanced tissue survival rates. Modulating hypoxia

within tissue engineering constructs is necessary to create a device with optimal

functionality. Recognizing the interconnected cellular mechanisms by which hyp-

oxia is mediated can enhance device design and ultimate device success. Research

goals have not changed considerably over the past 20 years, but the pathway to

successful tissue engineering device design has significantly evolved. Improving

cell growth and viability for extended periods of time still remains the ultimate goal

and investigators have come to realize the importance of fundamental biology.

Better understanding of the intracellular response (e.g., up- or downregulation of

gene expression, pathway manipulation, signaling cascades, etc.) to a given exter-

nal stimuli (i.e., matrix stiffness, oxygen tension, adhesive forces, and ECM

composition) will ultimately lead to improved device performance.
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Chapter 4

Adhesion Behavior of Soft Materials

Santanu Kundu and Edwin P. Chan

Abstract Adhesion is defined as the strength of an interface. The study of adhesion

involves understanding the development of interfacial properties when two

materials come into contact. Thus, it is a field that has relevance in nearly every

aspect of our lives ranging from biological adhesion to microelectronics. In most

instances, it is the control of adhesion that is important to the specific application.

Additionally, adhesion is important to a diverse set of materials that ranges from

soft tissues to hard inorganic materials. Therefore, it is important to discuss the

general concepts and key materials properties that are involved in the adhesion and

separation of an interface. As the scope of this book addresses properties of

biomaterials, this chapter will focus on the adhesion of soft materials. To aid in

this understanding, the theories of Hertz and JKR will be discussed as these theories

address the coupling between contact geometry of the interfacial and materials

properties. We will also discuss examples of the applications of these theories for

characterization adhesion of different soft material applications. With the recent

interests in biomimetic adhesion, i.e. gecko adhesion, we will also use these

theories as foundation for understanding how patterned surfaces can tune interfacial

properties and impact macroscopic performance.

Introduction

Adhesion, which is the science of understanding the strength of an interface, is a

common phenomenon that has relevance in everyday life ranging from microbial

adhesion on eating surfaces to tissue adhesives [1–5], to dermatological patches

[6–8], to micro/nanoelectronics [9], and to bioimplants [10–13]. For electronic
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applications [9] and tissue adhesives [1–3], strong adhesion is desirable, whereas for

some bioimplants, such as contact lenses, low adhesion with contact lens and cornea/

eyelid can improve the comfort level for the lens wearer [10–12]. As adhesion

involves interfacial processes between twomaterials, the properties of both materials

contribute to the adhesive strength. For instance, adhesive forces can be considered

negligible in comparison to the forces needed to mechanical deform for surfaces that

are very stiff [14–16]. In contrast, if the contacting surfaces are compliant and highly

deformable, the contributions due to adhesive forces can become significant. The

adhesion of smooth, deformable, and primarily elastic materials is well described

based on the theory developed by Johnson, Kendall, and Roberts (JKR) [14, 17]. It is

difficult to implement this theory to predict the adhesion of rough surfaces. It has been

generally accepted that adhesion decreases if surface roughness consists of a statisti-

cal distribution of asperities [14, 18–20]. However, this concept does not always hold

true. For example, small lizards such as Geckos have hierarchical topological

structures on their feet that facilitate very strong but reversible adhesion to many

different surfaces [21–23]. Inspired by these creatures, synthetic materials with

various topological features have been developed toward enhanced materials with

reversible adhesive properties [24–32].

In this chapter, we discuss the adhesion behavior of various soft materials such

as elastomers and hydrogels. Our discussions are based on well-established contact

mechanics theories including the theories of Hertz and JKR [14–18, 33]. We show

the importance and interrelationships between the interface, near interface, and

mechanical properties in determining the adhesion behavior. These theories will

provide the framework for the recent developments of patterned surfaces for

adhesion control. Specifically, we will discuss the effects of such patterns on

adhesion and illustrate the importance of the coupling between contact geometry

and material properties on performance.

Adhesion of Smooth Surfaces

Significance of Energy Release Rate, G

Adhesion quantifies the energetic processes during the formation and separation of

an interface by two materials. If we consider adhesion from a thermodynamic view-

point, adhesion can be described as the amount of energy required to form two new

surfaces by separating one interface. The amount of work, expressed in energy

per area, required to perform this interfacial separation is defined by the thermody-

namic work of adhesion (w). This term is related to the surface energies of the two

new surfaces (g1, g2) and the interfacial energy prior to separation (g12) [15, 34].

w ¼ g1 þ g2 � g12: (4.1)
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From (4.1), we can see that adhesion is defined by the property of both materials

surfaces that contribute to the formation and separation of the interface.

Conceptually, (4.1) describes the surface energy contributions to controlling

adhesion. Materials with large surface energies relative to the interfacial energy

lead to higher adhesion or greater resistance to interfacial separation. However, the

energy required to cause separation for soft materials is often significantly higher

than the thermodynamic work of adhesion [35]. A classic example for this discrep-

ancy is the adhesion of pressure sensitive adhesives (i.e. Scotch tape) to glass

substrates. While the energy required for interface formation (~0.1 J/m2)

approaches the thermodynamic limit as predicted by (4.1), the energy of separation

can be orders of magnitude greater (~1000 J/m2). This discrepancy suggests that

adhesion of soft materials, such as polymers, is not solely a function of the

properties at the interface but includes contributions from material regions in

proximity to the interface. This region is often referred to as the “near-interfacial”

region, and the size-scale of this region will depend on the materials of interest as

well as the mechanical deformation history during an adhesion test [36].

Generally, polymer adhesion involves the coupling of the interfacial properties

and bulk properties away from the interface. To describe this multiplicative contri-

bution to adhesion for primarily elastic materials, an energy per area quantity

termed as the critical energy release rate (Gc) is often used [15, 16, 37]. Similar to

surface energy, this parameter describes the materials property of an interface.

However, unlike the surface energy, the critical energy release rate captures the

interfacial and near-interfacial contributions to adhesion by quantifying the critical

energy required to change the contact area by an incremental amount. In other

words, the critical energy release rate is considered as the critical driving force

required for separation of an interface. Because the critical energy release rate,

elastic modulus, and contact area of an interface are intimately linked to macro-

scopic metrics such as load and displacement, several theories have been developed

to quantify the contact mechanics and adhesion of soft materials. The primary

theories include Hertz theory [14, 33], JKR [14, 17], and DMT [38]. In the follow-

ing sections, we will discuss two basic theories, Hertz and JKR, that are often used

to describe soft materials adhesion.

Hertz and JKR Theories

We begin this section by discussing the contact mechanics of two elastic bodies in

the absence of adhesion. The original solution to this problem was developed by

Heinrich Hertz in 1882 [33] and this solution is still used today in many engineering

problems including nanomechanics and tribology [39, 40]. The Hertz theory con-

sidered the contact between two elastic spheres with radii of curvature (R1, R2),

elastic moduli (E1, E2), and Poisson’s ratios (n1, n2), respectively (Fig. 4.1a).

Assuming that the deformation is small such that linear elastic mechanics applies,

the average load, referred to as the Hertz load (PH) and displacement (dH) grow in
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proportion to the contact area A ¼ pa2 and they are related to the contact radius

a by the following [14–16]:

PH ¼ 4E�a3

3R
; (4.2)

dH ¼ a2

R
: (4.3)

Here, R is the harmonic mean of radii R1 and R2:

1

R
¼ 1

R1

þ 1

R2

: (4.4)

E* is an effective elastic constant:

1

E� ¼
1� n21
E1

þ 1� n22
E2

: (4.5)

The theory is not only limited to the contact between two spheres but also to the

contact of a sphere with a flat substrate (Fig. 4.1b). In this scenario, the mean

curvature is defined by the radius of curvature of the sphere R1 (as R2 ! 1).

Because the Hertz theory did not consider the presence of adhesion, both the

Hertz load and displacement depend only on the contact radius. In other words,

the Hertz load and displacement are zero when the contact radius is zero, which

implies that the stress state between the two spheres is purely compressive.

If we now consider the case when adhesion is present, the Hertz theory does

not give a complete picture of the relationships between load, displacement, and

contact area. Considering the contact between a sphere and a flat surface (Fig. 4.1c),

Fig. 4.1 (a) The Hertz contact mechanics problem between two elastic half-spheres. (b) Hertz

contact between an elastic half-sphere and a flat substrate where a contact area paH
2 is established.

(c) In the presence of adhesion, the contact area is greater than the Hertz contact as predicted by the

JKR theory and now becomes paJKR
2
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the contact area will be larger than that of the Hertz contact under the same applied

load because of adhesion. Almost 100 years after the Hertz theory, in 1971,

Johnson, Kendall, and Roberts used a similar approach to develop the JKR theory

that considered the contact between two bodies when adhesion is present [17]. The

relationship between load and contact area has a similar form to the Hertz theory

except there are additional load terms to describe the exact relationship between

load and contact area when adhesion is present [14–16].

4E�a3

3R
¼ Pþ 3pGRþ

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
6pGRPþ 3pGRð Þ2

q
: (4.6)

The uniqueness in the JKR theory is that it was developed from a thermody-

namic viewpoint. In other words, it is an elastic analysis that assumes all the applied

energy is used to cause the change in interfacial contact area. This interfacial energy

term required to separate the two bodies is known as the energy release rate (G) and
has units of energy per area. Maugis and Barquins [18, 37, 41] reworked the JKR

theory to provide a more straightforward relationship by presenting the expressions

between energy release rate, load, and contact area in the context of fracture

mechanics. The reworked expression relates the energy release rate to the applied

load and the change in compliance (inverse to the stiffness of the system) with

contact area (dC/dA) [16, 18, 37, 41].

G ¼ � P� PHð Þ2
2

dC

dA
: (4.7)

Once the exact relationships for the Hertz load (PH) and compliance change with

area are known, then (4.7) can be used to predict the energy release rate of an

interface. For the contact geometry presented here, at any instance, the compliance

C is equivalent to that of a cylinder under axial loading [15, 42]:

C ¼ 1

2E�a
: (4.8)

Substitution of (4.2) and (4.8) into (4.7), we obtain the exact relationship

between the material properties of the interface (G and E*) and contact geometry

(R and a).

G ¼ P� 4E�a3 3R=ð Þ2
8pE�a3

: (4.9)

The JKR theory can accurately describe the adhesion of soft materials for

systems that are considered as primarily elastic. The typical experimental approach

for quantifying adhesion of soft materials is known as contact adhesion test
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(Fig. 4.2a) [15–17, 24, 43–46]. This type of test is analogous to measuring

the tackiness of a material by pressing our finger into an adhesive and pulling

against it. In a typical contact adhesion test, a rigid probe is brought into contact

with the soft adhesive of interest. The goal of this test is to form the interface

by bringing the probe into contact with the adhesive and then subsequently fractur-

ing the interface by retracting the probe from the adhesive. The approach and

retraction motion of the probe is controlled by a nanopostioner, whereas the

corresponding load is measured with a load cell. The entire setup is placed on an

microscope stage to capture the contact area during the experiments [24, 43, 44].

Figure 4.2b is an illustrative example of the adhesion between a glass probe and

cross-linked polydimethylsiloxane (PDMS) adhesive measured by contact adhesion

testing. During the first part of the test, the probe is brought into contact with the

adhesive to form the interface (approach in Fig. 4.2b) until a defined compressive

load is reached. This compressive load can be somewhat arbitrary as long as it is

not significantly high to cause nonlinear deformation or significantly low where the

contact area is unstable. Past this defined load, the second part of the test occurs where

the interface is made to separate by retracting the probe away from the adhesive. To

cause interfacial separation, a tensile load is required to cause failure. Specifically, a

maximum tensile load, often referred as Pm, develops prior to complete separation,

Fig. 4.2 Typical contact adhesion test. (a) A hemispherical glass probe is brought into contact

with an elastomeric material. The probe is connected to nanopositioner and load cell. The

nanopositioner controls the motion of the probe and the load cell records the corresponding load

value. The contact area (A ¼ pa2) is recorded during the entire adhesion test. (b) Load vs.

displacement curve for a contact adhesion test between a glass probe and cross-linked

polydimethylsiloxane (PDMS). Images show contact area between spherical probe and flat

surface. The dark circles define the contact area. Also shown is the JKR fit (4.13)
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if adhesion is present. For this contact geometry, the maximum tensile load was

originally derived by the JKR theory and is defined by [14, 16]:

Pm ¼ 3

2
pGcR: (4.10)

There are several interesting aspects of (4.10). First, Pm is independent of E*.

Thus, the only material property Pm is related to is Gc. Second, this maximum load

is related only to R and independent of A. Therefore, (4.10) provides a quick

assessment of Gc if R is known and Pm is measured. For most soft materials that

is characterized as primarily elastic, (4.10) gives quite reasonable values of Gc

[24, 35, 45, 47]. However, we caution that it is more accurate to use (4.9) to quantify

Gc. Additionally, (4.10) appears to contradict with our previous discussions of load

and contact area. However, it was actually derived by the JKR theory as presented

in (4.6) [17] and is self-consistent. The exact derivation of (4.10) will be discussed

in the next section.

One final note we would like to make pertains to the experimental approach.

So far, we have only discussed the contact between a hemispherical probe and a flat

substrate. Another testing geometry often used is the contact between a flat cylindri-

cal punch and a flat substrate. The advantage in this approach is that the stress

distribution underneath the punch is significantly more simple than the hemispherical

contact regardless of adhesion [14]. The difficulty of the approach lies in using it

experimentally because one must ensure that the punch and the substrate is in uniform

contact across the surface to maintain a uniform stress profile. Since this probe

develops a uniform stress profile, (4.9) for a flat punch on a flat substrate is [16],

G ¼ P2

8pE�a3
: (4.11)

Determination of Material Properties: E* and Gc

To determine the material properties of the interface using the JKR theory, Shull

and coworkers [15, 16] provided a thorough discussion on the fracture mechanics

treatment originally presented by Maugis and Barquins [37, 41]. In this section,

we briefly go through Shull’s approach to extrapolate E* and Gc of the interface

[15, 16].

The basic assumption in this fracture mechanics treatment is that the interface is

characterized as primarily linear elastic. Then, we can determine the C of the

interface by the following relationship [16]:

C ¼ d1 � d2
P1 � P2

����
a

; (4.12)
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where the displacements (d1, d2) and loads (P1, P2) are directly obtained from the

tack curve of a contact adhesion test. Equation (4.12) is valid when there is no

change in a when d1 and P1 reaches d2 and P2, respectively. This condition occurs,

if we assume that adhesion is not present at d1 and P1 (Hertzian contact), then

adhesion is present at d2 and P2 to maintain the same a. In other words, d2 ¼ d and
P2 ¼ P. Based on these assumptions, we can relate E* to P, d, and a by substituting
(4.3) and (4.8) into (4.12).

d ¼ a2

3R
þ P

2E�a
; (4.13)

where d and P are the displacement and load values measured from contact

adhesion, respectively. We can fit (4.13) to the load–displacement curve obtained

from a contact adhesion test to predict E*. The results for this fitted curved are

overlaid onto the load–displacement curve as shown in Fig. 4.2b. In this case where

the modulus of the glass is orders of magnitude greater than that of the soft PDMS,

this process directly determines the elastic modulus of the PDMS because

1/E* ¼ (1�n2)/EPDMS ¼ 1/EPDMS
*. The best fit value of EPDMS

* is 1.6 MPa,

which is similar to that reported using dynamic mechanical analysis [47].

Once the elastic modulus is obtained, (4.9) can be used to determine the energy

release rate, G. The results of G as a function of a for the PDMS–glass system

is shown in Fig. 4.3. Typically, G is plotted as the dependent variable that changes

as a function of a. In reality, G is the energy supplied to cause the contact area to

change. Therefore, we reverse the arrangement to illustrate how the applied energy

changes the contact area of the interface to extrapolate Gc, which is a materials

property that defines the critical driving force for changes in the interfacial contact.

Fig. 4.3 (a) Relationship between G and a for the adhesion of PDMS flat film and a glass

hemispherical probe. The inset illustrates the extrapolation of Gc when a advances. (b) Relation-

ship between Pm and ac
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Specifically, Fig. 4.3 allows us to extrapolate Gc experimentally by considering the

interfacial separation as a dynamic process involving stability of the contact area.

The stability of the interface is related to the applied values of P or d, and the

stability can be inferred by visualizing contact radius, a. In the loading portion of

the test (approach in Fig. 4.2b), a grows in dimensions until am is reached. Upon

establishing this maximum contact area, the probe withdraws from the interface

(retract in Fig. 4.2b) which leads to a decrease in a. Based on the Hertz theory, we

would expect a progressive decrease in a as the probe is withdrawn. An interesting

observation is that due to adhesion, a does not decrease in this expected manner.

Instead, a remains at the value of am until a critical value of G is reached. This

critical point of G is the Gc typically reported for soft polymer adhesives. Physi-

cally, it establishes the stability point of the contact area. Prior to reaching Gc, the

crack is stable because there is insufficient energy to advance the crack (G < Gc).

In order for a to decrease, G has to continue increasing until Gc can be reached. Past

this critical value of G, there is sufficient energy to advance the crack as indicated

by Fig. 4.3a (G � Gc). Beyond this point, a decreases with G until the interface

completely separates. Due to this requirement, we can considerGc for polymers as a

kinetic property rather than a thermodynamic one since this process is path depen-

dent; a “build-up” of sufficient energy at the crack tip is required to drive the

movement of the crack. Additionally, as this point is an extrapolated quantity where

we assume that a suddenly reduces from am, great care must be taken to ensure that

there is sufficient sets of G and a values collected from the adhesion test.

This G consideration as a function of a can also allow us to understand the

relationship between Pm and Gc from (4.10). Figure 4.3b is a composite plot of

P vs. a, andG vs. a. This plot links the two curves together by the contact area, which
defines a critical contact radius (ac). The meaning of ac is a critical contact radius

when the contact area is stable. Prior to reaching ac (a > ac), the contact area is stable
because more energy is needed to cause the contact area to reduce. After ac is reached
(a < ac), the contact area is no longer stable because there is already an excess of

applied energy and the contact area will self-propagate to cause separation. If we first

consider the P vs. a, the point of Pc occurs when dP/da ¼ 0. When we evaluate (4.9)

using this crack stability condition, it leads to the relationship for ac:

ac ¼ 9pGcR
2

8E�

� �1=3

: (4.14)

Substitution of (4.14) into (4.9) leads to (4.10). One interesting point to make in

Fig. 4.3b is that when we evaluate G at ac, it is slightly greater than the Gc. This

difference is due to the sensitivity of Gc to crack velocity changes for polymer

interfaces and will be discussed in “Size-Scale of Energy Dissipation Within

Contacting Region” Section. Therefore, (4.10) should only be used to estimate Gc

and not be treated as an absolute quantity.
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Application of Contact Mechanics

Biomaterials

In the field of biomaterials, cells and material constructs are often combined to

provide replacement or improvement of biological functions in the human body

[48–52]. In general, cells and material constructs must have or provide specific

mechanical properties to facilitate proper functioning [48–50]. Thus, understanding

and measuring the mechanical properties of these materials are critical to the design

of biomaterials as suitable replacement materials. From a materials perspective,

many of these materials can be considered as very soft elastic solids. Thus, the

contact mechanics theory discussed in the previous sections is applicable to

describe the mechanical properties of biomaterials. In the next three sections, we

will present examples on the application of contact mechanics to characterize the

properties of cells, organs, and contact lenses.

Adhesion of Cells

From a materials perspective, living cells can be considered as a very soft elastic

solid. Therefore, Hertz and JKR theories provide a rough description of the

mechanical properties of a cell when it adopts well-defined shapes. Chu et al. used
micropipetting to contact and to separate murine sarcoma S180 cells (Fig. 4.4) [53].

These cells do not adhere spontaneously. They were made to adhere through a

depletion effect in the suspending medium (highly concentrated dextran solution).

In their test, the cells were attached to the tips of micropipettes and were brought into

contact by pressurizing the micropipettes. After the cells adhered, the micropipettes

were pulled apart. During this process, the separation force was estimated from the

last aspiration pressure. The adhesion energy (G), the upper limit of Gc, was

estimated from the separation force (4.10).The change of contact radius during the

separation process was measured and the elastic modulus (K ¼ 4/3E*) was estimated

using (4.6). A constant value of G was used in this estimation. Despite this simplifi-

cation, the estimated elastic modulus of the cells of 3,500 � 1,500 Pa is similar to the

values reported in literature. The applicability of JKR theory requires a small

deformation with a finite contact area at separation. It was hypothesized that the

cytoskeleton provided the cells with a 3D structure, which was sufficiently elastic and

had a sufficiently low deformability.

Local Mechanics of Soft Tissue

Measuring the local mechanical properties of tissue in vivo is critical to understand-

ing their complex and heterogeneous organization with itself as well as the

surrounding materials. This understanding is not only important in tissue engineering

applications, but is also crucial for understanding how the properties of tissue change
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with age or progression of a disease. Advanced imaging techniques can map the

strain response to an applied stress. However, it is challenging to correlate informa-

tion to elastic modulus since this requires knowledge of the constitutive relationships

between the applied stress and the resultant strain.

Recently, the Crosby group developed a simple technique to measure the local

mechanical properties of tissue based on a technique termed cavitation rheology

[54, 55]. Strictly speaking, this technique is different from the conventional contact

mechanics approaches discussed previously. However, cavitation rheology shares the

common feature of characterizing the adhesion and mechanics of an interface. The

technique involves forming an elastic instability, i.e., a bubble, within the material

by injecting a volume of air or liquid via a syringe needle [54–57]. To form this

bubble, a critical pressure must be reached to overcome (1) the mechanical resistance

of the local tissue surrounding the bubble and (2) the energy penalty to forming this

new bubble–tissue interface. Therefore, by measuring the critical pressure (Pc)

required to develop a bubble within the tissue, the modulus of the tissue (E) and
the surface tension between the bubble and tissue (g) can be determined [55].

Pc ¼ 5

6
Eþ 2g

r
: (4.15)

Experimentally, a series of cavitation experiments with different needle radii are

performed that allows for the extrapolation of the material properties. By relating

the critical pressure to the radius of the needle, a linear relationship can be

Fig. 4.4 Adhesion between two murine sarcoma S180 cells quantified using micropipette aspira-

tion, for different concentrations of the suspending dextran medium [53]. (a) The cells were held

under weak aspiration. (b) The cells were brought into contact and they adhered after 1 s of

contact. The aspiration pressure of the right micropipette was then increased, and that pipette was

moved to the right at an approximate velocity of 20 mm/s. During this process, the left cell, which

was tightly adhered to the right cell could leave the left micropipette (c), or the two cells separated

(d). The cell separation force was estimated from the final aspiration pressure. Reproduced by

permission of the American Physical Society
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established as defined by 4.15 [55]. The elastic modulus of the material is directly

related to the critical pressure for an infinitely large needle radius (1/r ! 0) and the

surface tension can be obtained from the slope of the linear curve.

This approach has been demonstrated to characterize a variety of biomaterials

including soft hydrogels and bovine eyes (Fig. 4.5) [54–57]. Depending on the

specific materials, the elastic modulus values measured ranged from 600 to

5,000 Pa, which is consistent with literature values. The key advantage in the

technique is that the local mechanical properties can be easily probe via (1)

changing the needle size or (2) changing the penetration depth of the needle.

Since the length scale of the measurement is related to the bubble size, reducing

the radius of the needle (r) will facilitate more localized measurements. If depth

profiling of the tissue is needed, this can be easily achieved simple by positioning

the needle to the correct location within the tissue.

Pressure Sensitive Adhesives

Pressure sensitive adhesives (PSAs) are soft polymers whose adhesive properties

are sensitive to the applied pressure [58]. Scotch Tape® is the most common

example of PSAs; however, PSAs are increasingly being used as transdermal

drug delivery patches [6–8]. Unlike structural adhesives or glues, PSAs can be

Fig. 4.5 (a) Cavitation rheology measurement of the bovine eye [54]. The micrographs illustrate

the approach to measure the critical pressure to cause a cavity in the eye (top image) and the

vitreous membrane (bottom image). (b) The elastic modulus of the eye can be determined by

relating the critical pressure (Pc) to cause cavitation as a function of the needle radius (r).
Specifically, the elastic modulus is directly related to the critical pressure at infinitely large needle

radius (1/r ! 0). Reproduced by permission of the Royal Society of Chemistry
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reused as the mechanisms of adhesion are determined primarily by secondary

bonding (i.e., van der Waals). Because the properties of PSAs are reversible, the

theory of JKR is appropriate to describe their adhesion, and many researchers have

used the theory to describe “model” PSAs [59–61]. Most of these materials are

lightly cross-linked polymers with a low glass transition (Tg) because the mobility

of the polymer chains facilitate flow and good wetting with a substrate. Some

examples include silicone rubbers, thermoplastic elastomers, and chemically

cross-linked acrylates [58]. These materials are ideal materials as PSAs since a

PSA is designed with a balance of viscous and elastic properties. To incorporate this

balance of viscous and elastic characteristics, most PSAs are designed with some

degree of viscoelasticity. The interfacial strength develops because the adhesive is

soft enough to wet the substrate and has sufficient elasticity to resist deformation

when stress is applied to the cause separation.

Because PSAs are quite thin in film thickness (~10 mm), it is difficult to use bulk

rheological measurement techniques to quantify their viscoelasticity properties.

One interesting approach to measuring the viscoelasticity of thin PSAs was

demonstrated by Crosby et al [59]. The novelty in the approach is that it takes

advantage of adhesion between a rigid indenter and the PSA as a means to apply a

small oscillatory strain. Specifically, the approach involves bringing the probe into

contact with the PSA and compressing it to a predefined compressive load (Po).

At this fixed load, the probe was sinusoidally oscillated at small displacements such

that the contact area was kept constant. This is the key aspect of the technique; the

contact area must be kept constant in order for a constant stress to be applied, which

is facilitated by adhesion near the periphery of the contact area. When this condition

is satisfied, then the applied displacement is:

d ¼ do sin otð Þ; (4.16)

where, do is the initial displacement amplitude ando is the frequency. The resultant

load is related to the frequency and phase lag (f) by,

P ¼ Po sin ot� fð Þ: (4.17)

By measuring the phase lag between the applied displacement and the resultant

load, the loss and storage moduli were calculated. The complex modulus E(o) can
be determined by the compliance of the interface (4.12) and is the sum contribution

of the storage modulus E0 and loss modulus E00.

EðwÞ ¼ E0 sin otð Þ þ iE00 cos otð Þ
¼ EðwÞ cosfð Þ sin otð Þ þ i EðwÞ sinðfÞð Þ cos otð Þ: (4.18)

A good agreement was obtained between the bulk rheology and contact mechan-

ics data [59, 62]. The benefit of performing this contact mechanics-based approach

is that the technique can be applied to thin materials, where traditional

measurements are difficult to implement.
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Effects of Geometric Confinement

Since most PSAs are quite thin in thickness, the relationships presented in “Determi-

nation of Material Properties: E* and Gc” section do not accurately their material

properties since these relationships were developed for materials that are considered

semi-infinite in dimensions. To properly describe the properties of thin PSAs, correc-

tion factors have been developed that properly relates the load, displacement, and

compliance to the contact area [15, 16]. Here, we briefly go through the specific

relationships because the approach is not limited to PSAs but to other materials

whose thickness is sufficiently thin to be considered “geometrically confined” [15, 16].

The definition of geometrically confined in this discussion refers to the condi-

tion where the thickness of the film is commensurate with or less than the contact

radius during deformation. In our previous discussions of the Hertz and JKR

theories, the relationships for displacement and load assume that the deformation

of a PSA to be semi-infinite in dimensions. Specifically, the region of material

under deformation, as described by the contact radius (a), is significantly smaller

than the thickness (h) of the material itself (a <<h). Thus, the stiffness of the

substrate does not affect the properties at the probe–PSA interface since the stress

and strain fields do not couple with the properties of the substrate. When the

contact radius is commensurate with the PSA thickness (a ~ h), the deformation

behavior cannot be described by the Hertz and JKR theories since the

relationships between load, displacement, and contact area are affected due to

contributions by the underlying rigid substrate.

This geometric confinement effect is described by the ratio of a/h and has a

significant impact on the separation behavior of PSAs. A variety of separation

mechanisms can develop depending on the degree of geometric confinement.

Therefore, a PSA is designed with a specific thickness that aims at developing a

particular separation mechanism that aids its performance. Some examples of

separation mechanisms besides simple interfacial separation (“Hertz and JKR

Theories” section) include fingering instability and bulk cavitation. Both of

these separation mechanisms are unique in that a significant portion of the

applied energy is dissipated within the bulk of the adhesive via formation of

cavities or localized yielding. Thus, the Hertz and JKR theories cannot adequately

describe their mechanical behavior. As this subject is beyond the scope of this chapter,

we recommend the following references for the interested reader [58, 60, 63, 64].

For PSAs that separate by simple interfacial separation, a significant portion of

the applied energy is supplied to cause separation at the probe–PSA interface. Thus,

a modified version of the Hertz and JKR theories can be used to describe the

adhesion and mechanical properties of these materials. We can understand the

effects of geometric confinement by comparing the load versus contact radius

relationships for a PSA considered to be geometrically unconfined versus one that

is geometrically confined. In the geometrically unconfined case, establishing con-

tact radius a requires that a load of PH (4.2) be reached. To reach the same a for the
geometrically confined case, a load larger than PH is required. Specifically, the

increase in load relative to the Hertz load is defined as [15]:
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P
a

h

� �
¼ PH � fP

a

h

� �
¼ 4E�a3

3R
� 1þ b

a

h

� �3� �
; (4.19)

where b is 0.33 and 0.15 for the friction and frictionless interface, respectively.

The corresponding displacement change relative to the Hertz displacement is

defined as [15]:

d
a

h

� �
¼ dH � fd

a

h

� �
¼ a2

R
� 0:4þ 0:6 exp

�1:8a

h

� �� �
: (4.20)

The compliance of the interface now becomes,

C
a

h

� �
¼ 1

2E�a
� fC

a

h

� �

¼ 1

2E�a
� 1þ 0:75

a h=ð Þ þ a h=ð Þ3 þ
2:8 1� 2nð Þ

a h=ð Þ

 !�1
0
@

1
A

�1

: (4.21)

Generally, PSAs can be approximated as soft incompressible solids (n ¼ 0.5),

thus, the compliance correction function can be simplified to:

fC
a

h
; n ¼ 0:5

� �
¼ 1þ 1:33

a

h

� �
þ 1:33

a

h

� �3� ��1

: (4.22)

The steps to determining the elastic modulus and energy release rate of the

geometrically confined PSA are identical to the steps outlined in “Determination of

Material Properties: E* and Gc” section. To determine the elastic modulus, we fit

the load–displacement curve using the following displacement relationship.

d ¼ a2

R
� fd

a

h

� �
þ fC a h=ð Þ

2E�a
� P� 4E�a3

3R
� fP

a

h

� �� �
: (4.23)

Once the elastic modulus is extrapolated, the energy release rate can be deter-

mined. To properly determine the energy release rate for a geometrically confined

PSA, these relationships must be substituted into (4.6). For an incompressible PSA,

G is defined as:

G
a

h

� �
¼ P� 4E�a3 3R=ð Þ � fP a h=ð Þð Þ2

8pE�a3

� 0:56þ 1:5 a h=ð Þ þ 3 a h=ð Þ3

0:75þ a h=ð Þ þ a h=ð Þ3
� �2

0
B@

1
CA: (4.24)

4 Adhesion Behavior of Soft Materials 103



Generally, the full friction condition (b ¼ 0.33) is used to describe the adhesion

of an interface. It is noted that for a/h <<1, all the confinement relationships

reduces back to the original relationships for the geometrically unconfined system.

Contact Lenses

Hydrogels are polymer-based materials consisting of either physically or chemically

cross-linked polymer chains that are highly soluble in water [48–50]. Because the

mechanical and chemical properties can be tuned to mimic the properties of human

tissue, they have been widely used in biomedical engineering as tissue scaffolds, drug

delivery vehicles, as well as contact lenses [48–50]. Hertz and JKR contact mechan-

ics have been applied to investigate the adhesion and mechanical properties of

hydrogels [10–12, 55]. In this section, we discuss the application of contact mechan-

ics to study the adhesion and mechanical behavior of contact lenses.

Contact lenses are typically made of poly(2-hydroxyethyl methacrylate)

(polyHEMA) cross-linked with ethylene glycol dimethacrylate (EGDMA) [10, 11].

Because the lens has to secure to the cornea of the human eye, the comfort and general

performance of contact lenses are directly linked to the adhesion, friction, and

mechanical properties of the lens–cornea interface. Additionally, the biological

responses of contact lenses such as protein adhesion and bacterial infection depend

on the mechanical and chemical properties of the interface. Thus, improvements for

the contact lens design are dependent upon the proper characterization of the relevant

interface, near-interface, and mechanical properties.

Local Mechanics of Contact Lenses

The previous sections described the measurement of mechanical properties of

biomaterials on the macroscopic length scale and they can be used to characterize

the properties of contact lenses. For characterization of properties on the nanometer

length scale, similar contact mechanics approaches can also be adapted as well. For

example, Kim et al. used atomic force microscopy (AFM) to study the surface

properties of contact lenses [10]. Two types of contact-mode cantilevers, V-shaped,

silicon nitride cantilever with a tip curvature of 50 nm and polystyrene bead

(R ¼ 2.03 mm) affixed to a V-shaped, silicon nitride cantilever were used to

perform contact adhesion tests on the polypropylene supported contact lenses

(Fig. 4.6). Experiments were performed in both air and saline solution. The elastic

modulus and adhesion of the contact lens surface were calculated from the force vs.

displacement curves obtained by recording the normal deflection signal of the

cantilever during the tip approach and retraction. During these tests, the contact

areas could not be measured. Instead, the authors used Hertz mechanics for the

contact of a sphere and a plane (4.2 and 4.3) to estimate the elastic modulus.
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The estimated values are 1.347 � 0.13 MPa for the pHEMA lens and 0.477 � 0.04

MPa for the p(HEMA + MA) lens. These values are in agreement with the bulk

elastic moduli of these contact lenses in saline solution.

The minimum in the force–displacement curve was used as a descriptor for

adhesion between the PS bead tip and the contact lens surface (Pm in the earlier

section). From the minimum in the force–displacement curve, G, was estimated

using (4.10), G ¼ Pm/(3pR/2), where R is the radius of the PS bead. We should

comment that G represents the upper limit for Gc of the interface. For the hydro-

philic glass/PS bead contact in saline solution, Pm was ~0.9 � 0.2 nN and G
was ~ 0.2 mJ/m2. These results are within reasonable values for the glass/organic

surface contact in water. For the pHEMA lens/PS bead sample, Pm was 3.7 � 0.4

nN and G was ~ 0.8 mJ/m2. The p(HEMA + MA) lens/PS bead sample did not

show significant adhesion in the saline solution. In saline solution, the adhesion to a

polystyrene surface was much lower for the ionic-hydrogel (p(HEMA + MA))

contact lens than the neutral-hydrogel (pHEMA)contact lens. This reduction in

adhesion was hypothesized to be attributed to the interactions of ionizable carbox-

ylic acid groups at the p(HEMA + MA) lens surface with water. Absence of

ionizable carboxylic acid group at pHEMA lens surface caused the expulsion of

water at the PS/lens interface, which resulted in strong hydrophobic interaction.

Fig. 4.6 (a) AFM setup to measure surface and mechanical properties of contact lenses. (b) Force

vs. displacement curves of (A) hydrophilic glass (control) and two contact lenses, (B) pHEMA

lens, and (C) p(HEMA + MA) lens. Experiments were performed in saline solution using a PS

bead tip. Approach is shown in gray, whereas retraction is shown in black. The magnified view of

the approach curves near the contact region is shown in inset. Note than sign convention used in

these experiments are opposite of Fig. 4.2. Copyright Wiley-VCH Verlag GmbH & Co. KGaA.

Reproduced with permission [10]
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Limitations of the JKR Theory

As evidenced by the numerous publications that reference the pioneering work by

Johnson, Kendall and Roberts, many researchers have utilize the theory of JKR to

describe numerous contact mechanics problem where adhesion plays a significant

role. While this theory is applicable to a range of contact mechanics problems of

soft materials, there are some instances where it is difficult to apply the JKR theory.

Size-Scale of Energy Dissipation Within Contacting Region

As discussed previously, the JKR theory is an energy balance approach that relates

G to measurable quantities of P, d, and a. This theory assumes that the deformation

behavior can be described by linear elastic fracture mechanics, and the relationships

between P, d, and a can be easily defined. However, the materials where adhesive

interactions are important, i.e. soft deformable polymers, are inherently viscoelas-

tic. This has important implications in quantifying polymer adhesion since visco-

elastic effects imply that the deformation process is history-dependent.

If the deformation processes are dominated by global viscoelastic effects, i.e.

large-scale viscoelasticity, a significant amount of the elastic energy supplied is

dissipated by deforming the bulk polymer rather than applying it to cause interfacial

separation. As a result, G cannot be used to describe adhesion because the

relationships between the measured quantities of P, d, and a cannot be easily

described using linear elastic theory. Instead, their specific relationships will

depend on the viscoelastic response of the polymers of interest; whether they

undergo creep or stress relaxation, which would also be affected by the type of

adhesion test performed. In this case when “large-scale viscoelasticity” dominates

the deformation processes, it is more appropriate to quantify adhesion in terms of

the total energy rather than the energy release rate. As this topic is beyond the scope

of the chapter, we refer the reader to the following references [58–60, 63–67].

The use ofG to describe adhesion is only appropriate when the energy dissipated

is confined within a region that is small in comparison to the volume of interfacial

material deformed (� a3). If this dissipation region is small in comparison to the

deformation volume, then the elastic analysis described by the JKR theory is still

adequate, even though viscoelastic contributions may be important. Viscoelastic

contributions confined to this dissipation zone are defined as “small-scale

viscoelasticity.” Because the region around the crack tip experiences the highest

tensile stresses, we have effectively assumed a specific viscoelastic behavior for the

materials within this small region. Specifically, elastic modulus within this dissipa-

tion zone is considered to have decayed to the long-time, steady-state limit of the

modulus. In this case, G can be clearly defined and appropriately used to quantify

adhesion. We note that this concept of “small-scale viscoelasticity” does not

assume that the material is behaving elastically. It merely assumes that the

contributions due to viscoelasticity are confined to a highly localized region that
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can be appropriately described by G. As a result, it leads to an empirically derived

relationship that links the energy release rate for the interface to the crack-tip

velocity (v). Similar to fracture mechanics terminology, the contact perimeter can

be defined as crack [16, 68].

G ¼ Go � FðvÞ ¼ Go 1þ v

v�
� �n� �

: (4.25)

Go is the threshold adhesion energy, v* is the characteristic crack velocity, and n is

an adjustable parameter, which determines the shape of the curve. The function

F(v) captures the dissipation processes near the crack tip and v is defined as:

v ¼ � da

dt
: (4.26)

Figure 4.7 illustrates the empirical relationship between G and v for the same

PDMS system presented in Fig. 4.2. The value of Go is extrapolated to be

0.045 J/m2. This value corresponds to the energy required to cause separation

when the crack velocity approaches zero, i.e. a value that approaches the thermo-

dynamic limit of the energy release rate (w) [45]. We note that the change in v is

determined based on the measured a with a constant cross-head velocity.

The practical implication of (4.25) is that if two adhering surfaces are separated

slowly, it will experience lower adhesion compared with the separation at higher

rates. For a practical application of this result, if one wishes to remove a band-aid

from skin, it would be advantageous to peel it at a very slow speed to minimize the

adhesion between the skin and the band-aid.

Fig. 4.7 Relationship

between G and v for the
adhesion of PDMS flat film

and a glass hemispherical

probe
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Descriptors of Adhesion

In addition to large-scale viscoelasticity, many commercial PSAs can undergo

irreversible separation processes such as bulk cavitation or fingering instabilities.

These mechanisms of debonding are typically observed when we peel a piece of

tape from a surface where long and slender fibrils are stretched to large extensions

during separation. Because these deformation processes are history-dependent

events related to the bulk properties of the adhesive, it is difficult to use the JKR

theory to describe the adhesion of these materials. Hence, other adhesion perfor-

mance metrics is used.

The use of these adhesion metrics is also prevalent in the field of biomimetic or

patterned adhesion (discussed in the following section) primarily because the

relationships between P, d, and a are not straightforward. Thus, it is difficult to

quantify the G for a discontinuous interface. Table 4.1 summarizes some of the

common adhesion descriptors used in the literature.

While most of these parameters are not fundamental material properties, however,

all of them have some relationship to G. For example, it is very common to use

normalized maximum separation load (Pm,n) as a metric to relate the maximum

separation load between a patterned surface versus a smooth analog. For a smooth

interface, Pm can be derived from the JKR theory and can be experimentally

extrapolated from the load–displacement curve of an adhesion test by taking the

maximum load measured during interfacial separation. Another adhesion descriptor

is the work of adhesion (Wadh), which is different from the thermodynamic work of

adhesion, w. Experimentally,Wadh is calculated by integrating the load–displacement

curve normalized by the maximum contact area. This energy descriptor is especially

useful for polymer interfaces whose adhesion is dependent on deformation history.

Specifically, for interfaces where significant hysteresis develops between the loading

and unloading cycle of the test,Wadh will be a non-zero value. Thus, these descriptors

should not be discounted, but one should be aware of their physical meaning.

To circumvent the difficulty in quantifying G for a patterned interface, the recent

work by Vajpayee et al. have provided an alternative approach to extrapolate G
without utilizing the Hertz and JKR theories [69]. The approach still assumes linear

elastic fracture mechanics. However, the uniqueness of the approach lies in the

treatment of the dynamic process for a and the subsequent determination of the energy

release rate without developing exact relationships between P vs. a and d vs. a.
The interested reader should refer to the following reference [69].

Topography and Adhesion

In the previous sections, we have discussed the adhesion of smooth surfaces. In real

world problems, the surfaces and interfaces are not necessarily smooth, and the

presence of random, periodic, or hierarchical roughness has significant implications
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on the adhesion of an interface. In the following sections, we provide insight into

the mechanisms that lead to changes in adhesion as a function of topography.

Contact of Randomly Rough Surfaces: The Theory
of Fuller and Tabor

Often times, a surface consists of topographic features or asperities that are statisti-

cal in their dimensions and distribution. Its relationship to adhesion is quite

complex because the nature of the roughness can enhance or suppress adhesion,

Table 4.1 Summary of adhesion descriptors for a spherical probe

Descriptor Definition Pros Cons

Load Pm, maximum

separation load

3
2
pGcR � Simple metric � Extensive

property

� Ignores contact

area

Pm,n, normalized

maximum

separation load

Pm;material

Pm;smooth

� Useful comparison

with Smooth

interface

� Extensive

property

� Ignores contact

area

sm, maximum

separation strength

3=2pGcR
pa2

� Simple metric � Extensive

property

sm,n, normalized

maximum

separation strength

sm;material

sm;smooth
� Useful comparison

with smooth

interface

� Extensive

property

Energy Gc, critical energy

release rate

� Intensive property

� Classic descriptor

� Cannot be

rigorously

implemented for

viscoelastic

effects and

patterned

interfaces

Uadh, energy of

adhesion

H
Pdd � Accounts for total

energy including

viscoelastic effects

� Extensive

property

� Ignores contact

area

Wadh, work of adhesion
H

Pdd

pa2
� Accounts for total

energy per area

including

viscoelastic effects

and patterned

interfaces

� Extensive

property

� Depends on

contact area

Wadh,n, normalized

work of adhesion

Wadh;material

Wwadh;smooth

� Useful comparison

with smooth

interface

� Extensive

property

� Depends on

contact area
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which is ultimately related to how the asperities couple individually or collectively

to interact with the other surface. However, this topic is quite relevant in real world

applications. Specifically, Post-it notes actually take advantage of statistical rough-

ness as a way to tune the adhesion and release properties of the material. To give an

overview on the effects of statistical roughness on adhesion of soft materials, we

briefly discuss the theory of Fuller and Tabor [19] to explain these effects.

In the theory, the rough surface is described as a surface consisting of N asperities

that make contact with a smooth rigid plane over a nominal area Ao. Each asperity is

approximated as an individual elastic hemisphere with radius R. The heights z of the
asperities are measured with respect to a datum level. The separation of each

individual asperity is assumed to be uncoupled. Due to the presence of adhesion,

the separation of a single asperity can be determined using (4.13):

d ¼ 2E�a3 þ 3PR

6E�a3R
: (4.27)

Themaximum separation force is again defined by (4.10) and associatedmaximum

displacement (dc) can be determined by substituting (4.10) and (4.14) into (4.27).

dc ¼ 3

16

P2
m

E�2R

� �1=3

: (4.28)

Because the feature size scales of the asperities are statistical, the total separation

load and displacement over the area Ao involves the contributions from all the

asperities. From JKR theory, the amount of compressive or tensile load of each

asperity will depend on its dimensions. Therefore, a relative or dimensionless

separation force and displacement must be defined for each asperity, which enables

the determination of the relative change in adhesion as a function of roughness

collectively. For a single asperity, the dimensionless load and displacement

relationships can be established with the aid of (4.27) and (4.6) [18–20].

d
dc

¼ 3w� 1ð Þ wþ 1ð Þ 9=ð Þ1=3; w� 0;
d
dc

� 3�2=3; (4.29)

d
dc

¼ 3w� 1ð Þ 1� wð Þ 9=ð Þ1=3; 0	 w	 1 3= ;
d
dc

	 3�2=3; (4.30)

where w ¼ 1� P
Pm

� �� �1=2
:

Inverting (4.29) and (4.30) we obtain

P

Pm

¼ f
d
dc

� �
: (4.31)
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The function is plotted in Fig. 4.8a. It is important to note that similar plot will be

obtained if the Fig. 4.2b is presented in the dimensionless form.

An asperity will be in contact with the smooth surface of its height z is greater
than a separation distance d. d is the distance between the smooth plane and the

datum level. For N asperities within Ao, the probability for n asperities to be in

contact with the smooth plane at a distance d is defined as:

n ¼ N

Z 1

d

fsðzÞ dz (4.32)

with the probability function, fsðzÞ ¼ 1= 2pð Þ1=2
� �

exp �z2=2s2ð Þ;where s is the

standard deviation of the mean height of the asperities.

Because we are only concerned about the separation process, (4.32) should be

modified such that the limits of the integral become:

n ¼ N

s 2pð Þ1=2
Z 1

d�dc
exp � z2

2s2

� �
dz: (4.33)

This new lower limit accounts for the asperities that are separated when their

separations exceed dc. Therefore, the total separation force is the sum of the forces

exerted by each asperity (Pi) in contact. Invoking (4.31), the total separation force is:

P ¼ N

Z 1

d�dc
PifzðzÞ dz ¼

NPm

s 2pð Þ1=2
Z 1

d�dc
f

di
dc

� �
exp � z2

2s2

� �
dz: (4.34)

Fig. 4.8 (a) Dimensionless force as a function of dimensionless displacement for a single

asperity. (b) Normalized maximum separation force of random rough surface as a function

1/dc
* ¼ s/dc. (b) is reproduced by permission of Royal Society (Fig. 4.6, ref. [19])
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In dimensionless form, (4.34) becomes:

P

NPm

¼ 1

2pð Þ1=2
Z 1

�d�c

f
d�

dc
�

� �
exp � 1

2
d� þ d�ð Þ2

� �
dd�; (4.35)

where d* ¼ d/s, d ¼ z�d, dc
* ¼ dc/s, d

* ¼ d/s. We can compute P/(NPm) as a
function of d* for different values of dc

* using (4.35). From these results, the

computed normalized maximum separation force Pmax/(NPm) as a function of

1/dc
* ¼ s/dc is shown in Fig. 4.8b. Here Pmax is the maximum separation force

for the entire surface. As Pmax/(NPm) < 1, the adhesion of a rough surface is lower

than that of smooth surface. By rearranging (4.28), we obtain:

s
dc

� �1=2

¼ 4

31=2
E�R1=2s3=2

Pm

: (4.36)

This is proportional to the ratio of the Hertzian force required to flatten an

asperity of radius R by s to the adherence force of this asperity. In dimensionless

form, we can write [19],

y ¼ E�R1=2s3=2

GcR
: (4.37)

This dimensionless parameter y is known as Fuller and Tabor adhesion parame-

ter. Fuller and Tabor have shown that adhesion of a rough interface decreases

significantly, if y > 10. Qualitatively, this adhesion parameter describes the

decrease in adhesion due to the large distribution of small roughness asperities as

captured by the ratio of s/R. Contrary to the prediction of Fuller and Tabor, Briggs

and Briscoe reported an enhancement of adhesion for rough surfaces at certain

dimensions of roughness [20]. One final note we like to point out is that this theory

is applicable for two planar surfaces where one of the surfaces is rough. In cases

where the surfaces are nonplanar, the description of effect of roughness on adhesion

is significantly more challenging.

Periodic Roughness: The Principle of Contact Splitting

Another form of roughness is characterized as a topographic surface with asperities

that are periodic in spatial arrangement with well-defined dimensions. There are

many examples found in Nature that utilizes such periodic roughness to control

adhesion [21, 22]. In particular, the footpad of some insects and geckos are

decorated with long, fibrillar hyperstructures for the purposes of locomotion

(Fig. 4.9) [21, 22]. Depending on the animal species, the fibrils can vary in com-

plexity (sometimes hierarchically arranged), dimensions (fibrils spanning from
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nanometers to millimeters in diameter), and material properties. These structures

maximize adhesion and release to a variety of rough surfaces while enabling

attachment and detachment over millions of cycles. It has been hypothesized that

a fibrillar surface enhances adhesion based on the mechanism of “contact splitting”

[21, 25, 43]. Here, we will briefly go through the mechanism.

Fig. 4.9 Examples of natural and synthetic attachment structures. (a) Hierarchical fibrillar

microstructure of the attachment foot pads of the beetle, fly, spider, and gecko. (b, c) Examples

demonstrating the principle of contact splitting. For both peel geometry and cylindrical punch

geometry, the separation force of the patterned adhesive (Pn) increases with the total number of

split-up contacts (n), which illustrates that the enhancement in strength is associated with the

increase in contact line, as opposed to contact area. (b) In a peel geometry, Pn ~ n1/2. (c) In a flat

punch geometry, Pn ~ n1/4. Gc is critical energy release rate, as is the smooth contact radius, E* is
the reduced Young’s modulus, and Ps is the separation force for a smooth surface. (a) is

reproduced by permission of the National Academy of Sciences, USA. Copyright (2003). (b, c)

are reproduced by permission of the MRS Bulletin
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The underlying principle of contact splitting is that a patterned surface can

enhance adhesion compared with a smooth surface. The pattern surface does not

increase the total contact area, rather, the total contact line per area is enhanced.

In order for this mechanism to work, several conditions must be satisfied. First,

the individual features are uncoupled with neighboring features during separation

to maximize the total contact line. If they are coupled, then the total contact line is

reduced. Second, the principle of equal load sharing of the patterns is assumed,

i.e., the individual features are all loaded simultaneously. Third, the separation

process for each feature can be considered as a crack initiation process. In other

words, the separation process of a single feature is considered a stability point of

the contact and the perimeter of the feature defines this point. To explain the

mechanism, we begin the discussion by performing two adhesion experiments

(Fig. 4.9b). The first experiment involves peeling a smooth adhesive with area,

As ¼ ws
2, from a surface. The force required to peel the adhesive is defined by the

Kaeble equation (Ps) [70].

Ps ¼ 2Gcws; (4.38)

where ws is the width of the adhesive. For a constant value of Gc, this expression

relates the peel force to the width or contact line of the adhesive during separation.

Because there are two contact lines during separation, Ps ~ 2ws. Instead of force,

we can express (4.38) in terms of a separation stress (ss), which is the force

normalized by As. Then, we have the following relationship where the separation

stress scales inversely with the contact line.

ss ¼ 2Gc

ws

As

¼ 2Gc ws= : (4.39)

In the second adhesion experiment, we take the same adhesive except we pattern it

by sectioning the adhesive into n smaller squares each with contact area, Af ¼ wf
2.

The separation stress of a single square is similar to (4.39). Since all of the adhesive

squares separate simultaneously based on the principle of equal load sharing, the

separation stress for the total area is dependent on the n number of adhesive

squares present.

sn ¼ 2n
Gc

wf

: (4.40)

To maintain the same total contact area as in the smooth case, we relate the total

contact area of the smooth adhesive versus the patterned one by n.

n ¼ w2
s

w2
f

: (4.41)

114 S. Kundu and E.P. Chan



If we take the ratio of (4.40) and (4.39), i.e., sn/ss, we can define an adhesion

metric that provides a measure of performance between the patterned versus the

smooth adhesive. Substitution of (4.41) into this metric leads to an expression that

describes the effect of contact line on adhesion.

sn
ss

¼ Pn

Ps

¼ n1=2: (4.42)

This scaling relationship suggests that a patterned interface can enhance adhe-

sion relative to a smooth one since the separation force or stress depends on the total

contact line or perimeter per area during separation. Similar scaling relationships

can be developed for other contact geometries such as arrays of end-on cylinders

(Fig. 4.9c) or arrays of hemispheres. Generally, they all scale as n1/c, where c

depends on the specific shape of the individual contact. Additionally, (4.42)

illustrates the benefit of breaking up a smooth contact area into finer and denser

patterns as it enhances the total contact line per area. This scaling argument is

similar to the discussion of the critical separation force for a smooth hemisphere

from a surface (“Hertz and JKR Theories” and “Determination of Material

Properties: E* and Gc” sections), where the separation force scales with the length

R (4.10). The similarity between these cases is that the separation force or stress is

determined by a stability point defined by dP/da. Thus, the primary length scale of

control is related to the contact line during separation as this separation stage is

determined by the stability of the contact.

Adhesion of Wrinkled Surfaces

Over the past decade, many research groups have made great strides in developing

bio-inspired patterned adhesives for enhanced control of polymer adhesion

[24–32, 71]. In most instances, the patterned adhesives consisted of dense array

of pillars fabricated using lithographic-based approaches. While lithography can

generate patterns with high fidelity, it involves multiple steps and may not be the

most scalable approach [72]. As an alternative, surface wrinkling can be used to obtain

functional patterns on a surface [55, 71, 73–77]. Surface wrinkling is a type of elastic

instability that occurs in a variety of materials in response to a critical compressive

stress. This approach is attractive because (1) the size scales (i.e., wavelength and

amplitude) of the wrinkles are well defined and is geometrically determined, (2) the

process occurs spontaneously, and (3) is highly scalable. Hence, many approaches

have been developed to harness surface wrinkling to pattern polymeric materials. It is

not our intent to discuss the approaches used to generate wrinkled surfaces. We

recommend the interested reader to refer to the following references [71, 76–85].

Rather, we are interested in discussing the application of wrinkled surfaces to control

polymer adhesion. This section will be divided into three parts. The first part will be a

brief overview on developingwrinkled surfaces. Next, wewill discuss the adhesion of
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surface wrinkles with a planar surface and the role of wrinkle morphology in

demonstrating the contact splitting mechanism. Finally, we will present a brief

discussion on the adhesion of non-planar wrinkled surfaces with a planar surface

General Approach to Fabricate Wrinkled Surfaces

Surface wrinkling is a phenomenon that is ubiquitous both in nature and man-made

materials [71, 76–86]. One example found in nature is wrinkling of human skin.

Here, it is easy to demonstrate the formation of wrinkles simply by compressing a

section of the skin along one direction. This results in the formation of wrinkles

normal to the direction of compression. Wrinkles are also very common in man-

made materials such as the patterns found in dried paints. In this example, wrinkles

form due to the drying process of the paint that leads to the development of the

compression. Regardless of the specific process to wrinkle formation, surface

wrinkling in different materials has similar governing principles that determine

the morphology of the structures. Here, we will give a brief overview of surface

wrinkling in polymeric materials.

In general, wrinkling occurs in a thin film geometry that is placed in compres-

sion. We can consider the following example of a thin film under uniaxial com-

pression (Fig. 4.10a). Because the film is thin in the thickness dimension, there is a

geometric preference for the film to bend out-of-plane as opposed to compressing

in-plane to relieve the deformation. Thus, many research groups have harnessed

this attribute of thin films to generate wrinkled surfaces. Rather than directly

compressing the thin film, an elastic support such as PDMS elastomer is used

(Fig. 4.10b) to apply the compression. The resultant wrinkle morphology can be

described by two characteristic size scale. The first is the wrinkle wavelength (l),
which is defined as [78, 79, 87, 88]:

l ¼ 2phf
Ef

�

3Es
�

� �1=3

; (4.43)

Fig. 4.10 (a) Compression of a freestanding thin film to cause wrinkling. (b) Typical approach to

generating surface wrinkles on polymeric materials by supporting the thin film on an elastic

support and compressing the support. (c) Example of a wrinkled surface by swelling-induced

wrinkling [44]. (c) is reproduced by permission of the John Wiley and Sons

116 S. Kundu and E.P. Chan



where hf is the thickness of the thin film, Ef
* and Es

* are the plane-strain elastic

modulus of the film and elastic support, respectively. Equation (4.43) predicts that

the wavelength of the wrinkles scale linearly with the thickness of the thin film and

independent of the thickness of the elastic support. This assumption is valid as long

as the support can be considered semi-infinitely thick in comparison to the thin film.

Generally, this condition is met because the thin film is ~100 nm thick, whereas the

elastic support is ~1 mm thick. Additionally, (4.43) was derived with the assump-

tion that wrinkles have already formed, in other words, the compressive strain has

been reached or exceeded the critical compressive strain for wrinkling (ec) defined
as [87–89]:

ec ¼ 3Es
� Ef

�=ð Þ2=3
4

: (4.44)

The critical strain is typically on the order of (1 MPa/103 MPa) ~ 0.1% for

wrinkling a glassy polymeric thin film supported by an elastomer. The resultant

amplitude of the wrinkles is related to this critical strain by [79, 88]:

A ¼ hf
e
ec
� 1

� �1=2

: (4.45)

Reaching this critical strain is straightforward, however, the challenge is that

most glassy polymers are quite sensitive to small strains and can yield at a few

percent strains. While a large range of wrinkle wavelengths on the order of 1 mm
can be accessed simply by changing the film thickness, the amplitude, which is

typically on the order of 100 nm, is more challenging to vary due to material

restrictions. Additionally, the glassy polymer films used are not ideally suited as

soft adhesive materials. Thus, over the past several years, there has been a shift

toward using swelling as an alternative approach to generating surfaces wrinkles in

polymers [44, 71, 74–76]. In addition to overcoming pattern size-scale limitations,

swelling-induced wrinkling opens new avenues for tuning the surface properties of

the materials.

While swelling-induced wrinkling has been demonstrated since the 1960s, its

application as patterned adhesives was only demonstrated recently. For adhesion

studies, stable surface wrinkles are typically created from soft elastomers such as

lightly cross-linked poly(n-butyl acrylate) (PnBA) or PDMS (Fig. 4.10c) [43, 44, 90].

For PnBA wrinkles, the fabrication process begins with photopolymerizing a PnBA

elastomeric film with a desired film thickness onto a glass substrate. Next, this PnBA

film is swollen with a photocurable swelling agent to induce wrinkling. Since the

PnBA film is pinned to the glass substrate, the expansion due to swelling is

constrained laterally. As a result, a net compressive strain develops within the film,

which leads to the formation of surface wrinkles. To stabilize the surface wrinkles,

the film is irradiated with UV to photopolymerize the swelling agent to form

the final wrinkled adhesive. The initial film thickness is critical in controlling the
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wavelength and amplitude of the wrinkles. For swelling-induced wrinkling, it has

been experimentally observed that the wavelength scales directly with the wave-

length. As the typical thickness of the polymer film is ~100 mm, the wavelength is

also on the order of ~100 mm.

Adhesion of Wrinkles with a Flat Surface

In this section, we will discuss the adhesion of a surface wrinkled soft elastomer

with a flat surface. This approach is interesting because it demonstrates the mecha-

nism of contact splitting for a wrinkled surface in enhancing adhesion.

To realize the principle of equal load sharing required for contact splitting,

contact adhesion tests on the wrinkled PnBA films were performed using a cylin-

drical punch of radius ap (Fig. 4.11a) [43]. The experimental protocol is similar to

that described previously (see “Hertz and JKR Theories” section). Using the

maximum separation stress (ss) as the descriptor, the maximum separation stress

for a non-patterned interface is [43]:

ss;s ¼ Pm

pa2p
¼

8pGcE
�a3p

� �1=2
pa2p

: (4.46)

Fig. 4.11 (a) Schematic of the wrinkle adhesive during separation from a flat cylindrical probe. At

Ps, only the crest of each wrinkle is in contact (side view). Hence, the true contact area consists of
crest of the wrinkles in contact with the probe (top-down view). At separation, all the wrinkles

separate simultaneously and the contribution from each wrinkle is determined by its contact line.

As the inset illustrates, at separation, the contact line of a single wrinkle is defined by its perimeter,

which is approximated as l + 2z. (b) Separation strength of the wrinkled adhesives normalized by

the separation strength of a smooth non-wrinkled surface as a function of (l). The dashed line is
the empirical fit, where ss,n~1/l (4.48). Copyright Wiley-VCH Verlag GmbH & Co. KGaA.

Reproduced with permission
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For the adhesion of n surface wrinkles with the flat punch, we can approximate

each wrinkle as a short cylinder with its perimeter peeling away from the punch

surface. For a cylinder of length z ¼ k1l and width l/2, the separation force is

estimated as Pc ~ Gc(l + 2z). Assuming equal load sharing, the maximum separa-

tion force for n cylinders occupying the contact area pap
2 is [43]

ss;w ¼ nPc;w

pa2p
¼

pa2p zl=
� �

Gc lþ 2zð Þð Þ
pa2p

¼ 1

k1
þ 2

� �
Gc

l
; (4.47)

where n ¼ (pap
2)/(zl) and k1 defines the aspect ratio between the persistence length

and width of the wrinkle.

Equation (4.47) indicates that the separation strength is determined by the

wrinkle wavelength and the enhancement in adhesion increases as the size of the

wrinkles decreases with increasing aerial density of wrinkles. In other words, this

enhancement is associated with the increase in contact line per contact area.

Normalizing ss,w with ss,s, the dimensionless adhesion stress descriptor (ss,n) is
obtained [43]:

ss;n ¼ 1

k1
þ 2

� �
pap
2

� �1=2 Gc

E�

� �1=2
1

l
: (4.48)

Figure 4.11b demonstrates that there is good agreement between (4.48) and the

experimental results. Additionally, (4.48) shows that the degree of enhancement

scales with the material properties of the interface. In other words, the ratio of Gc/E
*

defines a critical wavelength when adhesion enhancement is expected. Therefore, the

critical wavelength of enhancement will depend on the specific materials of interest.

Adhesion of Non-planar Wrinkled Surfaces

Besides adhesion of wrinkles with a planar surface, there are real-world

applications where the adhesion of wrinkles with a curved surface is important.

One example is in contact lens application. Here, it may be advantageous to

decorate a contact lens with surface wrinkles [12, 91] to control adhesion and

friction with the cornea. We have developed a methodology to form surface

wrinkles on a PDMS lens based on swelling-induced wrinkling [44]. This approach

is a well-established process and involves forming a silicate-like thin film on the

PDMS lens by UVO treatment [44, 74, 92]. Then, this silicate-PDMS composite is

swollen with a solvent and the pattern is immediately replicated by molding against

an optical adhesive (Norland 81). The replicated lens is then used as a negative

mold to form wrinkled PDMS lenses. Using this procedure, we develop wrinkled

PDMS lenses (R ~ 7 mm) with wrinkle wavelength (l) and amplitude (A) in the

range of 30–70 mm and 0.3–5.0 mm, respectively. Since the samples were prepared
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using molding technique, no residual strain due to wrinkling was present in

these samples.

Figure 4.12a illustrates the force vs. displacement curves from the contact

adhesion tests of two lenses with similar wrinkle wavelength of �70 mm but with

two different wrinkle amplitudes, 5 and 1.5 mm, respectively. Also shown is the

adhesion for a smooth PDMS lens for comparison purposes. Again, we use the

maximum separation force (Pm,w) as a descriptor of adhesion. The change of Pm as

a function of wrinkle dimensions demonstrates that adhesion of a soft elastomer is

influenced by the presence of wrinkled patterns.

The adhesion behavior of a surface depends on the local separation mechanism

and the optical micrographs in Fig. 4.12b illustrate the different separation processes.

In all the systems, the contact area decreases as the probe separates from the surface.

However, the difference between the samples is the shape of the contact area and

changes in the contact area during separation. For the smooth lens, the contact area is

circular and the separation process occurs via a smooth recession of the circular

contact. In the case of the smaller amplitude wrinkles, the perimeter of contact is no

longer smooth, but its local curvature is influenced by the presence of the wrinkles.

Finally, in the case of the high amplitude wrinkles, the contact area is not continuous.

Instead, the height of the wrinkles is sufficient tall such that the shape of the wrinkles

significantly influences the contact area and also the separation pathway.

Although the representative results in Fig. 4.12 suggest that adhesion decreases

with the increase of wrinkle amplitude, experiments across a range of l and A
indicate that their trends are not straightforward. It is evident from Fig. 4.13a that

for different combinations of l and A, the maximum separation force can be

enhanced or suppressed relative to the smooth surface. A phenomenological

model has been derived that describes the change of adhesion behavior as a function

of wrinkle dimensions [44]. It is shown that

Fig. 4.12 (a) Force vs. displacement responses for three representative PDMS lenses [44]. Inset

shows the experimental setup to measure adhesion. (b) Contact micrographs during separation

process. Reproduced by permission of the John Wiley and Sons
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Pm;w

Pm;smooth


 RGc

lAE�

� �1=3

� RA

l2
� Gcl
A2E�

� �
� RA

l2

� �1=3

x: (4.49)

Here, the radius of curvature of the PDMS probe and the amplitude and wavelength of

the wrinkles are related through a dimensionless geometric parameter RA=l2
� 	1=3

.

The ratio of adhesion force to elastic force the wrinkles experience is represented by a

dimensionless parameter x ¼ Gcl=A2E�ð Þ1=3. The parameter x is very similar to the

adhesion parameter (y) presented by Fuller and Tabor (see “Contact of Randomly

Rough Surfaces: The Theory of Fuller and Tabor” section), x 
 1=yð Þ1=3. As

displayed in Fig. 4.13b, (4.49) can fit the normalized experimental data reasonably.

In another study by Lin et al. [90], the adhesion behavior of oxygen plasma

treated wrinkle surfaces was varied by changing the wrinkle dimensions real-time.

They have shown a decrease of Pm with the increase of wrinkle amplitude with

maintaining constant frequency. Their results are in overall agreement with the

results presented above.

Concluding Remarks

As we have discussed in this chapter, the theories of Hertz and JKR provide the

framework for understanding the contact mechanics of a variety of soft materials.

Although significant progress has been made in understanding the adhesion and

mechanical behavior of soft materials, most of these studies are limited to synthetic

materials. A major direction of the ongoing research is extending and adapting the

Fig. 4.13 (a) Normalized maximum separation force as a function of wavelength, l and amplitude,

A Pm,w represents the maximum separation force of wrinkle surfaces, whereas Pm,smooth is the

maximum separation forces for smooth surfaces. Pm,w normalized against Pm,smooth are shown as a

function ofwrinklewavelength (l) and amplitude (A). (b) Normalizedmaximum separation force as a

function of x. (b) is reproduced by permission of the John Wiley and Sons
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contact mechanics theories and approaches to the biological systems. The primary

challenge lies in establishing experimental techniques that is sufficiently sensitive

to probe weak forces typically observed in biological systems and developing

theoretical models to describe their mechanical properties which include viscoelas-

tic and nonlinear responses. Additionally, it would be advantageous to develop

measurement approaches that can probe these interfacial properties dynamically

since the properties of most biological systems change with environmental

conditions.

For synthetic materials, it is evident from our discussion that the next generation

adhesive will be more complex, possibly incorporating structured surfaces for

improved attachment and release properties. While experimentalists will continue

to innovate and develop novel materials, as Nature has illustrated, it will difficult to

explore the large design parameter space available for patterned adhesives. Hence,

the challenge lies in developing theoretical models that can help predict the

relationships between structure and performance that can greatly speed up the

design process. From an applications perspective, it will be especially helpful if

specific relationships between structure and adhesion metrics can be developed.

From the fundamental science perspective, a unifying theory that links material

structure to material properties such as Gc and E would be highly desirable.
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Chapter 5

PLA–PEO–PLA Hydrogels

and Their Mechanical Properties

Gregory N. Tew and Surita R. Bhatia

Abstract Poly(lactide) – block – poly(ethylene oxide) – block – poly(lactide)

[PLA–PEO–PLA] triblock copolymers are known to form physical hydrogels in

water, due to the polymer’s amphiphilic architecture. Their biodegradability has

made them attractive for use as soft tissue scaffolds and other biological

applications such as drug delivery. In many cases, their mechanical properties

have been poorly investigated and “rules” for tuning their stiffness are missing.

Often the network junction points are only physical cross-links, not covalent, and in

a highly aqueous environment, these hydrogels will absorb more water, transform

from gel to sol, and lose the designed mechanical properties. New insights into the

self-assembly of these materials have resulted in new PLA–PEO–PLA gels with

novel structural and mechanical properties. Here, we summarize our recent efforts

to understand these novel hydrogels and control their mechanical properties. This is

highlighted by a new approach in which the system is allowed to self-assemble and

then it is covalently cross-linked to capture this self-assembled architecture. This

produces hydrogels with permanent cross-links and allows their mechanical

properties to be studied in much more detail.
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Introduction

Hydrogels have gained interest in the area of biomaterials for their many attractive

qualities [1–4]. These qualities allow the integration of such materials in the body

as tissue scaffolds by offering structural support and other features such as the

influx of cell metabolites and efflux of cell waste. To this end, many researchers

have investigated synthetic polymer hydrogels. In general, ABA amphiphilic block

copolymers form associative networks in water where the A block is hydrophobic

and the B block is hydrophilic. This self-assembly is driven by the association of the

hydrophobic endblocks into micelles, which are bridged by the water-soluble

midblocks forming physically cross-linked networks (see Fig. 5.1-top). These

physical hydrogels are attractive because no cross-linking agent is necessary and

the gelation can be triggered (body temperature and pH). However, chemically

cross-linked systems have also been studied [5–8]. Chemical cross-linking leads to

a more permanent three-dimensional structure than the physically cross-linked

counter-parts, but can still be degraded with time.

One class of richly studied hydrogels is ABA triblock copolymers in which the A

block is composed of a biodegradable polyester. Polyesters remain a candidate for

many biomaterials applications including small area tissue repair to new organ

growth. The chemical structures of three such polyesters are shown in Fig. 5.1-

bottom. The overwhelmingly attractive feature of these materials is their biodegra-

dation and ease of synthesis; however, in relation to the optimal requirements of a

scaffold, these polymers (pure polyesters) are far from ideal. They are very hydro-

phobic making their compatibility with biological environments poor. They also

suffer from unwanted responses in vivo including foreign body response [9]. At the

same time, the homopolyester’s modulus can be quite far from those of biological

tissues. Although PLA and other synthetic polyesters represent important medical

materials, they all suffer from a variety of critical limitations. Another class of

polyesters, which has seen limited but promising exploration in biomedical

applications, is poly(hydroxyalkanoates) (PHAs) [10–12]. Many researchers have

investigated synthetic ABA triblock polymers containing the biocompatible hydro-

philic poly(ethylene oxide) (PEO) segments along with biodegradable polyester

domains, including poly(lactide) (PLA), poly(caprolactone) (PCL), and poly

(glycolic acid) (PGA) [2, 13–22].

Cells respond to chemical signals and this is well documented. There is mount-

ing evidence that mechanical cues can have similarly large influences on cellular

response. Cells have biomechanical response systems and so the concept that the

matrix material can significantly impact cellular cycles and behavior is logical.

Mechanical properties impact cellular structure, metabolism, transcription and/or

translation of various genes, and even viability [23–29]. Pioneering work showed

NIH3T3 fibroblasts and rat kidney epithelial cells underwent compliance dependent

motility and cytoskeletal adhesion changes [28, 30]. This is striking. Similar studies

examined endothelial cells, myocytes, hepatocytes, neural/glial cells, and

chondrocytes [31–35]. Myoblasts formed myotubes but only exhibited striations
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on intermediate stiffness substrates [32]. The modulus of healthy muscle tissue is

within this intermediate stiffness. Glial cells were unable to survive in soft

materials, unlike neurons [31, 33, 36, 37]. The use of hydrogels has been proposed

to limit scar tissue as a result of the mechanical properties at the wound site [31].

A variety of cross-linking techniques, polymer structures, and architectures have

been used to synthesize biodegradable hydrogels; however, the corresponding

mechanical properties are not as well characterized. Since the overall mechanical

environment affects cell proliferation and growth this is unfortunate [31, 38, 39].

Cells typically bind to the extracellular matrix via surface receptors to generate

traction forces. Thus, the underlying substrate must withstand these traction forces

so that the cell can grow and spread properly. It has shown that cells can sense the

restraining force of the substrate and can respond by locally strengthening cyto-

skeleton linkages [27]. Since the healthy survival of cells so greatly depends on the

mechanical properties, it is important to consider the mechanical properties of both

the target native tissue (see Table 5.1) and the hydrogel when designing materials

for cell scaffolds.

In this chapter, a summary of recent efforts to understand and control the mechan-

ical properties of PLA–PEO–PLA triblock copolymer hydrogels is provided. This

includes the ability to varying the stiffness of these hydrogels by manipulating the

length of the PLA endblocks [44], by changing the physical cross-links from amor-

phous to crystalline PLA [45], by varying the synthetic technique [46], by

incorporating nanoparticles [47], and by covalently capturing the self-assembled
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Fig. 5.1 (top) ABA triblock copolymer micelle and bridging micelle formation along with the

typical applications for these materials. (bottom) Three polyesters used as tissue engineering

scaffolds
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structure [48]. This last approach is particularly intriguing since it combines the

advantages of self-assembly with the stability of covalent cross-links. This

appears to be the first time covalently cross-linked hydrogels have been formed

in this way.

PLA–PEO–PLA Triblock Copolymers Synthesis

Lactide has two stereoisomers: D-lactide and L-lactide. Poly(D-lactide) (PDLA) and

poly(L-lactide) (PLLA) are isotactic and semicrystalline. Meanwhile, materials

formed by atactic poly(D,L-lactide), or racemic poly(R-lactide) (PRLA), are amor-

phous [45]. This allowed direct control over the crystallinity of the hydrophobic

micelle formed by these triblock copolymers. In general, the polymers can be

prepared in solution or in the bulk. This can impact the mechanical properties of

the resulting hydrogel since the molecular weight distribution (MWD), specifically

the symmetry of the triblock copolymer, is influenced [46]. Generally, triblock

copolymers produced through bulk-synthesis are more asymmetric, which reduced

the mechanical stiffness of the gel phase (such as system relaxation time and

junction lifetime). This had a larger impact on amorphous PRLA materials than

on containing crystalline PLLA [46].

Triblock formation begins by ring-opening polymerization of the lactide mono-

mer by a preformed dihydroxylated PEG [49–54]. Catalysts such as stannous

octoate, SnO, SnO2, Sb2O3, PbO, GeO2, SnCl2, and NaOH have been used [50,

52, 55–60]. Stannous octoate is the most frequently used catalyst [53, 55, 57, 61].

The polymerization conditions and mechanisms used to produce triblock

copolymers can affect their biological, material, and chemical properties [53].

The copolymers described here were prepared by ring-opening polymerization of

L-lactide either in the bulk or in solution using stannous (II) 2-ethylhexanoate as

catalyst. Although a number of copolymers has been prepared, the PEO block

length is held constant and the degree of polymerization (DP) for PLLA is varied,

but typically from ~52 to ~72 [44, 61]. In all cases, the polymerization was not run

to completion since this broadens the MWD. Thermal and diffraction studies of

these polymers in the bulk always show PEO crystallization as well as PLLA

crystallization when the block length is sufficiently long [62]. When both blocks

crystallize, the PEO segments are confined between PLA lamellae [62].

Table 5.1 Modulus values

for some tissues
Material Modulus (kPa)

Human nasal cartilage [40, 41] 234 � 27

Bovine articular cartilage [40, 41] 990 � 50

Pig thoracic aorta [42] 43.2 � 15

Nucleus pulposus and eye lens [43] ~1

Canine kidney cortex [43] ~10
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To covalently capture the assembled hydrogel, the PLA–PEO–PLA triblock copol-

ymer endgroups where functionalized with acrylates so that the self-assembled

structure could be locked in by initiating photocrosslinking with ultra-violet

radiation.

Mechanical Properties of These Hydrogels

Mechanical properties of physically cross-linked hydrogels are typically

characterized using shear rheometry, by exposing the material to an oscillatory

shear stress at various frequencies. This leads to a determination of the storage

modulus (G0) and the loss modulus (G00), providing insight on the elastic and

viscous components of the material, respectively. Chemically cross-linked

hydrogels are more typically characterized by measuring the stress in the material

as strain is applied in compression. Implementing Hooke’s law (s ¼ Ee, where s is

stress, e is strain, and E is the Young’s or elastic modulus) for the slope of the linear

region at low strains corresponds to the elastic modulus. However, Hooke’s law

only applies to linearly elastic materials, while hydrogels typically have nonlinear

stress–strain responses in compression. Models based on rubber networks such as a

modified Neo-Hookean model [63–65] or a model defined by Mooney [66] and

Rivlin [67] better describe the nonlinear behavior. Regardless, many researchers

only apply Hooke’s law despite the nonlinear behavior of their materials.

Addition of water to these ABA triblock copolymers produces hard, physically

associated gels typically above 16 wt.%. The length of the PLA block directly

impacts the wt.% of this sol–gel transition. The longer the PLA block (up to a

solubility limit), the lower the transition [44]. For example, a triblock with total

PLA of 72 units forms a viscous liquid 14 wt.% but a stiff gel at 16 wt.% (see inset

Fig. 5.2). Characteristics of gel formation were seen to vary with the length of the

hydrophobic blocks. Solutions of the triblock with the smaller hydrophobes (total

PLA 52 units) did not gel up to concentrations of 20 wt.% polymer. To better

quantify the mechanical properties of these hydrogels, dynamic mechanical shear

rheology was employed.

Figure 5.2 shows G0 vs. frequency for the two polymers described above at 25�C
(filled symbols) and 37�C (open symbols). The gel of the shorter PLAmaterials (total

PLA 52 units) was prepared in 20 wt.% but still forms a weaker gel than the one with

the longer PLA blocks which only contains 16 wt.% polymer. It is clear from these

results that the hydrophobic length, or DP, significantly influences elastic modulus.

Comparing these two materials, the stiffness increases by more than two decades,

from ~100 Pa to 10,000 Pa, as the length of the hydrophobic block is increased.

The stiffer gel is quite elastic, with G0 only weakly dependent on frequency and

greater than G00 over the entire frequency range. Looking to other systems, PEO-

containing alkyl hydrophobe end-caps show qualitatively similar trends for the high-

frequency limit of G’; [68] although the dependence of G0 on hydrophobe length is

weaker for the alkyl-capped systems than in these PLLA–PEO–PLLA gels.
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The elastic moduli of fluoroalkyl-capped PEO gels were insensitive to hydrophobe

length at high frequency [69, 70]. Increasing the PLA length, or wt.%, increased G0

over 10 kPa.

This ability to create gels with elastic modulus greater than 10 kPa provides

materials that are almost an order of magnitude stiffer than any previous reports

for polymers composed of similar chemistry. A copolymer of PMG19–PEO33–-

PMG19 (PMG ¼ poly(D,L-3-methyl-glycolide)) had an elastic modulus less than

500 Pa for a 27 wt.% sample [71]. Other hydrogels from stereocomplexed

PLLA18–PEO105–PLLA18 and PDLA15–PEO105–PDLA15 (10 wt.%) had an elastic

modulus up to 1,000 Pa at 37�C [21]. Solutions of either polymer independently

at 10 wt.% did not form a hydrogel. These reports have focused on relatively small

molecular weight (MW) polymers, which are quite different from the ones we have

studied. Further, much of the data in the literature is reported at a single frequency

and strain, so the dependence of modulus on frequency and strain is completely

unknown [44]. Creating hydrogels with roughly kPa modulus values are of wide-

spread interest since many native tissues have moduli in this range, although most

have nonlinear response to strain (see Table 5.1). These values show the need for

hydrogels with stiffer modulus values.

The network structure shown in Fig. 5.2-top is dynamic so a polymer may pull

out of one micelle core and insert into another. As more water is added, as would

happen in the body, the distance between micelles increases, lowering the density of

junction points. Since there are no covalent bonds holding the junctions in place, at

a certain critical concentration an associative network can no longer form. At this

critical concentration, the hydrogel loses its mechanical integrity. However, by

introducing a photocrosslinkable moiety (see Fig. 5.3), the self-assembled structure

can be captured by irradiation with UV light (see Fig. 5.3). This method allows the

differences between chemical and physical cross-linking in the same polymer

hydrogel system to be studied. It also represents a new strategy to form hydrogels

and is likely to lead to novel properties since it has the advantages of self-assembly

and covalent, permanent cross-links.
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The photocrosslinked PLA–PEO–PLA hydrogels remained intact when swollen in

phosphate-buffered saline solution (pH 7.4) at body temperature (37�C) for extended
periods of time. This is in contrast to the physical hydrogels which swell with excess

solution until the system transforms from a gel to a sol. The performance of these

photocrosslinked PLA–PEO–PLA hydrogels was evaluated in compression. Typical

stress–strain curves from compression testing demonstrated the expected nonlinear

behavior exhibited by soft networks. To analyze the data, the Neo-Hookean constitu-

tive relationship for rubbers was utilized.

In this model, the specific form of the strain energy function (U) is dependent on
the first invariant of the deformation tensor (I1) by the constant, C1:

U ¼ C1 I1 � 3ð Þ
U ¼ C1 l21 þ l22 þ l23 � 3

� �
;

where li is equal to the extension ratio in the i-principal direction, or more

specifically, the length in the i-direction over the initial (pre-stressed) length in

the i-direction. The extension ratio is related to the strain, e, by the following

expression: l ¼ e + 1. For the case of uniaxial compression and assuming the

material to be incompressible:

l21 ¼ l2; l22 ¼ l23 ¼ l�1

l21l
2
2l

2
3 ¼ 1:

O
O

O

O

O

O

O
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Fig. 5.3 PLA–PEO–PLA is reacted with acryloyl chloride using triethylamine as a basic catalyst

to yield the acrylate end-functionalized triblock copolymer. Hydrophobic PLA is illustrated in

green, while hydrophilic PEO is in blue. This triblock copolymer forms physical cross-links which

are dynamic as illustrated by the dashed lines around the micellar cores (left), but once

photocrosslinked the junction points are permanent, as shown using solid lines around the micelle

cores (right)
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By substituting into the strain energy expression and differentiating with respect

to the extension ratio, an expression for stress (s) is derived:

U ¼ C1 l2 þ 2

l
� 3

� �

s ¼ @U

@l
¼ 2C1 l� 1

l2

� �
¼ 2C1 eþ 1ð Þ � 1

eþ 1ð Þ2
" #

;

where the single parameterC1 is defined as half of the shear modulus,G (C1 ¼ G/2).
The same relationship can be derived using a statistical thermodynamic approach in

which the distribution of end-to-end distances between cross-links is assumed to be

Gaussian [63–65].

A typical stress–strain curve is shown in Fig. 5.4 along with its fit using this Neo-

Hookean model. The fit agrees well with the data and predicts the observed

nonlinear behavior, implying that the distribution of chains is Gaussian and that

there is little contribution from entanglements and looping chains to the overall

network. Using the Neo-Hookean fit, we observed the change in the gel stiffness as

they were swollen and degraded with time in an aqueous environment [48].

Fig. 5.4 Typical stress versus strain curve in compression. 25% w/v photocrosslinked

PLA–PEO–PLA before degradation. Stress curve is nonlinear and typical of soft-rubbery

materials. (inset) The Hookean model (shown in green, blue, and red at 5, 10, and 15% strain

range, respectively) does not capture the nonlinearity in the stress–strain curve, while the Neo-

Hookean fit (in black) does. The zoom into the small strain region shows that even at low strains,

the curve is nonlinear
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Initially, the 25% w/v hydrogels started with a shear modulus of ~ 64 kPa, but as

they degraded, the shear modulus decreased exponentially to a value of ~ 7 kPa

over a time scale of 35 days until a major drop in modulus occurred. The exponen-

tial decrease was in good agreement with the swelling data. The rate of hydrolysis is

assumed to be proportional to the cross-link density (rc), since as ester bonds are

degraded, cross-links are eliminated. This kinetic behavior was evident in the

swelling data, as rc and Q were inversely proportional (Q ~ 1/rc), and accounts

for the exponential decrease in modulus with time (G ~ rc) [72].
To probe the range of attainable moduli using photocrosslinkable

PLA–PEO–PLA,, hydrogels were prepared at various concentrations: 10, 15, 25,

35, and 45% (weight of polymer per volume of PBS). As gels were less

concentrated they became softer, and as they were more concentrated they became

stiffer, as expected. More specifically, there was a linear dependence of shear

modulus on the hydrogel concentration (Fig. 5.5-inset). This effect can be explained

by considering the hydrogel structure. As already described, the physical cross-

links in the network structure occur within the micelle core prior to photocros-

slinking, effectively equating the number of micelles to the number of junction

points. A critical aggregation number (Nagg) of polymer chains is necessary to form
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Fig. 5.5 Comparing elastic modulus using various fits. The reported modulus values are highly

dependent on which constitutive relationship is assumed. (inset) Elastic modulus vs. concentration

using rubber models. The two-parameter Mooney–Rivlin model calculates the same modulus as

the one-parameter Neo-Hookean model (Note that these models assume incompressibility and a

Poisson’s ration of 0.5)
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a micelle. Assuming the critical Nagg remains constant and all micelles contribute to

the network, then as the number of polymer chains (or the overall concentration) are

increased linearly, so does the number of micelles (or cross-links). Since modulus is

directly proportional to cross-link density, the linear relationship between modulus

and concentration is well explained, demonstrating that the photocrosslinking

process successfully locks in the pre-formed physical hydrogel structure.

The compression behavior of these polymer hydrogels shows the typical nonlin-

earity of soft rubbery materials and fits very well with the Neo-Hookean constitu-

tive relationship described above. However, a more common and simple method

used to determine modulus is the linear fit of the Hookean constitutive relationship,

[s ¼ Ee ¼ E l� 1ð Þ], where stress is related to strain by the elastic modulus (E).
While this relation only holds for the low strain, linear, elastic regime, it is often

applied to hydrogel materials displaying nonlinear behavior. Our data can also be fit

using a more general two-parameter Mooney–Rivlin model [66, 67]. The shear

modulus in the Mooney–Rivlin constitutive relationship is two times the summa-

tion of the fit parameters (G ¼ 2[C1 + C2]). This model, like the Neo-Hookean

model, also fits well for nonlinear rubbery materials, but the second parameter

allows for closer fits at high extension ratios. When fitting with the Mooney–Rivlin

Model, C1 was set to be equal to the C1 determined from the Neo-Hookean fit, and

C2 was allowed to float to best fit the data.

Each of the above models fitted the data to various degrees; however, only the

Neo-Hookean and Mooney–Rivlin models captured the nonlinear behavior of the

hydrogels in compression over the entire strain range. For photocrosslinked

PLA–PEO–PLA hydrogels, there was no linear elastic region, even at low strains

(see inset of Fig. 5.4), that could be adequately described by the Hookean relation-

ship. Because of the gel’s nonlinear behavior, the modulus values obtained from fits

using a Hookean relationship were dependent on the strain range to which the data

was fit. Since at higher strains more of the downward sloping nonlinear region is

taken into account, different values of the elastic modulus were measured. The

extent of these effects was measured by fitting a Hookean relationship at 5, 10, and

15% strain with varying hydrogel concentrations (Fig. 5.4-inset). All of the

Hookean fits showed a linear dependence on hydrogel concentration as already

described, but as the fitted strain range increased so did the modulus. Furthermore,

for stiffer hydrogels, the differences in moduli were more pronounced.

To compare the modulus values obtained from the Hookean model to those

obtained from the Neo-Hookean and Mooney–Rivlin models, the shear modulus

was converted to an elastic modulus, [E ¼ 2G 1þ nð Þ], where n is the Poisson’s

ratio or the ratio of lateral tension to longitudinal compression. Most commonly,

rubbers and gels are assumed to be incompressible with a Poisson’s ratio equal to

0.5, which was assumed in the Neo-Hookean and Mooney–Rivlin models. Again

all the fits showed a linear dependence on concentration. Interestingly, the two-

parameter Mooney–Rivlin fits determined modulus values that were almost iden-

tical to the one-parameter Neo-Hookean fit. Although the two-parameter model

takes more of the high strain region into account, the one parameter model fits the

data well enough that not much is gained in fitting with two parameters.
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Furthermore, although most rubbers are assumed to have a Poisson’s ratio of 0.5,

significantly lower Poisson’s ratios have been measured for several hydrogels

[73–75]. For example, a Poisson’s ratio as low as 0.33 has been reported for poly

(vinyl alcohol) gels [76]. Therefore, if the actual Poisson’s ratio of a material is

not measured and is lower than that assumed, then a discrepancy between the real

elastic modulus of the material and the measured elastic modulus will arise. The

modulus values from all the fits are compared in Fig. 5.5, and again illustrate that

the value obtained is dependent on the fit used. The Hookean model at small

strains (5%) gave the lowest elastic moduli, while the Neo-Hookean and

Mooney–Rivlin models gave the highest moduli.

Structural Properties of the Gel Phase

The structure of a hydrogel can be used to help determine its mechanical properties.

For example, mechanical properties are often dependent upon both the nanoscale

and microscale structures [77, 78]. We investigated the microscale structure of

these hydrogels containing crystalline PLLA domains through ultra small angle

X-ray scattering (USAXS), ultra small angle neutron scattering (USANS), and

confocal microscopy techniques. The goal was to correlate changes in the hydrogel

structure as the molecular weight of the PLA block was increased. All gel samples

exhibited scattering in the low q range that followed power law behavior [78],

indicating scattering from fractal structures [79, 80]. The power law exponents

were found to be less than or equal to three, which is indicative of a mass fractal

structure. These scattering results lead us to infer that hydrogel structure becomes

denser as the molecular weight of the PLA domains increases. Although more work

is necessary to fully understand the subtleties of the PLLA–PEO–PLLA system,

these differences might be related to the crystalline nature of the PLLA hydropho-

bic domains. WAXD studies on these gels show strong diffraction peaks at 2y ¼ 17

and 19� corresponding to crystalline PLLA, while the PRLA-based hydrogel

showed no such peaks [45].

Conclusions

PLA–PEO–PLA triblock copolymers have been extensively studied over the years

and have found use in a wide variety of applications. Although we are beginning to

understand this copolymer system at a more fundamental level, further study is

required before we can fully understand and predict the material properties relevant

to specific biomedical applications. We have demonstrated a number of ways to

influence the mechanical properties of the resulting hydrogel including at the mono-

mer level by alternating the stereo-center as well as at the nanometer scale by

covalently capturing the self-assembled physical network. Unlike physical hydrogels,

5 PLA–PEO–PLA Hydrogels and Their Mechanical Properties 137



the photocrosslinked systems remain intact in a highly aqueous environment giving

better properties for various applications. We highlight how modulus values are

influenced by the method of data analysis. The modulus of the hydrogel can be

determined by choosing either a linear elastic Hookean model or the nonlinear Neo-

Hookean and Mooney–Rivlin models. However, the Hookean model can only be

applied to small strain regions and does not capture the nonlinear behavior of these

soft rubbery materials.
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Part IV

Control of Inflammation and Host
Response



Chapter 6

Host Response to Biomaterials

Anjelica L. Gonzalez-Simon and Omolola Eniola-Adefeso

Abstract The implantation of a biomaterial-based device or drug carrier will elicit

a localized or systemic inflammatory response. An immune response occurs regard-

less of the method of introduction of biomaterial into the body, as all methods of

biomaterial insertion, including surgery and injection, result in the disruption of the

host’s tissue. The extent of the inflammatory response, however, is dependent upon

the location, implantation procedure, and compatibility of biomaterial. In general,

inflammatory responses can be classified as acute or chronic, defined primarily by

the duration of the response and the type of cells infiltrating a tissue in response to

pro-inflammatory signals. This chapter discusses the general process of acute and

chronic inflammatory response and gives details on the key immune cells and

soluble blood plasma factors involved. Information is also provided on biomaterial

design approaches employed to minimizing inflammatory response.

General Introduction

As in the case of a general injury or trauma to any tissue, the implantation of a

biomaterial-based device or drug carrier will elicit a localized or systemic inflam-

matory response. An immune response occurs regardless of the method of intro-

duction of biomaterial into the body, as all methods of biomaterial insertion,

including surgery and injection, result in the disruption of the host’s tissue. The

extent of the inflammatory response, however, is dependent upon the location,

implantation procedure, and compatibility of biomaterial. The consistent aspect

of biomaterial implantation is that there will be a biological response driven by
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blood and tissue proteins that initiate the coagulation and complement cascades,

and result in a cellular immune response. Localized inflammatory response is an

isolated physiological effort to heal and reestablish tissue homeostasis, whereas a

systemic inflammatory response is a whole body reaction to a foreign entity that can
result in organ damage and serious complications related to immunological

reactions [1]. Inflammatory responses can be further classified as acute or chronic,
defined primarily by the duration of the response and the type of cells infiltrating a

tissue in response to pro-inflammatory signals (Fig. 6.1). The development of

biocompatible biomaterials for use in medical devices and tissue replacement/regen-

eration is done with the goal of minimizing the acute phase response and thus

avoiding the chronic phase inflammatory response that occurs when acute response

is not resolved. Figure 6.1 outlines the general temporal sequence marking cell

infiltration and persistence, delineating the acute and chronic phases of inflammation.

Each phase and type of immunological response to biomaterials is driven by a tightly

choreographed series of cellular processes; each interrelated between blood cells,

tissue protein composition, tissue resident cells, and their pro-inflammatory protective

response. In this chapter, we identify and outline the role of the most abundant and

relevant cell types related to the immunological processes that drive biomaterial

implant acceptance or rejection in association with wound healing.

Fig. 6.1 Timeline of inflammatory response to tissue implanted biomaterials. Shortly following

injury or implantation of biomaterials, neutrophil infiltration, edema, and vascular leakage occur.

Biomaterials interface with blood leading to plasma protein adsorption on to the material surface.

Neutrophil infiltration and influx of plasma protein causes tissue matrix reorganization and the

initiation of complement and coagulation cascades. Neovascularization occurs as a result of

provisional matrix formation. Early stage chronic inflammation is marked by increased monocyte

and macrophage infiltration and neutrophil clearance. True chronic inflammation is marked by

persistent macrophage activation and infiltration, foreign body response and formation of granu-

lation tissue. Ultimately, biomaterial rejection is preceded by fibrous capsule formation and

enclosure of the foreign object. Adapted from J. M Anderson. Mechanisms of Inflammation and

Infection with Implanted Devices. Cardiovascascular Pathology. Vol. 2, No. 3 (Suppl.)1993:

33 S–41S [3]
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Acute Inflammatory Response

The acute inflammatory response to injury or implanted materials is initiated by

innate immunity. This response is driven by fast acting white blood cells, mostly

neutrophils and macrophages, as the primary defense against nonspecific infecting
entities. The goal of innate immunity is to recognize foreign pathogens or materials,

clear them from the body, and remove apoptotic cell debris. The immune cell

response to implanted biomaterials is ultimately dictated by the adsorption of

endogenous proteins from blood or interstitial fluid onto the surface of a device,

rather than the physical presence of the material itself. Devices become exposed to

blood plasma proteins and tissue fluid or matrix proteins during implantation

through surgery or injection. The immune cell identification of adsorbed protein

is responsible for the initiation and severity of the immune response. Of course, the

protein profile on an implant will depend on the chemical characteristic of the

biomaterial involved and to a lesser extent the physical geometry (size and shape)

of the implant as discussed later [2]. The inflammatory response is further

characterized by the changes in cellularly released chemical factors that mediate

additional cell recruitment and activity. As a robust means of systemic protection,

the innate immune response is replicated each time an exogenous object is

introduced into the body. This requires precise choreography between multiple

cell types, including neutrophils, macrophages, monocytes, endothelial cells (ECs),
and fibroblasts (Fig. 6.1) [3].

Neutrophils (Polymorphonuclear Granulocytes)

Neutrophils, the first responders in the initiation of innate immunity, are phagocytic

white blood cells or leukocytes. Phagocytosis is a special form of endocytosis – the

process by which a cell uptakes or eats (in the case of phagocytosis) solid particles.

The life of the mature neutrophil is spent in the blood stream or surrounding tissue,

with its primary role being to remove foreign particles from the body via phagocy-

tosis. Additionally, the mature neutrophil rids the body of contaminants in the

microenvironment through exocytosis – the process of secreting proteins, proteases,

and reactive oxygen metabolites stored within mobilizable granules. Through exo-

cytosis, the neutrophil reorganizes the surrounding microenvironment and promotes

recruitment of additional immune responsive cells to the point of infection. The

release of additional proteases and reactive oxygen species is done to damage and

destroy the infecting entity. The normal life-time of neutrophils in the vasculature is

approximately 12 h, during which time they may react to pro-inflammatory

cytokines and leukocyte adhesion molecules (LAMs) presented by the endothelium

(a monolayer of ECs that line the lumen of blood vessels) upon injury during

implantation or injection [4]. Cytokines are a large family of proteins, peptides, or

glycoproteins that are recognized as intercellular signaling immunomodulators.
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LAMs are receptors on the surface of ECs that bind to ligands (or counter receptors)

on the surface of leukocytes. For example, the selectins support cell–cell adhesion
through recognition of carbohydrates, while members of the immunoglobulins,
namely intercellular adhesion molecule 1 (ICAM1) and vascular cell-adhesion
molecule 1 (VCAM1), bind to the leukocyte surface receptors known as integrins.
Under quiescent conditions, the endothelium does not present large amounts of

LAMs, however, upon damage through implantation or injection of a biomaterial,

the endothelium becomes inflamed as EC upregulate a significant number of LAMs

and produce pro-inflammatory signals. These molecular signals activate the cells to

upregulate their own integrins, enabling neutrophils to become adherent to the blood

vessel wall and ultimately migrate into the tissue. The life span of the neutrophil

outside of the blood vessel and in the tissue is extended to 24–48 h [4].

The process of neutrophil capture to the endothelial wall (or margination) and

their eventual migration into the extravascular space (or transmigration) occurs
through a series of intricately choreographed steps known as the leukocyte adhesion
cascade [5]. Instrumental to each step are LAMs, integrins, cytokines, and

carbohydrates expressed or produced by the endothelium and the neutrophil. The

acute phase of the inflammatory response begins with the initial capture from free

stream to EC surface – the first step of the leukocyte adhesion cascade, in which

neutrophil expressed L-selectin and P-selectin glycoprotein ligand 1 (PSGL1)

engage endothelial expressed E-selectin, P-selectin, and PSGL1 [6, 7] to transiently

tether the neutrophil to the endothelium. Capture is followed by rolling (transient

adhesion), during which the inflamed endothelial cell is triggered to release neutro-

phil-activating cytokines and chemoattractants. These cytokines are physiological

activators of the neutrophil integrins lymphocyte function-associated antigen 1

(LFA1, aLb2) and very late antigen 4 (VLA4, a4b1) that bind to EC expressed

ICAM1 and VCAM1, respectively, promoting almost instantaneous firm arrest on
the vascular lumen. Both increased integrin expression on the surface of neutrophils

and modulation of affinity for integrin ligands contribute to the bond strength

established between the adherent neutrophil and the EC. Once neutrophils are

firmly arrested onto the endothelium, intravascular crawling can commence, in

which integrin macrophage antigen 1 (MAC1, aMb2) on the neutrophil surface

engages ICAM1 on the endothelial surface to form traction forces that propel the

cell forward. Finally, cell intravascular crawling brings the cell to a point at which it

can migrate across the endothelial layer into the extravascular space, i.e. transmi-
gration, to obtain direct access to the implanted biomaterial.

Transmigration is the most poorly understood event in the leukocyte adhesion

cascade and continues to be investigated. The current understanding is that ICAM1

and MAC1 interact to trigger the formation of neutrophil protrusions at the leading

edge of the transmigrating neutrophil. At this point, the neutrophil engages with

additional adhesion and junctional molecules on the EC to transmigrate

paracellularly (between two or more endothelial cells) or transcellularly (through

the body of the endothelial cell). Subsequent interactions between neutrophil

integrins, vascular endothelial cadherin (VE-cadherin), platelet/endothelial cell

adhesion molecule 1 (PECAM1), junctional adhesion molecule A (JAMA),
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endothelial cell selective adhesion molecule (ESAM), ICAM2, and CD99 are

indeterminately involved in migration through the endothelial layer, the basement

membrane and the pericyte sheath.

Migration within the extravascular space is heavily regulated by the chemotactic

factors released by resident macrophages, protein components of the extracellular

matrix (ECM), and the ability of the neutrophil to access these matrix components for

anchoring, degradation, and migration. Using a number of non-redundant tissue

matrix binding integrins, the neutrophil responds directly to the microenvironment

by adhering to and remodeling the surrounding ECM. Each tissue in the body

(connective, pulmonary, cardicac, etc.) contains a unique composition of ECMfibrous

and non-fibrous proteins, largely collagens, elastin, proteoglycans, fibronectin, and

laminins, that serve to anchor resident cells and maintain the structure of the organ.

Specific integrins are responsible for firm adhesion of neutrophils to ECM

proteins that contain adhesive amino acid motifs, including the widely studied

arginine–glycine–aspartic acid (RGD) residues [8]. It is also understood that

neutrophil integrins have specificity for sequences in the fibrinogen and fibronec-

tin proteins that can generate functional cell activity, including adhesion and

motility [9]. As the neutrophil invades, it maneuvers itself through globular and

along fibrous structures of the ECM in response to chemical mediators released by

injured and activated tissue or vascular cells. Neutrophils respond to these chemical

mediators by migrating toward the injury or implant site through unidirectional

movement toward the increasing gradient of chemical signal in a process known as

chemotaxis. Once localized to the site of implantation, the presence and conformation

of tissue ECM proteins and blood proteins deposited onto the surface of an implanted

biomaterial will determine the neutrophil response to the implant. In response to

protein identification, the neutrophil will begin the process of phagocytosis if the

implant chemistry and geometry allows, the material may be degraded and

endocytosed by the cell, and the dead neutrophil and material debris are later cleared

by macrophages. However, phagocytosis and clearance is not possible with implants

much larger than the size of the cell (10 mm). Thus, neutrophils of often respond to

large implants by degranulating, releasing lysosomal protease and reactive oxygen

species that remodel the native tissue and the implanted material, providing pathways

not only for additional neutrophil invasion but also recruited macrophages. The

duration and amount of enzyme released during this process is highly dependent

upon the surface composition and the size of the biomaterial (particulate versus bulk).

Monocytes

Monocytes are blood flowing macrophage and dendritic cell precursors, making up

1–6% of the total circulating leukocyte population. As the number of neutrophils in

the damaged or infected tissue begins to decline, cytokines, and chemotactic factors

released by these cells and resident macrophages recruit monocytes to the site of

injury, marking the initiation of the chronic inflammatory response. As a slow
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migrating cell, compared with neutrophils, monocytes provide a secondary source

of defense against pro-inflammatory mediators by differentiating into macrophage

or dendritic cell populations following migration into the tissue, serving to amplify

and, later, resolve inflammation.

Chronic Inflammatory Response

Chronic inflammation is most commonly associated with disease states and inflam-

matory disorders; however, a chronic inflammatory response to implanted

biomaterials often leads to rejection and extraction. The persistence of inflammation

may be related to the composition of the implant itself, degradation of the biomate-

rial through motion, or continued injury to the implant site through motion. In either

case, when the acute phase of inflammation has not sufficed to clear the source of

infection within the first 1–2 days of implantation, macrophages become the

dominating force in the persisting inflammatory response through continued release

of leukocyte recruiting chemotactic factors, reactive oxygen metabolites, growth

factors, and cytokines. Macrophages operate to release these factors with the intent

of degrading the biomaterial in an attempt to clear the infecting reagent.

Macrophages (Mononuclear Phagocytes)

The macrophage, greek for “large eater,” is a monocyte derived specialized phago-

cytic and secretory white cell that is distributed throughout tissues. Tissue resident

macrophages, within the lung, skin, liver, spleen, and gut serve the primary function

of identifying and reacting to exogenous materials or infecting organisms. These

cells have an elongated life (up to months) providing a continuous population of

cells available to emigrate into an infected tissue for an extended duration, sustain-

ing the chronic phase of inflammation. In a unique manner, the macrophage bridge

innate and adaptive immunity by (1) phagocytosing and destroying invading

microbes, (2) fusing to become multinucleated giant body cells, and (3) acting as

antigen presenting cells, presenting proteins from digested microbes to activate the

white blood cells responsible for adaptive immunity. Much like the neutrophil, in

response to microbes and foreign entities, the macrophage ingests large microbes

and proteins, releases tissue damaging proteases, reactive oxygen and nitrogen

metabolites, and releases pro-inflammatory cytokines, chemokines, and lipid

mediators. Specifically, the macrophage releases tumor necrosis factor-alpha

(TNFa), interleukin-1 (IL-1), interleukin-6 (IL-6), and interleukin-8 (IL-8) to

induce recruitment of additional neutrophils (exacerbating the innate inflammatory

response), endothelial cells (for formation of new microvessels), and fibroblasts (for

formation of fibrous scar tissue) [10]. Macrophages are also responsible for ridding

the inflamed tissue of apoptotic cell debris, including aged neutrophils, marking the
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resolution of acute inflammation. In general, macrophages are able to successfully

ingest microbes and materials sized up to 10 mm as with neutrophils. For larger

sized materials as in the case of most implants for regenerative medicine, multiple

macrophages may fuse together forming a multinucleated foreign body giant cell
(FBGC) that remains adherent to the surface of the large (>100 mm) biomaterial for

the lifetime of the implant [11]. FBGCs may experience phagocytic frustration

when the material is too large for ingestion, causing the release of cytokines,

reactive oxygen species, and proteolytic enzymes, in hopes of degrading the large

biomaterial [12]. The extended longevity of activated resident macrophages and

FBGCs at the site of biomaterial implant contribute substantially to the chronic
inflammatory response, in which inflammation is not effectively resolved and

macrophages persist in respiratory burst and protease release, leading to damage

of host tissue.

Foreign Body Reaction

Macrophages, like neutrophils, adhere to the surface of implanted biomaterials

when unable to phagocytose the material due to large material to cell size ratio.

In this condition, the fusion of macrophages to form FBGCs serves to prolong the

life span of the frustrated macrophages, allowing continued release of cytokines and

growth factors. Within the 3–5 days of monocyte invasion and activation of resident

macrophages, the formation of granulation tissue occurs. Granulation tissue is a

wound healing response in which fibroblasts, and often vascular endothelial cells,

invade and proliferate within the infected tissue in an attempt to establish structure

and homeostasis at the local inflammation site. In the granulation tissue, fibroblasts

deposit non-fibrillar proteoglycans followed by collagen deposition, contributing to

the initiation of the fibrous capsule. Likewise, endothelial cells invasion and

proliferation contribute to the development of neovascularization of the wounded

tissue in an attempt to deliver increased cytokines and growth factors that promote

the wound healing response. The persistent presence of macrophages within the

granulation tissue ensures constant remodeling of the tissue matrix and constant

recruitment of fibroblasts, endothelial cells, and other cells. This process may

continue from days to months, dependent upon the gravity, site and size of the

infection, and implant.

Fibroblasts

While recruiting additional leukocytes to the milieu of inflamed tissue,

macrophages also release growth factors and cytokines to activate and recruit

fibroblasts to the site of injury, promoting cellular proliferation, and tissue

remodeling. Fibroblasts are mesenchyme-derived cells with their primary function
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being to produce and remodel the ECM, providing scaffolding and framework in

various organs and specialized tissues. In a cyclical manner, the synthetic and

degradative functions of fibroblasts are controlled and regulated by signals from

the matrix, as well as leukocyte contributed cytokines and growth factors. Through

its ability to generate matrix proteins, the fibroblast is primarily responsible for the

generation and remodeling of fibrotic scar tissue and foreign body encapsulating

matrices. The assembly of an acellular fibrous capsule, composed of dense and

compacted collagen, is a method of resolving the inflammatory response to an

implanted biomaterial, by walling off the damage induced by a foreign implant.

While providing a resolution to the local immune response, the formation of the

fibrous capsule may lead to implant failure/rejection, deformation at the site of

implantation or loss of implant function.

Fibrous Encapsulation

As a means of resolving the inflammatory process, both stable and proliferating

cells, resident to the infected tissue, contribute to the formation of a matrix-

composed capsule surrounding the implanted biomaterial. Specifically, fibroblasts

within the granulation tissue are deposit proteoglycans (nonfibrillar components of

the ECM with the ability to bind growth factors), cytokines, matrix adhesion

molecules, while contributing to the formation collagen fibers that form a base

for the capsular structure. Subsequent deposition of collagens, fibronectins,

laminins, thrombospondins, tenascin, and syndecans contribute to the advanced

formation of a biomaterial encapsulating fibrous tissue that aids in integrating the

new scaffold with the existing tissue. Unfortunately, over-development of the

fibrotic capsule can lead to physical deformation of the host tissue and, ultimately,

interrupt the intended function of the implanted device. When this occurs, surgical

removal of the device is the preferred method of resolution.

Chemical Mediators of the Inflammatory

Response to Biomaterials

The two phases of the foreign body response, acute and chronic phases, are

distinguished by the time of the response and the type of cell involved in each

phase. Because protein adsorption predicts the biological response to an implanted

material, it is important to understand the protein-mediated cascades that result in

inflammation. Here we describe the contributions of the coagulation and comple-
ment cascades to acute and chronic inflammation. The coagulation and complement

systems act together as a physiological defense against injury and non-self in a

manner that is complementary to leukocyte function in healing and ridding the body
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of foreign entities [13]. Each system is composed of a number of proteins that

interact with a biomaterial or implant surface, leading to biocompatibility or

incompatibility [14, 15]. The initiation of both systems is highly dependent upon

the ability of proteins to become surface bound and subsequently become activated

through cleavage or conformational change [16]. Structural changes of coagulation

and complement system proteins directly enable stimulation of neutrophils,

monocytes, macrophages, and platelets typically leading to disadvantageous

inflammation and biomaterial rejection.

The Complement Cascade

The complement system is composed of approximately 30 proteins and protein

subunits whose function is to recruit and activate leukocytes to purge foreign

substances and objects from the body. Three primary pathways make up the

complement system. The first, the classical pathway, is triggered by the formation

of antigen–antibody complexes, C-reactive protein, or identification of debris from

damaged cells. The second pathway, the mannose-binding lectin (MBL) pathway
(LP), is triggered by MBL binding to specific carbohydrates found on the surface of

invading microorganisms. The third pathway, the alternative pathway (AP), is one
in which non-self surfaces, including biomaterial surfaces, directly trigger comple-

ment activation. While the alternative pathway is most clearly associated with

biomaterial implantation and rejection, the other pathways remain relevant as

they can become amplified by alternative complement activation in response to

foreign body implants. Within each of these pathways proteins complement com-

ponent 3 (C3), component 4 (C4), and component (C5) are among the most

abundant proteins. Complement C3 is most closely identified in the alternative

pathway in response to biomaterial rejection. As a blood plasma component, C3

comes in contact with the implant surface during implantation. C3 can directly bind

to a biomaterial surface and become conformationally altered to bind factor B from

blood plasma, inducing an almost immediate complement initiated inflammatory

response [12, 17]. The main event in activation of the alternative complement

pathway is C3 conformational change into a C3b-like presentation or enzymatic

cleavage into subunits C3b and C3a (Fig. 6.2). The C3b molecule can become

bound to a biomaterial surface through binding to adsorbed proteins and

carbohydrates via free hydroxyl or amine groups [18]. The structure of absorbed

blood plasma proteins, including human serum albumin and immunoglobulin G

(IgG) allows them to act as acceptors, covalently binding and stabilizing C3b

[19–21]. Free hydroxyl groups provide the transient covalent ester bond necessary

for the biological activity of C3b. Exposed amine group provides a stable covalent

bond, also necessary for the C3b molecule activation [22]. Activated surface bound

C3b is available to bind Factor B [23], forming C3bB, a complex that is further

cleaved by Factor D for the formation of C3bBa and C3bBb. C3bBb is also known

as C3 convertase and serves to further activate bound and free C3, amplifying the
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complement system. Surface or protein bound C3b can subsequently interact with

AP proteins to form C3 convertase, leading to additional surface deposition of C3b.

An overabundance of deposited C3b on the surface causes C3 convertase progres-

sion to C3bBbC3b that preferentially targets C5, resulting in C5 cleavage and

generation of subunits C5a and C5b. Anaphylatoxic peptides C3a and C5a are

particularly dangerous, due to their ability to induce tissue damage through direct

effects on monocytes, macrophages, and neutrophils. A secondary byproduct of

C3b cleavage is iC3b, an MAC1-specific ligand, providing a means by which

macrophages and neutrophils can bind directly to iC3b-coated surfaces, initiating

phagocytosis and granule release.

Biomaterials surfaces initially become involved in the activation of complement

through direct deposition of C3 when the device or material comes in contact with

Fig. 6.2 Biomaterial activation of alternative complement pathway. Implanted biomaterials

initially adsorb protein from blood plasma, including albumin, IgG, fibronectin, free C3, and

C3b. C3 can be hydrolized for thioester cleavage (C3b) or can bind polymers surfaces in a C3b-like

conformation for optimal binding of Factor B. Factor H competes with Factor B for binding to

C3b, preventing Factor D binding and cleavage into C3 convertase, C3bBb. Factor H and I can act

in tandem to regulate C3 convertase activity by creating inactive C3b (iC3b), which binds the

surface of the biomaterial and directly binds activated leukocyte receptors. Otherwise, C3

convertase can act on C3 to amplify complement signal progression or bind C3b to become C5

convertase (C3bBbC3b), cleaving C5 into anaphylatoxic C5a. C5a activates granulocytes for

recognition of binding ligands, including iC3b
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blood or plasma from tissue injury during implantation or even interstitial tissue fluid

(e.g., synovial fluid) that will have proteins with the same capability of adsorbing onto

the material, enabling resident tissue macrophages to identify the material and bind,

initiating the inflammatory cascade. Studies have indicated that C4 activation can also

be triggered when C4 binds directly to an implant surface, causing an initial CP and or

C4-dependent LP complement response, followed by AP activation. Beyond comple-

ment activation throughdirect bindingof blood plasmaproteins onbiomaterial surface,

we now know that complement activation, specifically C5 conversion to C5a can be

initiated by proteins and enzymes from the coagulation system. For example, thrombin

can become an active C5 convertase, promoting neutrophil, and monocyte activation

and their response to C5a and C5b subunits.

While complement activation can cause excessive immune response, activation

and creation of complement subunits and convertases can be internally regulated

by complement components themselves. Internal regulator Factor H competes

with Factor B for binding to C3b, prohibiting the formation of C3bB and

subsequent convertases. Additionally, Factors H and I cleave C3bB to form the

inactive C3b (iC3b) complex. As shown in Fig. 6.2, accumulation of iC3b can

provide a binding site to which neutrophils and macrophages can adhere. Ulti-

mately, the adsorption of C3, its cleavage and conversion to C3b, the amplification

of C3 convertase, and accumulation of C3b, iC3b, and C5a are responsible for

biomaterial driven complement-mediated inflammatory responses. A summary of

the proteins initiating complement pathway bioincompatible responses to bio-

materials is given below [24]:

1. Soluble C3a and C5a can react directly to receptors on neutrophils and

monocytes to trigger chemotaxis, enhanced expression of C3b receptors,

increased expression of MAC1, enhanced adhesion to endothelial cells,

increased oxygen consumption and generation of free oxygen radicals and

granule secretion.

2. Surface bound C3b and iC3b can generate leukocyte responses by binding C3b

receptors on the cell membrane and signal release of granular enzymes and

generation of active oxygen species [25].

Material Characteristic in Inflammation

As biomedical engineering has progressed, so has the development of biomaterials

(typically polymer systems) and the understanding of the need for biocompatibility.

Today, implanted systems are commonly functionalized to release anti-coagulant

drugs, eliminating the complications of the coagulation cascade during implanta-

tion. However, the problem of blood–material interaction elicitation of inflamma-

tion remains. Polymers can elicit an inflammatory response through physiochemical

properties that control the amount and conformation of proteins adsorbed to the

material surface. Polymers chemistry can be functionally specified to create polymer
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matrices that are acidic, basic or neutral, hydrophobic or hydrophilic and vary in

pore size, and changes in these physiochemical properties can create a polymer

system that will uniquely alter its capabilities of protein adsorption. Specifically,

hydrophobicity is a characteristic that promotes protein adsorption because water

can be easily displaced from a hydrophobic surface by proteins. A hydrophilic

surface has a higher affinity for water than protein, creating a surface that is not

favorable for protein adsorption. Protected from protein adsorption, the hydrophilic

surface is less likely to elicit a direct inflammatory response. However, hydrophilic

polymers may activate the complement system when another characteristic is

altered. For example, it has been shown that hydrophilic, charged polymers can

elicit complement activation due to the electrostatic interact between the protein

charge and the density of electrons contributed by negatively charged polymers [26].

In this case, a negatively charged polymer can bind blood plasma proteins including

complement components and IgGs that can induce complement activation and

leukocyte response, overcoming the protection provided by hydrophilicity.

Because polymers are a cross-linked network of monomeric subunits, they form a

porous network. The physical property of pore size can facilitate steric hindrance

between proteins and the polymer surface. A small polymer pore size can limit the

total accessible surface area for proteins to bind and also limit the size of proteins that

can bind. A surface with large pores will not interfere with protein binding, allowing

both large and small proteins to bind around and within pores for optimal protein

presentation [26]. This is because pores of larger size are indented into the surface of

the material, creating more surface area along the edges of the pores. Most sized

(small, medium, and large) proteins can fit into and line the large pores. However,

surfaces with small pore sizes do not provide enough area for the most protein to fit

into the pore, thus the pore becomes a loss of accessible surface area (Fig. 6.3).

Functionalization of polymer systems is not limited to the charge, hydrophobicity,

and pore size. More often now, researchers are exploring the ability to preferentially

graft proteins or specific protein domains onto polymer chains to direct physiologic

responses. Peptide sequences from blood proteins can be grafted to a polymer to

provide a surface that will elicit a specific cell response. Polymers engrafted with

the RGD peptide sequence can bind cells via integrins, creating a surface

Fig. 6.3 Pore size exclusion of surface protein adsorption. Large pores on a biomaterial surface

increase the surface area for interaction with protein. Smaller pores lead to loss of available

surface area, as large and medium size proteins are unable to access the walls of the pores for

adsorption
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upon which cells are firmly attached but immobile [9]. Taking advantage of integrin

specificity and signaling, peptide sequences from blood proteins can also be used

to promote specific cell activity, including protease and reactive oxygen release,

cell polarization, and motility. As biomaterials research continues, methods to

modify biomaterials surfaces to assure biocompatibility and minimize coagulation,

protein adsorption, and complement activation are under development.

While chemical structure can alter basic characteristics of polymer systems, the

manner in which proteins adsorb to the surface can also drive the cell response to a

material. For example, an hydrophobic polymer surface predominately binds C3 in

a manner that exposes the binding site to which factor H can attach, inhibiting the

conversion of C3b to C3 convertase (C3bBb) or C5 convertase (C3bBbC3b) [27].

In this case, the surface bound Factor H creates a “nonactivating surface,” inhibiting

convertase formation and accelerating the dissociation of C3 convertase formed.

This nonactivating surface should be incapable of covalently binding C3b or

proteins that can subsequently bind C3b in an inactivating conformation. Likewise

a surface that can preferentially bind regulatory factor H to prevent the conversion

of C3b to a convertase in turn preventing amplification would be considered

nonactivating. Heparin coatings are extensively used to inhibit coagulation and

complement activation, by binding regulators such as factor H and anti-thrombin.

Through the use of polymers such as polyethylene oxide (PEO) and polyethylene

glycol (PEG), protein adsorption is minimized, though PEO modified surfaces can

act as potent complement activators [28–31]. New advances suggest that hybrid

surfaces, those that contain attributes of being protein resistant, anti-coagulatory,

and present regulators of complement activation are likely the best models for

biocompatible materials. Andersson et al. demonstrated in 2006 that factor H

covalently bound to a functionalized PEO-coated polystyrene surfaces demons-

trated the protein resistant and coagulation-inert properties of PEO, supplemented

with complement inhibitory effects mediated by factor H [32].

Immune Response to Degradable Biomaterials

The many molecular and cellular events that are part of the inflammatory response

to foreign objects have been adapted to enhance biomaterial effectiveness as drug

delivery devices. The ability of a natural matrix protein to be degraded by hydroly-

sis, proteolysis, and oxidation are characteristics that have been incorporated into

polymer systems. By creating a water or protease sensitive polymer chain, the

polymer-based device can be rendered degradable in the presence of tissue fluid and

inflammatory cells. In the same manner by which leukocytes use proteases and

reactive oxidants to degrade a device for rejection, proteases and oxidants can

degrade the polymer cross-links of an implanted device that carries a drug. By

altering the severity of the mounted immunological response or the sensitivity of

the polymer cross-links to degradation, the material can be tuned to create a device

with a specific drug release profile. The most common example of a tunable
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polymer system that used the tissue microenvironment (i.e., tissue fluids) and innate

immune responses for drug delivery purposes is the co-block polymer poly(lactic-

glycolic) acid (PLGA). By altering the ratio of glycolic to lactic acid in the co-block

polymer. The higher the ratio (up to 50%) of glycolic acid, the faster the rate of

erosion. Early reports of degradation of this copolymer were observed in wound

closing sutures [33] and upon implantation of vascular stents into a porcine model,

in which inflammation was noticed [34]. Hydrolysis, along with monocyte, neutro-

phil, lymphocyte, and giant cells activation, was implicated as the cause of degra-

dation of implanted PLGA devices [35].

Beyond direct chemical modification of the polymer backbone, the polymer

system can be functionalized, with protease sensitive peptide sequences. Leukocyte

degranulation results in the release of elastases and collagenases that are known to

cleave specific peptide sequences within elastin and collagens. By creating polymer

systems that include an elastase- or collagenase-sensitive peptide, a non-degradable

polymer can be rendered degradable [36].

Immune Response to Cell-Grafted Biomaterials

Very often cells are grafted on or embedded within the matrix (microencapsulation)

of many implants for tissue regeneration. Transplanted cells are often of autologous

(cells from implant host or host species), allogenic (cells of same species as host,

though genetically altered), or xenogeneic (cells from species differing from host)

origin. Grafted cells can serve (1) to produce therapeutic biomolecules, e.g.,

insulin-producing islet cells, (2) as a nucleation point for tissue regeneration, or

(3) to guide host cell in growth and injury repair. The presence of cells in engin-

eered tissue constructs can induce adaptive immune response in addition to the

innate immune response to the biomaterial as previously described. Here, it is the

macrophages (tissue or recruited) that primarily bridge the gap between innate and

adaptive response. In their adaptive immunity role, macrophages ingest a pathogen,

digest the organism and present digested fragments on the cell surface to signal

adaptive immune cells for a more specialized immune response. Macrophages do

this by presenting major histocompatability complex (MHC) class II for T-cell

recognition and presenting costimulatory molecules, CD80 and CD86, for T-cell

activation [37, 38], which often leads to immune rejection of the transplanted cells

and overall failure of the implanted device. In this way, macrophages provide

crossover between innate (nonspecific) and adaptive (specific) immunity. Alterna-

tively, host T-cells in proximity of implanted device may recognize implanted cells

directly by binding to MHC on allogeneic cells. Xenogeneic and allogeneic more

than autogenic cells induce immune response in tissue regeneration owing to their

“non-self” characteristics. However, excessive ex vivo processing or genetic modi-

fication of autogenic cells can render them immunogenic. Overall, immune

response to cell-containing tissue engineered constructs can be controlled by
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embedding cells within the polymer matrix and employing pore sizes that allow

nutrient exchange between matrix and surrounding while preventing access of

inflammation and immune cells.

Summary

While a number of factors contribute to the degree of biocompatibility elicited by

an implanted or injected biomaterial, including size and shape, the overriding

characteristic that drives the physiological response is the ability of the biomaterial

to adsorb protein to its surface. In all conditions, blood plasma or tissue fluid/ECM

proteins will come in contact with the biomaterial surface, and the subsequent

presentation of these proteins will drive the acute cellular response of neutrophils

and monocytes, followed by the chronic inflammatory response of macrophages

and the wound healing response of foreign body cells and fibroblasts. Protein

adsorption can be controlled by a number of factors, including surface

hydrophobicity, charge, and porosity. The cellular responses can be exploited

through biomaterial modification to elicit a very specific cellular activity, including

adhesion, protein deposition, or protease and oxidant release. Controlling cellular

function through biomaterial modification can create functional materials, useful in

drug delivery and biological acceptance of engineered tissue constructs.
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Chapter 7

Modulation of the Wound Healing Response

Through Oxidation Active Materials

Paritosh P. Wattamwar and Thomas D. Dziubla

Abstract Oxidative stress originally gained attention as key pathological process

in a variety of disease states and conditions (e.g., acute lung injury, sepsis, chronic

degenerative neurological diseases). Furthermore, it oxidative stress has also been

identified as one of the key mechanisms to tissue toxicity brought on by

nanomaterials and implant biomaterials. Yet, despite these origins, newer research

has started to view oxidative stress and not simply pathology, but as a physiologi-

cally relevant signaling system, working in concert with the more traditional cell

signaling cascades (e.g., growth factor signaling, cytokine release). As a result, a

reinvigoration of research in regenerative medicine has begun looking at oxidative

stress as a potential tuning mechanism to enhance the natural wound healing

process. In this chapter, a summary of the biological aspects of oxidative stress is

presented as well as a current state of the art approaches used in designing

biomaterials to actively participate in the oxidative stress signaling.

Introduction

Any successful regenerative medicine strategy requires the ability to effectively

orchestrate the complex wound healing process, which is classically broken down

into four distinct yet overlapping phases – immediate formation of a blood clot,

inflammation, new tissue formation followed by vascularization/remodeling of the

tissue. If any step becomes compromised (e.g., excessive inflammation), a chronic

wound environment can result, negatively impacting the regenerative outcome. As

a result, much attention has been made to the effects of cytokines, signaling

molecules, and growth factors on the wound response and using these to control
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healing. However, in addition to these agents, a parallel process of oxidative stress

has been generating growing consideration as a means of tuning wound healing. In

this chapter, a review of oxidative stress and its relationship to wound healing is

provided. This review is then followed by a summary of approaches that has been

and can be used to intervene in the reduction/oxidation (Red/ox) cycles as a way of

additional control over wound healing, providing an additional tool by which to

design novel regenerative medicine strategies.

Oxidative Stress

Under normal physiological conditions, cells maintain a balanced redox state by

evening the production and consumption of reactive oxygen species/reactive nitro-

gen species (ROS/RNS). While not fully elucidated, these ROS/RNS play an

important role in cell signaling directly via the oxidation of cysteine residues on

proteins [1] or indirectly by stimulating inflammatory signals (e.g., upregulation of

cytokines and cell adhesion molecules, CAMs) [2] and mediate cellular responses

such as differentiation, proliferation, apoptosis, and migration [3–7]. When ROS/

RNS production exceeds the cells antioxidant capacity, a degenerative pathological

state known as oxidative stress can occur, which is known to be a primary and/or a

secondary mechanism in many disease states such as hypertension [8], atheroscle-

rosis [9], ischemia–reperfusion injury [10], acute lung injury [11, 12], and aging

and neurodegenerative diseases [13, 14].

Mechanism and Chemistry

Generation of various ROS/RNS by different reactions is highlighted in Fig. 7.1.

Oxidative stress is often initiated by the generation of the superoxide anion (O2
•�)

during mitochondrial respiration or by enzymes such as NADPH-oxidase

(NADPHox), xanthine oxidase (XO), cyclooxygenases (COX), and P450 reductase.

Upon activation, NADPHox converts molecular O2 to O2
•�, which can then react

with nitric oxide (NO•) to form peroxynitrite anion (ONOO�). NO. is a diffusible

gaseous signaling molecule produced by enzyme nitric oxide synthase (NOS) and

affects vasorelaxation and platelet inhibition. Preventing the oxidation of species by

superoxide, O2
•� is enzymatically converted to H2O2 (hydrogen peroxide) by

superoxide dismutase (SOD). In the presence of the chloride anion (Cl�),
myeloperoxidase (MPO) converts H2O2 into a very potent oxidant, hypochlorous

acid (HOCl). H2O2 can also react with reduced transition metals such as Fe2+ and

Cu+ to form hydroxyl radicals (OH•) [15], which can react with polyunsaturated

fatty acid (LH) to cause lipid peroxidation and form a carbon-centered lipid radical

(L•) which further reacts with molecular oxygen to give a lipid peroxyl radical

(LOO•). A Lipid peroxidation cycle can begin LOOH reacts with Fe2+ to form lipid
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alkoxyl radical (LO•) or with Fe3+ to form LOO•. These radicals, in turn, oxidize

more lipids and propagate the cycle.

When compared with other molecules, ROS/RNS are relatively unstable, having a

very short half-life on account of their ability to react with and oxidatively damage

cellular proteins, DNA, and lipids affecting normal functioning of cells/tissue. Even

though ROS/RNS have a random destructive effect, in many conditions that are

subject to redox-sensitive pathways, production of ROS/RNS is tightly regulated with

a specific downstream target. Depending on the scenario and the enzymes involved,

ROS/RNS can be generated within the cell, in cell lipid membrane or extracellularly.

Extracellular milieu and outer leaflet of plasma membrane are the first target

of extracellular ROS/RNS attack, where as intracellular ROS/RNS damage intracel-

lular proteins and inner leaflet of plasma membrane [16]. Location of the ROS/RNS

generation should, therefore, be considered while designing an antioxidant therapy.

Antioxidants

Antioxidants are the primary way cells and tissues are able to maintain a balance in

the redox state (Fig. 7.1). Antioxidants can be classified into two major categories:

small molecule oxidant scavengers (e.g., tocopherol, glutathione, quercetin, etc.)

and antioxidant enzymes (e.g., SOD, catalase, etc.). Depending on their octanol/

water partitioning coefficient, small molecule antioxidants can either localize in

cellular cytoplasm or cellular and intracellular lipid membranes. For example,

Vitamin E (T-OH), which can partition itself in lipid bilayer, scavenges LOO. to

reduce it to lipid hydroperoxide (LOOH) and in the process forms a vitamin E

Fig. 7.1 A simplified view of the cellular generation of ROS/RNS
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radical (T-O•). Vitamin C/ascorbic acid (AscH) or glutathione (GSH) react with T-

O• to regenerate T-OH. Water soluble antioxidants such as vitamin C and GSH can

also react with cytoplasmic ROS/RNS. Small molecule antioxidants are generally

nonspecific and scavenge a variety of ROS and RNS. Also, they are well tolerated,

stable for long-term storage, resistant to complex and/or aggressive formulation

processing methods and relatively inexpensive. However, these small molecule

scavengers typically reduce free radicals and other oxidizing species in stoichio-

metric ratios, being consumed in the process [17, 18]. Hence, large sustained doses

are expected to be required to observe a significant clinical effect.

Antioxidant enzymes, on the other hand, are not consumed in reaction, allowing

a single enzyme to react with millions of copies of radicals before becoming

inactivated. For instance, catalase, which reduces H2O2 to water and oxygen, has

a turnover number of 40 million molecules hydrogen peroxide molecules degraded

per second, allowing for even small delivered amounts to have profound cellular

effects [19]. The enzyme glutathione peroxidase (GPx) can reduce lipid

hydroperoxides and free H2O2 to corresponding alcohols and water, respectively.

The redox cycle of GPx requires an electron obtained from NADPH via GSH and

glutathione reductase to catalyze the reduction of peroxides [20, 21]. Peroxired-

oxins is another class of enzymes that use either thioredoxin or GSH or both as an

electron donor to catalyze the reduction of H2O2, other hydroperoxides (e.g.,

LOOH) and ONOO� [22, 23]. Besides this high potency, antioxidant enzymes

are also highly selective, allowing for a more targeted approach to antioxidant

therapy not possible with small molecule antioxidants. However, antioxidant

enzymes are relatively fragile and expensive, limiting the set of conditions which

can be used for their formulation [24]. Further, they are prone to proteolytic and pH-

dependant inactivation, which can limit their therapeutic duration [25, 26].

Role of Oxidative Stress in Wound Healing

The complex wound healing process can be broken down into four main phases: (a)

formation of blood clot and platelet plug, (b) inflammation, (c) new tissue forma-

tion, and (d) tissue remodeling (Fig. 7.2). The immediate first step response to a

wound is to stop blood flow by initiating thrombosis. This fibrin clot serves as a

temporary seal to the wound and provides a scaffold where other cells can migrate

and proliferate. The hemostasis process is followed by inflammatory phase where

the fibrin clot acts as a pool for variety of cytokines (e.g., interleukins, interferons,

and tumor necrosis factors) and growth factors (e.g., platelet-derived growth factor,

transforming growth factor, etc.) that are released from degranulating activated

platelets and the immune cells. Chemoattractants, which include growth factors

released from the platelets and other cues like by-products of fibrin proteolysis or

peptides cleaved from bacteria, result in the accumulation of inflammatory cells

(neutrophils and monocytes) from the circulation. Also, cytokines and ROS
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upregulate expression of CAMs (e.g., CD54) which recruit neutrophils and

monocytes from circulation [16, 27].

One of the major roles of neutrophils is to combat wound infection by

eliminating the invading microorganisms (e.g., bacteria) through burst release of

oxidative species [28]. Monocytes at the inflamed wound site differentiate into

macrophages which phagocytose apoptotic neutrophils and other cellular/bacterial

debris. Macrophages are responsible for the long-term wound repair process not

only by amplifying the inflammatory response but also by initiating the growth of

new tissue. Macrophages and other inflammatory cells also release cytokines and

other growth factors that can activate fibroblasts and keratinocytes [29].

One to two days after wounding, new tissue formation begins and is marked by

migration and proliferation of various cells such as endothelial cells, fibroblasts,

keratinocytes, and inflammatory cells. Keratinocytes (in case of dermal wounds)

migrate over the injured dermis with concomitant angiogenesis to restore blood

flow at the wound site. Fibroblasts along with macrophages replace the fibrin matrix

with granulation tissue (called so due to appearance of several small capillaries)

which also serves as a substrate for keratinocyte migration and proliferation.

Macrophages activate fibroblasts to differentiate into myofibroblasts, which con-

tract the wound gradually bringing edges of the wound closer together. Fibroblasts

and myofibroblasts together also produce collagen-rich extracellular matrix which

forms bulk of the scar. The wound healing process is completed by a long phase of

Fig. 7.2 The temporal compositional changes expected at the wound site
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tissue remodeling that can last up to a year or more and is characterized by the

attenuation of all the activated processes. Many of the recruited cells (endothelial,

fibroblasts, and macrophages) either undergo apoptosis or exit the wound leaving

behind an acellular tissue mostly composed of collagen and some extracellu-

lar–matrix proteins. Matrix metalloproteinases (e.g., MMP-1 and MMP-9) that

are secreted by the cells replace type III collagen in the granulation tissue with

type I collagen [30].

ROS and RNS are involved in redox-sensitive cell signaling pathways that

induce various responses such as chemotaxis, proliferation, differentiation, etc.

and therefore oxidative stress (ROS and RNS) play a critical role in orchestration

of each of these wound healing phases [31]. A better understanding of role and

effect (both positive and negative) of oxidative stress in each of the wound healing

phases is necessary for optimal design of the therapeutic intervention strategy by

using antioxidants.

The following sections include detailed discussion of the role of ROS/RNS in the

inflammatory phase and new tissue formation phase of wound healing. Redox state

plays an important role in the hemostasis process and is reviewed in detail by

Gorlach and Sen et al. [31, 32].

Inflammation

ROS at the wound site play an important role in the recruitment/chemotaxis and the

function of neutrophils and other immune cells. Chemotaxis is the migration of

cells based on the concentration gradient cues. In a recent study with a zebrafish

wound model, it has been shown that during the initial phase of wound detection,

H2O2 gradient at low concentration (~ 0.5–50 mM) induces chemotaxis in

leukocytes [33, 34]. Experiments have also shown that the inhibition of NADPHox

within the neutrophils affected their chemotactic migration, possibly by affecting

ROS-based intracellular signaling [35]. Elevated levels of thioredoxin, an impor-

tant redox protein, in circulation inhibit lipopolysaccharide-stimulated (LPS) che-

motaxis as well as the recruitment of leukocytes induced by murine chemokine KC/

GROa, RANTES (regulated upon activation, normal T-cell expressed and secreted)

and monocyte chemoattractant protein-1 (MCP-1) [36]. Immune response to a kill a

pathogen is composed of a respiratory burst by the immune cells. Neutrophils,

phagocytes as well as other immune cells undergo respiratory burst, a rapid and

non-mitochondrial conversion of O2 to battery of ROS and RNS by the activation of

membrane-bound NADPHox via chemoattractants or other inflammatory stimuli,

to eliminate bacteria or other microorganisms that could cause an infection [37–39].

Any defect in the NADPHox system, which is critical for the respiratory burst,

results in the loss of resistance to infections [40, 41].

Leukocytes are recruited to the wound site by a variety of chemoattractants,

including fragmented extracellular matrix protein, tumor necrosis factor (TNF),

transforming growth factor b (TGF-b),MCP-1, granulocyte colony-stimulating factor
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(G-CSF), granulocyte/macrophage CSF (GM-CSF), and macrophage-inflammatory

protein (MIP). Through ROS such as H2O2 and O2
•�, oxidative stress increases the

production ofMIP-1a, MIP-2, MCP-1, CSF-1, and other chemoattractants and is very

critical in the recruitment of immune cells at the wound site [42–47]. Oxidative stress

also upregulates the production of cytokines by cells. Expression of inflammatory

cytokines expected at the wound site (e.g., TNFa, IL-8, IL-1b, and IL-6) is stimulated

by oxidative stress [48–50]. Effect of oxidative stress on expression and release of

various inflammatory cytokines is summarized in Table 7.1.

ROS and RNS are important in the functioning of immune cells. Exogenous H2O2

induces calcium release from the intracellular compartments of neutrophils increas-

ing their phagocytic activity [51]. H2O2 also modulates the respiratory burst of

monocytes and neutrophils, where low concentrations of H2O2 stimulate O2
•� pro-

duction where as higher concentrations inhibit O2
•� production [52–54]. Monocytes

and macrophages protect themselves from the respiratory burst by H2O2 triggered

Table 7.1 ROS/RNS play an important role in inflammatory phase by affecting expression and

release of various cytokines and chemoattractants

Cytokines and

Chemoattractants Source Effect of ROS/RNS Reference

MIP-1a Rat alveolar

macrophages

� H2O2 treatment induced MIP-1a
mRNA expression

[43]

MIP-2 Rat alveolar

macrophages,

rat lung epithelial

cells

� H2O2 increased MIP-2 mRNA

expression

� Quartz, TiO2, and crocidolite

asbestos particles induced

oxidative stress, resulting in

increased MIP-2 expression

[42, 46]

MCP-1 Human aortic smooth

muscle cells,

monocytes

� PDGF stimulated O2.- release

resulting in increased MCP-1

mRNA expression

� X/XO stimulated monocyte to

produce MCP-1

[44]

CSF-1 Endothelial cells � TGF-b1 stimulated macrophage

CSF via H2O2 based signaling

[47]

TNF-a Human dendritic cells,

Rat alveolar

epithelial cells

� H2O2 stimulated production of

TNF-a
� LPS induced glutathione depletion

resulted in release of cytokines

[48, 50]

IL-8 Human dendritic cells,

Rat alveolar

epithelial cells,

Monocytes

� H2O2 stimulated production of IL-

8

� LPS induced glutathione depletion

resulted in release of cytokines

� X/XO stimulated monocyte to

produce IL-8

[48–50]

IL-1b Rat alveolar epithelial

cells

� LPS induced glutathione depletion

resulted in release of cytokines

[50]

IL-6 Rat alveolar epithelial

cells

� LPS induced glutathione depletion

resulted in release of cytokines

[50]
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increase in the uptake of GSH [55]. High mobility group box-1 (HMGB1), an

endogenous pro-inflammatory cytokine, is passively released by necrotic cells or

actively secreted by monocytes/macrophages to exogenous and endogenous stimuli

such as TNF-a, IL-1, endotoxins, and interferon-g (IFN-g) [56]. HMGB1 also

mediates innate and adaptive immune responses by promoting dendritic cell matura-

tion [57]. Oxidative stress induces HMGB1 release, both actively and passively, from

monocytes and macrophages in a mitogen-activated protein kinase (MAPK) and

chromosome region maintenance (CRM1)-dependent mechanism. At nontoxic

concentrations of H2O2 (<0.125 mM), it stimulated interaction of HMGB1 with

the nuclear export factor CRM1, whereas at higher concentrations of 0.25 mM, H2O2

exhibited cell toxicity triggering active and passive release of HMGB1 [58]. Hyp-

oxia-induced HMGB1 release by hepatocytes during ischemia/reperfusion injury is

also regulated via toll-like receptor 4 (TLR4)-dependent ROS production and down-

stream calcium-mediated signaling [59].

Neutrophils and monocytes are recruited from the circulation due to their

receptivity to certain molecular signals that are expressed on the endothelial cells

as a response to the wound. Expression of surface molecular signals on the

endothelium alters as the wound healing progresses allowing for sequential recruit-

ment of different classes of leukocytes at the wound site. Initially, selectin family of

CAMs expressed on the endothelium mediate tethering of leukocytes to the vessel

wall, allowing for their rolling in the direction of the blood flow. The light adhesion

to selectins is followed by tighter adhesions and arrest mediated by b2 subfamily of

integrins. Attached leukocytes then follow directional cues from chemoattractants

using integrins for traction and then crawl across the endothelium into extravascular

space [27, 60]. Once the leukocytes leave the circulation and enter the extracellular

matrix, they interact with matricellular proteins through the b1 subfamily of

integrins. Both b1 and b2 integrins induce different signaling pathways in

monocytes which are important for their functioning (migration and phagocytocis)

and differentiation into the repairing macrophages [61].

H2O2 promotes b2-integrin leukocyte function-associated antigen-1 (LFA-1)-

dependent attachment of neutrophils to cardiac myocytes and in the presence of

exogenous chemoattractants (e.g., c5a), there is a transition from LFA-1 to macro-

phage 1 antigen (Mac-1)-dependent adhesion, resulting in prolonged attachment of

neutrophils to myocytes [62, 63]. Also, neutrophils at early stages utilize the interac-

tion of LFA-1 with intercellular adhesion molecule-1 (ICAM-1) to trigger H2O2

production without requiring chemotactic stimulation, whereas the cytokine-induced

respiratory burst of neutrophils is augmented by Mac-1-dependent adhesion of

neutrophils [64–66]. This mechanism could result in additional recruitment of

neutrophils by neutrophils whose ROS production is based on Mac-1-dependent

adherence to myocytes. Cellular redox state affects the expression of LFA-1 in

myeloid lineage, where exogenous use of antioxidants such as N-acetyl-L-cysteine
(NAC) and pyrrolidine dithiocarbamate (PDTC) suppressed expression of protein

CD11a/LFA-1a [67]. Exposure of leukocytes to H2O2 and superoxide upregulated

the expression of leukocyte adhesion molecules and promoted leukocyte–endothelial

adhesion [68].
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Mediators of inflammation (e.g., TNFa, IL-1, and IFg), including ROS, modu-

late expression of endothelial surface adhesion molecules. Both endogenously and

exogenously (as a result of attached leukocytes) released ROS from the endothe-

lium upregulates the expression of intercellular adhesion molecule-1 (ICAM-1,

CD54), vascular cellular adhesion molecule-1 (VCAM-1), and P-selectin on sur-

face of endothelial cells recruiting more leukocytes from the circulation [69–72].

Antioxidants NAC and PDTC inhibited H2O2-induced and cytokine-induced

expression of ICAM-1, respectively [73, 74].

Redox state of the cell also plays an important role in regulating chemokines and

their receptors. Antioxidants PDTC, NAC, and 2-mercaptoethanol inhibited mRNA

expression of chemokine receptors CCR2 (CC chemokine receptor-2), CCR5, and

CXCR4 (CXC chemokine receptor-4) in human monocytes. Oxidative stress induced

either by xanthine/xanthine oxidase, H2O2, or buthionine sulfoximine (a glutathione-

depleting drug) counteracted the inhibitory effects of antioxidants and increased the

expression of chemokine receptors [75, 76]. TNFa and bacterial lipopolysaccharide-

mediated inhibition of CCR5 and CXCR4 mRNA expressions was opposed by the

generation of ROS (xanthine/xanthine oxidase), which increased both CCR5

and CXCR4 mRNA expressions and cell migration (threefold) in response to

MIP-1b [75]. Homocysteine-induced stimulation of CCR2 mRNA level is also

mediated through superoxide formation [77]. Oxidative stress upregulates the produc-

tion of cytokines by cells. ROS-stimulated synthesis of IL-8 and TNFa by dendritic

cells [48]. A flow diagram of the relationship between oxidative stress and inflamma-

tion is provided in Fig. 7.3. As shown, a failure to resolve oxidative stress can lead to

chronic inflammation and, thereby, aberrant healing.

New Tissue Formation

Two to ten days after the injury, wound closure and new tissue formation starts,

which is characterized by the migration of epithelial cells and, in the case of dermal

wounds, keratinocytes. Any defect in the migration mechanism of the keratinocytes

can result in a chronic non-healing wound [78]. Insulin-like growth factor-1 (IGF-

1) facilitates cell spreading, stimulates membrane protrusion and migration of

keratinocytes [79]. IGF-1-induced signaling events are subject to redox control

and ROS-induced oxidative stress can upregulate IGF-1 action by increasing the

expression of IGF-1 and IGF-1 receptor (IGF-1R) [80–82].

Oxidative stress can induce proliferation and migration of smooth muscle cells

and epithelial cells [83, 84]. Extracellular oxidative stress activates redox-sensitive

pathways that increase Nox1-based NADPHox expression and vascular smooth

muscle cell (VSMC) proliferation [7]. Matrix metalloproteinases (MMPs) are a

class of enzymes that can degrade various components of cell–cell junction,

cell–matrix contacts, and extracellular matrix allowing different cells to migrate

across the wound to promote reepithelialization. Exogenous oxidative stress can

activate MMP-2 and MMP-9 secreted from VSMCs [85]. Cells produce MMP-1 via
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Nox4-mediated and ROS-dependent pathways [86] and sustained exposure to

ROS-induced activation of pro-MMP-2 and increased cell motility [87]. Epidermal

growth factor (EGF), transforming growth factor-a (TGF-a), and keratinocyte

growth factor (KGF) are required for the proliferation of epidermal cells behind

the migrating front [88]. ROS are capable of triggering EGF- and KGF-dependent

signaling and can also induce TGF-a in fibroblasts [31]. Fibroblast proliferation

results in a collagen-rich scar tissue (granulation tissue) along with the formation of

new blood vessels for nutrients and oxygen supply.

The importance of ROS in angiogenesis and tissue vascularization can be

inferred from the study by Roy et al. where decomposition of H2O2 by adenoviral

gene transfer of catalase resulted in impaired wound tissue vascularization [89].

Also, Nox1-induced molecular markers of angiogenesis [e.g., vascular endothelial

growth factor (VEGF)] were eliminated after coexpression of Nox1 and catalase,

indicating that H2O2 plays an important role in the angiogenic switch [90].

Oxidants not only induce VEGF expression but also play a central role in VEGF

Fig. 7.3 Initiation and propagation of oxidative stress after wounding. Failure to suppress

excessive generation of ROS/RNS could result in prolonged inflammatory phase, finally resulting

in a chronic non-healing wound. CAM cell adhesion molecules
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signaling and are discussed in detail by Sen and Roy [31]. Several small molecule

antioxidants such as GSH, vitamin C, vitamin E, and polyphenols (quercetin,

curcumin, resveratrol, etc.) have anti-angiogenic properties which suggest positive

role of oxidants in tissue vascularization [31, 91].

Role of Antioxidants in Wound Healing

Evidence of Oxidative Stress in Wound Healing

In this section, a systematic review of the various oxidants and their markers present

at the wound site is presented.

Direct Evidence of the Oxidants

As ROS/RNS are very unstable, they have a very short half-life and are present at

low concentrations, ROS/RNS detection at the wound site is difficult. Oxidative

stress is generally correlated with the actual levels of small molecule antioxidant

scavengers and antioxidant enzymes or biomarkers such as uric acid:allantoin ratio,

protein carbonyls, and 3-nitrotyrosine (3-NT) (for protein oxidation), malon-

dialdehyde, and protein bound 4-hydroxyl-2-trans nonenal (HNE) (for lipid perox-

idation), in the wound fluid and wound tissue. However, in the work done by Roy

et al., micromolar concentrations of H2O2 (150–250 mM) were detected in the

wound fluid from full-thickness murine excisional wounds using a real-time elec-

trochemical technique [89, 92]. Even though H2O2 concentration peaked during the

inflammatory phase 2-days postinjury, H2O2 was also detected in the post-inflam-

matory phase 5-days postinjury (Fig. 7.4). Superoxide production at the wound

edge tissue was also found to be much higher when compared with the normal skin.

H2O2 at lower concentration facilitated angiogenesis at the wound site, whereas at

high concentration adversely affected the healing process. The same group

also confirmed these findings in another recent study where non-invasive electron

paramagnetic resonance spectroscopy was used to measure oxidative state of

the wound site after topical application of 15N-perdeuterated tempone [93].

Concentration of oxidants at the wound site peaked during the inflammatory

phase 2-days after the injury was induced. In the same study, lower superoxide

levels were found in the wound fluid of mice deficient in Rac2, an essential subunit

of NADPHox. This low superoxide and H2O2 concentration at the wound site

correlated with poor healing response from Rac2 knockout mice. Findings of this

group suggest that low levels of ROS are important for wound angiogenesis and

healing [89, 93].
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Protein Oxidation as Marker of Oxidative Stress

Exposure of proteins to ROS and RNS results in its oxidation. Measure of carbonyl

content of protein is a commonly used method for the estimation of general

oxidative stress-mediated protein oxidation [94]. Higher protein carbonyl content

in the wound fluid/tissue as compared to plasma or uninjured tissue has been

reported. Blister fluid obtained from patients with superfacial or partial thickness

burns had 50% more protein carbonyl content as compared to normal serum, which

also correlated with reduced antioxidant scavenging capacity of the blister fluid

[95]. Traumatic brain and spinal cord injury also triggers oxidative stress causing

oxidative damage to the nearby tissue, as evident by the higher protein carbonyl

content in a rat injury model [96–98]. Wound tissue lysates of peroxiredoxin six

knockout mice had higher levels of oxidized proteins as compared to intact skin

[99]. Surprisingly, immunoblot analysis of acute wound fluids revealed higher

Fig. 7.4 Presence of ROS (H2O2 and superoxide) at the wound-site. (a) Wound fluid contains

detectable concentration of H2O2 during inflammatory phase (day 2) and at slightly reduced level

in the post-inflammatory phase (day 5). (b) Dihydroethidium (red fluorescence) as a marker of

superoxide production in normal skin (i) and 12 h wound edge tissue (ii). Superoxide production in

the wound edge tissue is much higher as compared to that of normal skin. Scale bar is 100 mm.

(Figure reproduced from [89])
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protein carbonyl content as compared to chronic wound fluid [100]. However,

analysis of wound tissue lysates could have given better understanding of redox

state at the wound site.

3-Nitrotyrosine (3-NT) and protein-bound 4-hydroxy-2-nonenal (HNE) are

other specific markers of protein oxidation by RNS (peroxynitrite) and lipid perox-

idation, respectively. Peroxynitrite can nitrate position 3 of tyrosine residues in

proteins and measurement of 3-NT accumulation on proteins provides an estimate

for protein oxidation by peroxynitrite. Oxidative damage to the tissue after spinal

cord injury to the rats was also supported by elevated levels of 3-NT [97].

Immunostaining of granulation tissue of peroxiredoxin 6 knockout mice with an

antibody against 3-NT indicated the presence of more 3-NT positive cells as

compared to the wild-type mice [99]. mRNA levels of p66Shc, also an redox

enzyme that upon phosphorylation on serine 36, can translocate into the mitochon-

drial intermembrane space and catalyze production of hydrogen peroxide, in

peripheral blood mononuclear cells of type-2 diabetic patients were significantly

higher than normal subjects and correlated with their total plasma 8-isoprostane

levels, a marker of oxidative stress [101]. p66Shc was involved in the delayed

wound healing in diabetic mice model. Deletion of p66Shc reversed the non-

healing feature and showed reduced nitrotyrosine levels in wounded skin as com-

pared to wild-type diabetic mice [102].

HNE is one of themajor products ofmembrane lipid peroxidation that can also react

with sulfhydryl groups, primary amino groups or histidine residues of proteins [103].

Protein-bound HNE is, therefore, a specific marker of protein oxidation by lipid

peroxidation. Spinal cord injury resulted in the accumulation of HNE in injured

tissue and immunohistochemical results of tissue indicated the colocalization of 3-

NT and HNE, indicating that peroxynitrite is involved in the oxidation of both

proteins and lipids [97]. Immunohistochemical result obtained by staining for HNE

at the edge of murine excisional wound indicated the colocalization of HNE with

neutrophils, suggesting that respiratory burst of the neutrophils causes lipid peroxi-

dation. Rac2 knockout mice had lower HNE level in the wound tissue further

suggesting that superoxide production by NADPHox has a major role in lipid

peroxidation [93]. Malondialdehyde (MDA) is another byproduct of lipid peroxida-

tion, whichwas found at higher levels after spinal cord injury in rats and inwounds of

hydrocortisone-treated healing-impaired rats [104, 105]. MDA levels in the wound

fluids from acute and chronic wound patients were similar, which was unexpected.

However, normalization of the MDA levels in wound fluid with MDA levels in

normal plasma/serum would have been a better biomarker of lipid peroxidation in

wounds [100].

Allantoin: Uric Acid Ratio (AUR)

Uric acid, which is generated in the human body by oxidation of purines, is found in

plasma at concentrations up to 500 mM and can acts as an antioxidant. Allantoin is a

non-enzymatic oxidation product of uric acid, and AUR could serve as a marker of
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oxidative stress [106]. Wound fluid from chronic leg ulcers had an elevated AUR as

compared to both paired plasma and acute surgical wound drain fluid. However,

AUR levels between the chronic wounds that healed and those that failed to heal

were not significantly different [107].

8-Isoprostane as Marker of Lipid Peroxidation

Isoprostanoids are prostaglandin-like compounds that are formed as a result of free-

radical-induced oxidation of essential fatty acids (primarily arachidonic acid) and

are an established marker for lipid peroxidation [108, 109]. 8-Isoprostane levels

were elevated in the chronic leg ulcer fluid compared to the acute wound fluid,

suggesting a greater oxidative activity in the chronic ulcers [110]. This also

confirms with the higher AUR in chronic ulcer fluid [107]. Even though 8-

isoprostanes are formed non-enzymatically in situ on phospholipids, there release

in to the circulation as free form is regulated by phospholipase activity (e.g., PLA2)

[108, 111]. The higher levels of 8-isoprostane in chronic wounds could possibly be

a result of increased phospholipase activity in the chronic wound. Similar to the

AUR, there was no significant difference in 8-isoprostane levels in healing and non-

healing chronic leg ulcer fluid suggesting the continuation of ROS/RNS generation

in chronic wounds [110].

As discussed in the above sections, cells use ROS for intracellular as well as

intercellular cell–cell signaling and there by switch ON/OFF different responses in

a timely manner to orchester wound healing. Two sources of ROS production at

wound site are (1) respiratory burst by immune cells and (2) ROS producing Nox/

Duox family of enzymes (e.g., NADPHox, NOS, and SOD) that are also expressed

in other cells such as endothelial cells, fibroblasts, and keratinocytes. ROS levels at

the wound site are modulated by small molecule antioxidant scavengers and

antioxidant enzymes.

Role of Small Molecule Antioxidants in Wound Healing

The importance of small molecule antioxidant scavengers in the wound healing

process is evident from the findings that the levels of antioxidants decrease post-

injury and their sustained deficiency results in an impaired or chronic wound. Small

molecule antioxidants such as glutathione, vitamin C, vitamin E (tocopherol), and

polyphenols (e.g., catechins, flavanoids, etc.) regulate redox state at wound site by

eliminating free radicals. Table 7.2 provides a summary of effect of antioxidants on

wound healing outcomes and their mechanism of action. Kamencic et al. showed

that oxidative stress caused after spinal cord injury resulted in reduced GSH levels.

Post-injury administration of L-2-oxothiazolidine-4-carboxylate (OTC), a com-

pound used to increase intracellular cysteine level required for GSH synthesis,
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elevated previously reduced GSH levels allowing tissue preservation in spinal

cord [98]. Analysis of the antioxidant status of a self-healing cutaneous wound at

different times after wounding demonstrated that the levels of small molecule

antioxidants (GSH, vitamins C and E) in injured tissue decreased by 60–70% as

compared to normal skin (Fig. 7.5) and only GSH levels were recovered completely

14 days post-wounding [112]. The same group found that glutathione and vitamin E

levels in wound tissue of aged rats were lower as compared to young rats, which

could explain the delayed wound healing observed in the aged rats. In

streptozotocin-induced diabetic rats, the 7-day wound tissue had lower levels of

GSH (in contrast to elevated levels of vitamin E) which indicates that reduced

levels of GSH could be responsible for delayed wound healing [113] (Fig. 7.5).

Fig. 7.5 Antioxidant status

of skin and 7-day wound

tissue of diabetic and non-

diabetic rats. Level of

antioxidants is lower in

wound tissue as compared

to normal skin. Reduced GSH

level in the wound tissue of

diabetic rats could be

responsible for delayed

wound healing observed

in diabetic rats. (Figure

reproduced from [113])
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Among diabetic patients with foot ulcers, the wound edge tissue as compared to

control tissue had lower levels of GSH and cysteine, whereas elevated levels of

mixed protein disulfides. Lower GSH levels were found in wound tissues of

diabetic mice as compared to non-diabetic mice [114]. Hydrocortisone-treated

immunocompromised rats also showed reduced levels of GSH, vitamins C and E

in both normal and wounded skin (2 days post-wounding) as compared to immuno-

competent rats. Seven days post-wounding, levels of vitamins C and E in wound

tissue of immunocompromised were similar to that of immunocompetent rats, but

GSH level remained depleted even after 2 weeks [105]. When rats were depleted of

GSH using L-buthionine-(S,R)-sulfoximine (BSO), an inhibitor of rate-limiting

enzyme in biosynthesis of GSH (g-glutamylcysteine synthetase), there was a

reduction in wound bursting strength as compared to untreated animals [115].

The same group also demonstrated that GSH levels are significantly lower in

ischemic skin flaps, but preconditioning enhances skin flap survival by increasing

activity of glutathione reductase and maintaining GSH levels [116]. All these

results considered together indicate that depletion of small molecule antioxidants

disturb the redox state of the wound and result in an impaired healing response.

Restoring the redox balance in the wounds by application/delivery of small mole-

cule antioxidants would be a viable strategy to improve the healing response.

Topical application of glutathione monoester (GME), a drug used to increase

intracellular GSH content, using carboxymethylcellulose (CMC) vehicle in a dia-

betic mice wound model resulted in significantly faster healing [114, 117].

Dietary supplementation of diabetic rats with palm vitamin E (70% tocotrienols

and 30% tocopherols) extract (PVE) and a-tocopherol in an excisional wound

model showed that PVE was more effective at enhancing wound healing and

inducing antioxidant enzyme levels in the wounds of diabetic rats as compared to

a-tocopherol. However, both antioxidants were able to reduce lipid peroxidation in
healing wounds, as measured by lower MDA levels [118]. The difference in the

potencies of PVE and a-tocopherol could be attributed to the higher percent

tocotrienols content of PVE or preferential pharmacokinetic distribution of

tocotrienols in skin. Orally administered tocotrienols have better distribution in

skin (15% tocotrienols distributed in the skin as compared to 1% tocopherols) and

in some conditions tocotrienols have been reported as more potent antioxidants

against lipid peroxidation than tocopherols [119–121]. Although the reasons for

impaired wound healing in diabetic mice are not completely understood, an altered

VEGF mRNA expression as a result of lipid peroxidation is one of the

characteristics of wound healing defect among diabetic mice. Inhibition of lipid

peroxidation in diabetic mice by systemic treatment with raxofelast, a hydrophilic

vitamin E-like inhibitor of lipid peroxidation, normalized VEGF mRNA expression

and secretion resulting in improved wound healing and angiogenesis [122, 123].

This effect of raxofelast was not seen in non-diabetic mice [123].

Curcumin (diferuloylmethane), a yellow pigment present in the Indian spice

turmeric, is a polyphenolic antioxidant that also interacts with several cell signaling

proteins and thereby exert its anti-cancer, anti-inflammatory, anti-angiogenic,

etc. effects [124–126]. Enhancement of wound healing by curcumin has been
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demonstrated in several studies [127]. Topical application of curcumin in full

thickness excision wound model resulted in increased cellular proliferation and

collagen synthesis at the wound site and making wound heal faster. Curcumin exerted

antioxidant effect at the wound site by decreasing lipid peroxidation (Fig. 7.6) and

topical treatment resulted in increased activity of antioxidant enzymes SOD, catalase,

and GPx [128]. Biopsies of curcumin-treated animal wounds showed increased

migration of fibroblasts, myofibroblasts, macrophages, improved neovascularization

and higher collagen deposition at wound site. Immunohistochemical, in situ

hybridization and polymerase chain reaction analysis showed an increase in

transforming growth factor-b1 (TGF-b1) levels and TGF-b1 mRNA expression,

indicating that curcumin treatment-induced endogenous production of TGF-b1 in

the wound of both diabetic and non-diabetic mice [129, 130]. TGF-b1stimulates

fibroblast proliferation and enhances fibroblast production of collagen and fibronectin,

thereby playing an important role in production of extracellular matrix [131]. TGF-b1
has also been suggested to induce epidermal keratinocytes to express integrins that

facilitate the migratory component of re-epithelialization [132]. Madhyastha et al.

have observed curcumin-induced and JNK and p38 MAPK-mediated upregulation of

urokinase plasminogen activator (uPA) gene expression and that uPA upregulation is

important in promoting fibrinolysis, matrix remodeling, and cell migration, two

mechanisms that are vital for wound healing [133, 134]. Faster wound closure and

enhanced collagen deposition in curcumin-treated wounds could be a result of

curcumin-induced TGF-b1 production and uPA upregulation. In cultured alveolar

epithelial cells (A549), curcumin suppressed H2O2-induced and TNF-a-induced NF-
kb, activator protein-1 (AP-1), and IL-8 release, exerting its anti-inflammatory

properties. In the same study, curcumin-treatment of A549 cells resulted in an

increased GSH biosynthesis and glutamylcysteine ligase catalytic subunit mRNA

expression, suggesting that antioxidant properties of curcumin do not depend only

on its free radical scavenging ability [135].

Fig. 7.6 Lipid peroxide levels in the granulation tissue of control and curcumin-treated wounds

on rats. (Figure reproduced from [128])
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Beneficial effects of vitamin C (ascorbic acid) on wound healing in humans were

reported by Ringsdorf and Cheraskin [136]. Topical application of vitamin C in an

incisional woundmodel resulted in faster wound healingmarked by reduced number

of macrophages, increased proliferation of fibroblasts and new vessels, and thicker

and more organized collagen fibers in the wounds [137]. Intraperitoneal administra-

tion of vitamin C prior to g-radiation resulted in elevated wound contraction in a

dose-dependent manner and improved healing of the wounds after whole body

exposure to g-radiation [138]. Ascorbic acid can regulate the extracellular matrix

synthesis by inducing increased collagen synthesis in human dermal fibroblasts.

Stimulatory effect of vitamin C on collagen production results from its action in

allowing normal collagen hydroxylation and restoring efficient collagen secretion

[139]. Enzymatic mechanism suggested for hydroxylation of collagen (proline

residues) occurs through a reactive iron–oxygen complex (the ferryl ion) and that

ascorbic acid is required to reduce Fe3+ formed during the reaction [140]. Long-term

treatment of human dermal fibroblasts with L-ascorbic acid 2-phosphate (AA2P), a

stable vitamin C derivative, resulted an increase in cell motility in context of wound

healing. Microarray analysis showed that AA2P treatment increased the expression

of uPA, upregulated the hyaluronan-mediatedmotility receptor which is required for

fibroblast migration in the context of wound healing and IL-6, which also promotes

cell motility and matrix remodeling during wound healing [141].

Studies with other small molecule antioxidants such as quercetin, allopurinol,

retinoids (e.g., vitamin A and tretinoin), and uric acid have shown enhanced

wound healing and improved collagen content at wound site, indicating that

scavenging free radicals has a beneficial effect on overall wound healing process

[142–145].

Role of Antioxidant Enzymes in Wound Healing

SOD

Importance of SOD in wound healing can be inferred from the finding that SOD1

deficiency resulted in a delayed wound healing response [146]. Steiling et al. have

studied spatial and temporal expression of different antioxidant enzymes during

cutaneous wound repair and found that SOD1 and SOD2 mRNA levels were

upregulated during early phase of wound repair when the oxidative burst occurs.

In situ hybridization and immunofluorescence data indicated that Cu/ZnSOD is

expressed in basal cells of the hyperproliferative epithelium at wound edge and in

the granulation tissue. SOD2 was expressed in both basal and suprabasal cells of

hyperproliferative epidermis [147]. Contrary to this data, Shukla et al. had reported

reduced activity of SOD after cutaneous injury and that SOD activity was not

recovered even after 14 days [112]. This inconsistency in the mRNA expression

and enzyme activity reported in the two studies could be a result of loss of
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enzymatic activity of SOD at wound site due to oxidative environment at the

wound site [148, 149].

Intravenous administration of SOD in an ischemic skin injury model resulted in

a reduction in edema and increased the wound breaking strength and collagen

synthesis at wound site [143]. Delayed healing in streptozotocin-induced type 1

diabetic mice was restored by a single regimen of cutaneous gene therapy of

MnSOD, marked by reduced superoxide levels, and increased cutaneous MnSOD

and NOS activity [150]. The same group also demonstrated that poor wound

healing in diabetic mice is a result of decreased MnSOD expression and activity

in endothelial progenitor cells (EPCs), which normally assist angiogenesis at

wound site. By restoring diabetic EPC function after ex vivo, MnSOD gene transfer

prior to their transplantation at the wound site resulted in an enhanced and

accelerated wound healing. Enhanced wound healing effect was also observed by

increasing the number of transplanted diabetic EPCs [151]. Also, transgenic dia-

betic mice that overexpress MnSOD or treatment of diabetic mice with SOD

mimetic corrected post-ischemic defects in neovascularization, oxygen delivery,

chemokine expression, and normalized tissue survival [152]. These results taken

together demonstrate that scavenging superoxide can correct impaired wound

healing process.

Catalase and Glutathione Peroxidase

Catalase and GPx at the wound site keep a check on the levels of H2O2 generated by

SOD from superoxide anion. Steiling et al. showed that catalase and GPx were

coexpressed along with SOD in the wound. Along with Cu/ZnSOD and MnSOD,

only the levels of selenoenzymes GPx (SeGPx) mRNA were upregulated during

early phase of wound repair where as catalase and phospholipid hydroperoxide GPx

(PhGPx)mRNA levels did not alter after injury. Like SOD, catalase and GPxmRNA

expressions were also prominent in the hyperproliferative endothelium but were

found in lower levels in the granulation tissue. Similar expression pattern of SOD,

catalase and GPx suggest that H2O2 produced by SOD is detoxified by catalase and

GPx before it could react with transition metal ions to generate deleterious hydroxyl

radicals [147]. However, Shukla et al. have shown that catalase activity in the

healing wounds decreased during the first week post-wounding and activity level

of catalase was recovered to its original level at 2 weeks post-wounding [112]. Again

as mentioned above, the discrepancy in the mRNA expression of catalase and the

activity of catalase could be a result of enzyme inactivation or translational failure to

code protein to due to the oxidative environment at the wound site.

Unexpectedly, catalase overexpression by adenoviral gene delivery impaired

wound angiogenesis, closure and slowed tissue remodeling [89]. H2O2 by itself or

H2O2 generated by the overexpression of SOD1 via gene transfer induces VEGF

expression in wound-related cells [153–155] and low concentration of H2O2 present

at the wound was important, mediating angiogenesis by upregulating VEGF expres-

sion. However, in a separate study by Alacam et al., topical application of catalase
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as a pulp-capping agent improved long-term (after 90 days) dental pulp tissue

healing in a canine injury model [156].

Peroxiredoxins

K€umin et al. studied the expression of peroxiredoxins post-injury in a full-thickness

excisional wound model and found enhanced expression of Prdx6 and moderate

increase in the expression of Prdx4 as compared to unaltered expression of Prdx1

and Prdx2 [99]. Levels of Prdx6 mRNA were highest at day 1 after injury, remained

elevated till day 7 and levels reduced back to normal skin level 14 days post-

wounding when the wound was completely healed [157]. Using an in situ

hybridization technique, it was found that in vivo, Prdx6 mRNA was highly

expressed by keratinocytes of the hyperproliferative epidermis of skin wounds,

although other cells in the granulation tissue also expressed Prdx6 mRNA [158].

Since wound healing response was associated with altered Prdx6 levels as com-

pared to other five peroxiredoxins, K€umin et al. have studied effect of Prdx6

overexpression and underexpression on wound healing [99, 159]. Although

Prdx6 knockout mice develops normally, they were found to be more susceptible

to oxidative stress injury induced by intraperitoneal injection of paraquat,

suggesting that Prdx6 aides in the regulation of superoxide-mediated oxidative

stress. Also, macrophages from these Prdx6 knockout mice had lower survival

rates against oxidative insult induced by H2O2, t-butyl hydroperoxide, and paraquat
[160]. Even though Prdx6 expression was predominant in the hyperproliferative

epidermis of skin, cutaneous injury to the Prdx6 knockout mice resulted in normal

wound epithelialization indicating that other antioxidant enzymes in these cells can

compensate for the absence of Prdx6. However, severe hemorrhage in the granula-

tion tissue of the knockout mice was observed and the extent of hemorrhage

correlated with the oxidative damage to the granulation tissue as indicated by the

presence of oxidized proteins and nitrotyrosine positive cells. At the ultrastructural

level in the wound tissue of Prdx6 knockout mice, endothelial cells appeared to be

damaged and their rate of apoptosis was also enhanced. Increased susceptibility of

cultured endothelial cells to oxidative stress after siRNA-mediated knockdown of

Prdx6 confirmed sensitivity of endothelial cells to the loss of Prdx6. Wound healing

studies in the bone marrow chimeric mice indicate that Prdx6-deficient inflamma-

tory and endothelial cells contribute to the hemorrhage observed in the granulation

tissue. This study also revealed the ROS-mediated cross-talk between

hematopoietic cells and resident cells at the wound [99]. Overexpression of Prdx6

in transgenic mice did not affect their skin morphogenesis and homeostatis.

Keratinocytes cultured from Prdx6 overexpressing mice showed enhanced resis-

tance to ultraviolet A (UVA) and menadione-induced oxidative damage. Upon skin

injury to these transgenic mice, enhanced wound closure was observed in aged

animals, suggesting that the overexpression of Prdx6 protected the skin from age-

related accumulative oxidative damage which is responsible for poor wound

healing in aged animals [159].
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“Antioxidant Materials” for Wound Healing

As described, antioxidants clearly play an important role in ROS-mediated inter-

cellular and intracellular signaling and pro-healing effects of several antioxidants.

However, suboptimal delivery of antioxidants to the wound site has complicated

their use as a regenerative medicine strategy. Antioxidants could be delivered at

wound site via oral route (or dietary supplementation), intravenously or direct

dermal application to the wound. Several studies have shown that oral administra-

tion of antioxidants has beneficial effect on the wound healing [118, 162]. However,

unfavorable pharmacological distribution of these antioxidants means that large

doses are required for the antioxidants to reach a therapeutic concentration at the

wound site, and the wound healing effect if any would be slow. Large doses of

antioxidants for prolonged period could also result in other side effects. Some

studies have found that antioxidants have no effect on the wound healing process

when administered orally. Also, oral delivery of AOE has been at best marginally

effective [24]. All these drawbacks make oral delivery a less attractive option

for wound healing applications. Direct application of antioxidants on the wound

(e.g., topical application) seems to be an easier and effective way of antioxidant

delivery to the wound site. However, direct application of antioxidants is limited by

(1) rapid clearance, (2) stability, and (3) choice of material used to deliver

antioxidants.

Loading antioxidants into a synthetic scaffold, a film, or a porous 3D network that

acts as a diffusion barrier could be used for slow and controlled release of

antioxidants from the scaffolds. Full thickness dermal wounds in rats that were

treated with curcumin and quercetin incorporated collagen films showed increased

wound reduction and enhanced cell proliferation as compared to control and colla-

gen-treated animals [142, 163]. Incorporation of curcumin in electrospun nanofiber

mats of cellulose acetate and poly(e-caprolactone) (PCL) resulted in a sustained

release of curcumin over ~ 3 days [164, 165]. Fibroblasts cultured on curcumin-

loaded PCL nanofibers showed resistance to H2O2-induced oxidative stress and

mouse macrophages cultured on curcumin-loaded PCL nanofibers reduced LPS-

induced IL-6 expression, a marker of inflammation. In a streptozotocin-induced

diabetic mice wound model, curcumin-loaded PCL nanofibers had a pro-wound

healing effect as evidenced by increased rate of wound closure [164]. Hydrogels,

three-dimensional network of hydrophilic polymers, can be used for immobilizing

antioxidant enzymes to prevent inactivation of enzymes otherwise caused by direct

application. Study by Chiumiento et al. where they loaded carboxymethylcellulose

(CMC) hydrogels with SOD and treated the rat wounds with CMC-SOD found that

CMC-SOD reduced the time necessary for wound healing. Also, CMC-SOD had a

proliferative effect on primary human fibroblasts [166].

Effectiveness of scaffold based antioxidant therapy would also depend on the

biomaterial used for the synthesis of the scaffold, since in some settings

biomaterials could themselves induce an inflammatory response from the host

tissue [167]. This inflammatory response is often the result of local accumulation
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of the polymer degradation byproducts or leachouts, inducing cellular oxidative

stress [168–171]. One of the approaches to suppress biomaterial-induced inflam-

matory response could be to conjugate small molecule antioxidants such as ascorbic

acid, vitamin E, GSH, gallic acid, catechin, etc. to the polymer (‘antioxidant

polymers’) [172–175]. Conjugation of low molecular weight superoxide dismutase

mimetic (SODm) to implanted biomedical materials such as ultra-high molecular

weight polyethylene (UHMWPE), poly(etherurethane urea), and tantalum metal

suppressed both chronic and inflammatory responses to the implants as evident by

fewer neutrophils (after 3 days), fewer foreign body giant cells (FBGCs) (after

28 days), and inhibition of fibrous capsule formation (Fig. 7.7) [176]. Also, the

incorporation of NAC in poly(methyl methacrylate) (PMMA) bone cement reduced

cytotoxicity of PMMA by scavenging free radicals and increasing GSH levels in

osteoblasts, resulting in increased bone formation with higher strength [177].

Antioxidant polymers could not only be used to improve biocompatibility, but

could also serve as a means of delivering antioxidants at the wound site. Some of

the above mentioned examples of antioxidant polymers [173, 175] are limited by

low percentage of antioxidant content as compared to the bulk material. If designed

appropriately by increasing their percent antioxidant content and controlling the

degradation rate (rate of release of antioxidants), antioxidant polymers can be used

effectively for antioxidant delivery at the wound site. In our previous work, we have

Fig. 7.7 Surface functionalization of polyethylene (PE) implants with low molecular weight SOD

mimetic (SODm) suppress biomaterial-induced chronic inflammatory response. Count of foreign

body giant cells (FBGCs) adherent to the PE implant (left) and capsule thickness (right) for the
control and SODm-treated PE implants after 28 days. (Figure reproduced from [176])
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polymerized trolox, a water-soluble analog of vitamin E, to synthesize poly(trolox

ester) with 100% antioxidant content which undergoes biodegradation to release

trolox [178]. Nanoparticles of poly(trolox ester) suppressed oxidative stress in

human U937 monocytes in an in vitro metal nanoparticle-based injury model.

Another advantage of incorporating antioxidants in polymer backbone [172, 178]

as compared to pendant conjugation strategies [174] is that it protects the antioxi-

dant from premature oxidation and allows for sustained release over longer time

periods. As a similar approach to incorporate polyphenolic antioxidants (e.g.,

quercetin and curcumin) into the polymer backbone, our lab has synthesized poly

(antioxidant b-amino esters) with varying percent antioxidant content and tunable

degradation rate [179]. Poly(antioxidant b-amino esters) chemistry can be extended

to other polyphenolic antioxidants and provides a platform to develop antioxidant

polymers with tunable degradation properties.

Conclusions and Perspective

In conclusion, the role of oxidants during the wound healing process is a result of a

complex interaction between cells, extracellular matrix, and biomolecules. The

dynamic role of oxidative stress in wound healing is evident from the fact that

excess oxidants during the inflammatory phase of healing could result in a chronic

non-healing wound, but certain level of ROS/RNS are necessary for tissue vascu-

larization. Studies with the use of a scaffold or the use of growth factors (e.g.,

PDGF) alone have not yet met success in wound healing applications [31, 180],

which indicates the necessity to modulate the wound environment at different levels

simultaneously. Since various aspects of wound-healing are redox-dependent, the

use of antioxidants to modulate redox state of the wound could provide an effective

leverage in controlling the wound healing response. Temporal control over the

delivery of antioxidants at the wound site will be a major factor in determining

the effectiveness of antioxidant therapy in wound healing.
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Chapter 8

Gecko-Inspired Tape-Based Adhesives

Woo Kyung Cho, Maria José Maio Nunes Pereira, Nora Lang,

Kyungheon Lee, Shwetha Mureli, Andreas Zumbuehl, Cathryn Sundback,

Peter T. Masiakos, David J.D. Carter, Jeffrey Borenstein, Lino Ferreira,

Robert Langer, and Jeffrey M. Karp

Abstract The next generation of surgical adhesives that are intended for internal

applications will present considerable functional and regulatory challenges com-

pared with topical adhesives that are currently available. These new adhesives must

strongly adhere to wet surfaces and remain in place until the wound is leak-proof,

while not being easily monitored. As adjuncts to current technologies such as
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sutures, staples, and tissue glue, there is a growing interest to reduce the incidence

of trauma associated with surgical incisions and suture lines. Novel approaches are

under development that can facilitate wound closure without causing excessive

inflammation, ischemia, or necrosis to the wound. Degradable tissue adhesive tapes

have recently been suggested as a potential method for wound closure/healing. One

strategy to implement this technology utilizes biomimicry to achieve high levels of

adhesion by replicating the nanotopography of the gecko’s footpad in biocompati-

ble and biodegradable elastomers. Geckos can walk up vertical surfaces because the

bottoms of their feet are covered with hierarchical fibrillar arrays which can

maximize the interfacial adhesion to surfaces. Tissue adhesion of structures that

mimic the gecko footpad can be further enhanced by applying a thin coating of a

tissue-reactive biocompatible “glue” to the nanotopographically patterned surface.

Using this two-component design, a tape-based adhesive can adapt to physiologic

mechanical forces, while remaining strongly attached to the underlying tissue and

eliciting minimal inflammatory response, eventually resorbing harmlessly without

the damage caused by removal associated with other adhesives. These strongly

adherent and minimally inflammatory biodegradable taped-based adhesives will

provide a platform for many practical additions to the surgical armamentarium.
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The Need for Tough, Biocompatible, and Biodegradable

Polymer Adhesives for Wound Closure

Mechanical wound closure is a necessary first step to wound healing. Sutures and

surgical clips prevent leaks, stop bleeding, provide an antimicrobial barrier and

ultimately permit the healing process to begin. Although sutures, staples, and glues

have been widely used for many applications, there is a significant medical need for

tough, biodegradable adhesives that can be used to close wounds or incisions that can

accommodate various mechanical deformations while remaining strongly attached to

the underlying tissue [1, 2]. These materials would be particularly useful as

replacements or support to sutures and/or could be used as patches to aid in hemosta-

sis to improve the visibility of the operative field. Furthermore, these technologies

may be useful as drug delivery patches for internal use. The potential advantages of

using these materials include reduction in operating time and increase ease of tissue

handling, and mitigation of surgical complications such as infection. Although

numerous tissue adhesives exist, presently none of them can withstand high tensile

strength nor can be rapidly applied in a tape or sheet format that matches the

compliance of underlying tissue with a programmable rate of degradation [1, 3].

Disadvantages of Current Technologies for Wound Closure

Current technologies for wound closure have been recently reviewed [4]. The

purpose of this section is to highlight the limitations associated with the main

technologies used in the clinic.

Suture and Staple

Sutures and staples represent the gold standard for wound closure. However, there

are many potential complications and drawbacks associated with their use. First,

suturing can be time consuming. Second, repaired tissue must be manipulated

before each pass of the suture’s needle which can cause wound edge necrosis.

Sutures also do not work effectively for repair of dura mater [5], urethral defects

[6], lung tissue (fluid and air leakage) [7], or nerve repair (scarring and lack of

conductions) [8]. The imprecise placement of sutures or staples may necessitate

their removal and replacement that can lead to damage of delicate tissues, and

sutures or staples may lead to scar formation [9].

Tissue Glue

Tissue glues such as fibrin and cyanoacrylate have been used to augment sutures or

staples. Most tissue glues are liquid during application and can be easily applied to
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wounds in comparison with sutures. However, they are difficult to apply to a

specific location during endoscopic procedures and it is difficult to minimize

migration of the glue away from the application site.

Fibrin glue is formed by the reaction of virus-inactivated human fibrinogen and

human thrombin. In the presence of calcium ions, thrombin cleaves fibrinogen

chains to form fibrin monomers, which then assemble to produce a fibrin clot.

Typically, physiologic fibrinolysis degrades the fibrin clot in approximately

2 weeks [4]. Fibrin glues are advantageous as they do not induce substantial

inflammation, foreign body reaction, tissue necrosis, or extensive fibrosis. In

addition to stoppage of bleeding, fibrin glues have been utilized during endoscopic

procedures for the treatment of peptic ulcers [10] and for the prevention of

anastomotic leaks during gastric bypass surgery [11]. However, the bond strength

of fibrin glue (~1.3 N/cm2) is low for many wound closing applications [4]; fibrin

glue is typically used in conjunction with sutures to reinforce repair [12].

Cyanoacrylate glue forms strong bonds with most tissues (~7 N/cm2) [4].

Cyanoacrylate is an acrylic resin that rapidly polymerizes in a heat-generating,

exothermic reaction in the presence of water or a weak base. Cyanoacrylates are

potentially useful in many surgical procedures because they form strong bonds to

tissue under wet conditions. However, the clinic use of cyanoacrylates has been

limited because of the possible thermal damage to underlying tissues during

polymerization and due to concerns related to the cytotoxic (or histotoxic)

properties of the glues and their degradation by-products. The cyanoacrylate

monomers with short alkyl chains (i.e., ethyl-2-cyanoacrylate) can be toxic either

directly or through their degradation products, which include cyanoacetate and

formaldehyde [13] If these by-products accumulate in tissues, significant

histotoxicity occurs, characterized by both acute and chronic inflammation. Conse-

quently, most uses of cyanoacrylates have not been approved by the FDA, despite

widespread application in thoracic, gastrointestinal, neurologic, cardiovascular,

ophthalmologic, and vascular surgeries [14].

In an attempt to decrease cytotoxicity, the degradation rate of cyanoacrylate was

slowed by incorporating monomers with longer alkyl chains such as n-butyl-2-
cyanoacrylate and 2-octyl cyanoacrylate (Dermabond™). Cytotoxicity and

histotoxicity was still observed, particularly in well-vascularized soft tissues [13].

The undesirable inflammatory response to cyanoacrylate and its degradation

products continues to limit their clinical use.

Biocompatible and Biodegradable Tape-Based Adhesive

In addition to sutures, staples, and glues, tapes have been shown to be effective for

closure of skin wounds and are often the preferred alternative [15, 16]. In a study in

which 5-mm trocar closure sites were sealed with vicryl sutures, cyanoacrylate

glue, or skin tape, patients preferred either sutures or tape over cyanoacrylate glue,

both in terms of wound appearance and minimization of pain. The cyanoacrylate
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glue negatively affected wound healing and led to greater scar formation [16].

Tapes for skin wound closure may eliminate tissue strangulation, needle puncture

marks, and suture canal scarring as well as lead to lower rates of infection and tissue

morbidity [15]. Tapes may reduce operating time as tapes can be applied signifi-

cantly faster than glues [17].

In addition to the external application described above, biocompatible and

biodegradable tissue-compliant adhesive tapes have been suggested for internal

applications [18] to address the disadvantages of current methods for wound

closure. Similar to external use applications, tape-based adhesives may reduce

operating times and enhance tissue handling. In addition, tape adhesives could be

used internally as a patch to aid in hemostasis and as replacement or support for

sutures that are difficult to manipulate during laparoscopic or microscopic

procedures. Adhesive tapes may also be useful as an internal equivalent of a

transdermal drug delivery patch.

Currently Used Tapes or Films for Internal Uses in Clinic
and Their Disadvantages

Adhesion Barriers

Postoperative intra-abdominal and pelvic adhesions are associatedwith complications

including small bowel obstruction, difficult and dangerous reoperations, chronic

pelvic pain, and infertility. It was reported that the incidence of postoperative adhesion

ranges between 55 and 95% after abdominal or pelvic surgery [19]. To prevent

adhesions, barrier films such as Seprafilm (Genzyme, Cambridge,MA) can be applied

between manipulated tissue layers before the incision site is closed. Seprafilm is a

clear film composed of sodium hyaluronate and carboxymethylcellulose. It will attach

strongly to any tissue it touches and is resorbed over 7 days. While in place, Seprafilm

acts as a physical barrier to separate traumatized tissue surfaces, preventing them from

adhering to one another while the tissue surfaces to be healed [20]. Seprafilm has been

used to seal retinal tears, permitting migration of retinal pigment epithelial cells [21],

and to prevent peridural fibrosis during spinal surgery [22]. This barrier product has

been shown to decrease the incidence and extent of adhesion formation in women

undergoingmyomectomy [23]. However, the film is brittle, must be accurately placed

as it cannot be moved once applied and cannot be used laparoscopically [24].

Seprafilm also lacks sufficient tensile strength for use as an adhesive to seal holes in

tissue and to prevent dehiscence.

Meshes for Hernia Repair

Hernias are fascial defects through which internal structures can pass. To repair a

hernia appropriately, a tension-free repair is sought. Sutures and synthetic meshes
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have been commonly used in the clinic to fix hernias with great success, albeit with

specific complications associated with their use (pain from inflammation and

recurrence). Hernias may be treated by a standard open surgical approach or

laparoscopically: a preperitoneal prosthetic mesh is applied over the hernia creating

a tension-free repair [25, 26]. The mesh is fixed in place using metal staples or tacks

to prevent graft displacement or hernia recurrence [27]. However, the metal staples

or tacks can cause numerous complications including nerve damage, sensory nerve

entrapment with neuralgia [28], bleeding and hematomas, and chronic unexplained

groin pain [29]. To replace the staples or tacks, alternatives have been investigated

including fibrin sealant [30]. The meshes for hernia repair are typically made of

non-biodegradable polypropylene, polyester, polytetrafluoroethylene, and compos-

ite material [30]. There is a growing interest to replace permanent prosthetic

implants with biodegradable synthetic materials or biological-based materials.

The ideal mesh should be capable of conforming to the abdominal/inguinal wall,

be resistant to physical manipulation, and be capable of resisting mechanical forces

exerted by underlying or surrounding tissue. It should also not adhere to

surrounding tissue, should gradually be remodeled overtime, and should not shrink

upon implantation [31].

Although numerous tissue adhesives exist, presently none of them have suffi-

cient tensile strength to close a hernia defect or are able to be rapidly applied in a

tape or sheet format that matches the compliance of underlying tissue with a

programmable rate of degradation [1, 3]. Ideally, a tissue adhesive should provide

the following properties: (1) biocompatibility and biodegradability, (2) mechanical

compliance with underlying substrate (i.e., the tissue), (3) strong adhesion under

wet conditions, (4) minimal inflammatory response, (5) ability to form a water tight

seal, and preferably, (6) the ability to direct the formation of reparative tissue during

wound healing. However, a paradox exists: namely, strong tissue adhesion typically

requires highly reactive chemistry that also promotes an intense inflammatory

response. This significantly limits the potential medical applications of strongly

adherent tissue glues.

New Concept from Nature

Bioinspiration or biomimetics has become an important field to help overcome

barriers when developing technology to address unmet needs. For example, the

exquisite silica structure generated under inherently mild physiological conditions

in diatom and sponges has provided a new route to cost-effective and low-energy

fabrication of inorganic films [32]. Work to understand and mimic (or making an

exact copy of the natural substrate [33]) the super-hydrophobic properties of lotus

leaves have evolved into self-cleaning surfaces for windows or painted surfaces and

for transporting fluids within microfluidic devices [34–36]. During the past decade,

geckos, a type of lizard, have been studied as part of an effort to develop dry

adhesives by mimicking the gecko’s amazing ability to attach to vertical surfaces
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and support its body weight [37, 38]. The gecko is not only able to attach to smooth

and vertical surfaces, but also able to walk upright, and even cross indoor ceilings

with ease. Interestingly (and importantly), the adhesion of gecko is both strong and

reversible. This extraordinary ability arises from the unique structure of its footpad,

which is composed of nearly 500,000 keratinous hairs called setae [39, 40]. The tips

of setae contain hundreds of smaller hairs called spatula with typical diameters on

the order of a few hundreds of nanometers. The adhesion mechanism of gecko’s

footpad is discussed below.

Adhesion Mechanism of Gecko’s FootPad

A clear understanding of the adhesion mechanism of the gecko’s footpad presents a

major challenge as there are at least 11 components for the forces between two

narrow-gapped surfaces [41] and the componential forces including ionic bonding,

covalent bonding, van der Waals forces, and capillary forces rarely exist individu-

ally in nature. However, from the remarkable work of several research groups,

contact line splitting [42, 43], van der Waals interactions [40, 44–47], and capillary

forces [45, 48] have been shown to be dominant components contributing to the

adhesion of a gecko’s footpad.

From the hierarchical structure of a gecko’s footpad, it would seem counter-

productive to have a patterned interface because hierarchical patterning reduces

the overall contact area compared with a smooth surface of the same projected

area. Interestingly, the total contact line for a patterned interface, defined by the

sum contribution of each setae, can be significantly greater than that of a smooth

interface. The contact line per interfacial area relationship is critical for maxi-

mizing the adhesion. For example, for a triangular piece of scotch tape, it is more

difficult to peel the tape from the base of the triangle than it is from the tip,

even though the area is constant. The difference between these two cases is the

length of the contact line that is being peeled at the interface. This can also be found

in nature [49].

As shown in Fig. 8.1, the setae diameter decreases as the mass of the animal

increases. Both the reduction in setae diameter and an associated increase in setae

density may result in an enhancement in the adhesion at the interface. Van der Waals

forces and capillary forces lead to levels of adhesion on the order of 1–10 N/cm2 and

are typical values for most interfacial surfaces [40]. Additionally, the hierarchical

micro- and nano-design increases the mechanical compliance of the footpad and

permits the gecko foot to conform and adhere to surfaces with various roughness.

This can increase the interfacial contact to enhance van der Waals/capillary forces,

producing an increase of contact line splitting. Herein, the contribution of each force

to the gecko adhesion is described below.
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Van der Waals Force

Van der Waals forces, which include attractive or repulsive forces between atoms,

molecules, and surfaces, are known to be one of the weakest intermolecular forces.

However, significant numbers of spatulae (by some estimates over 1 billion on the

footpads of a single Tokay gecko) facilitate significant van der Waals forces to

sustain the gecko’s body weight through large surface contact area [44]. The

fibrillar structure of a gecko’s footpad can thus be a useful system to mimic to

develop dry adhesives.

Van der Waals forces between a planar substrate and a circular planar spatula

and circular curved spatula of radius R are described as follows [52]:

Fvdw ¼ AR2

6D3
;Fvdw ¼ AR

6D2

The first equation describes van der Waals forces between a planar substrate and

circular planar spatula, and the latter equation shows van der Waals force between

the planar substrate and circular curved spatula, where A is the Hamaker constant,

D is the gap distance between two surfaces, and R is the radius of circular planar

spatula. In addition to these equations, the adhesion force can be a function of the

spatula geometry of gecko’s foot, therefore, van der Waals adhesion force in the

gecko setae can be described by adapting a useful theory of adhesion such as

Johnson–Kendall–Roberts (JKR), Maugis-Dugadale and the Derjaguin-Muller-

Toporov models, which are known as the approximated models to describe the

adhesion force of a single elastic spatula. All of these models assumed the profile of

tip shape as z ¼ r2=R, where z is the height or sphere, and r is the planar radius of tip

Fig. 8.1 FE-SEM images of the terminal elements (indicated as circles) in animals with hairy

design for attachment pads. Generally, heavier animals exhibit finer terminal pads [49]. Reprinted

with permission from ref. [49]. Copyright (2003) National Academy of Sciences, USA. Interest-

ingly, it has been argued that when some of setae are buckled, the contact area cannot be uniform,

resulting in the reduction of adhesion force. In this case, hierarchical fibrillar structures might

produce lower adhesion than that of flat surface [50, 51]
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cross-section. However, for the cylindrical spatula having hemispherical tip with

diameter 2R, the profile of the hemispherical tip should be described by a function

z ¼ R�
ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
R2 � r2

p
when the tip is in contact with smooth surface. In this case, the

theoretical strength of the van der Waals interaction (s0) is dominant factor for the

van der Waals adhesion strength. The pull-off force (PC) for a single hemispherical

tip shape spatula can be calculated as follows [52]:

PC ¼
Z R

0

2prs dr

Moreover, the deformability of hemispherical spatula should also be considered

to calculate the pull-off force through van der Waals interaction. If the end shape of

the tip is not a deformable spatula, the following equation, which is based on

Dugdale interaction law [53], may be useful.

PC

pR2s0
¼ 2� � �2 �<1

1 �� 1

�
;

where � ¼ Dg= Rs0ð Þ. When � is smaller than 1, the radius of spatula is smaller than

the ratio of the van der Waals interaction energy (Dg) to theoretical strength of the

van der Waals interaction (s0). Then, the maximum adhesive strength is limited

from the described theoretical strength and it should be less than the theoretical

maximum value. And when � is larger than 1, the radius of spatula is small enough

to obtain the maximum theoretical strength. The adhesion force of the deformable

spatula can be evaluated using numerical approaches such as Lenard–Jones type

interaction law [53], which can be used to calculate the pull-off force between an

elastic spatula and a rigid substrate.

These theoretical approaches enable a calculation of the maximum adhesion

force of a spatula having a hemispherical tip through van der Waals interactions.

However, there is always the presence of sites of stress concentration at certain

points when two real surfaces are in contact. Because of this stress concentration,

the adhesion force can be decreased, and thus the theoretical maximum adhesion

may be different from the true maximum adhesion force [49]. The theoretical

maximum adhesion strength by van der Waals force can be achieved only at the

atomic level. Theoretical approaches to determine the adhesion force from the

spatula of a gecko require optimization and are a subject of intense research.

Capillary Force

Capillary forces are considered as one of key mechanisms contributing to gecko’s

adhesion force. The general equation for the capillary force between a sphere of

radius R and a flat surface is [52]

F ¼ 2pRgL cos y1 þ cos y2ð Þ;
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where y1 and y2 are the contact angles on each surface, and gL1 is the liquid/vapor
surface tension. However, the capillary forces generated by the gecko’s spatula

depend on the relative humidity, which is a critical element in determining capillary

force in a real-world environment. For example, at 90% relative humidity liquid

bridges between fibrillar structures may be generated, and capillary forces can be a

dominant factor for the gecko’s adhesion force. Because of the complexity of

capillary condensation at different levels of humidity, many research groups have

studied the adhesion of the gecko structure in the presence of small amounts of

water through controlling environmental humidity (Fig. 8.2) [48]. The total adhe-

sion force by capillary forces can be described as:

F ¼ Fdry 1þ rg
Awet

Adry

� �
� Fdry 1þ 1:22Hg

ffiffiffiffiffiffi
Aw

As

r� �
;

where g ¼ f 0=f is a geometrical factor. f is assumed to be the true fraction of the

spatula that contact directly with surface, f 0 is in contact with the substrate through a
monolayer of water, Awet and Adry are the Hamaker constants with and without a

monolayer of water. Assuming the liquid (e.g., water) is in thermal equilibrium with

the vapor phase, the relative water coverage r is:

r ¼ H

H þ expð�E=kBTÞ � H exp
E

kBT

� �
� 1:22H;

Fig. 8.2 Spatular pull-off forces on glass and N-phob (hydrophobic surface) vs. humidity at

ambient temperature. The straight line corresponds to the calculations of previous equation the

increase Dhin water-film thickness on a Si wafer with increasing humidity as measured by

ellipsometry [48]. Reprinted with permission from ref. [48], Copyright (2005) National Academy

of Sciences, USA
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where H is the humidity, E is absorption energy for a wet surface. E is generally

much less than kBT at room temperature.

Recently, some research groups have attempted to determine the adhesion forces

between a hemispherical tip end and a flat surface. For example, Wanxin et al.
calculated the adhesion force between a hemispherical surface and flat surface as a

function of relative humidity [41]. The magnitudes of van der Waals forces and

capillary forces are inversely proportional to each other as a function of relative

humidity (Fig. 8.3). Specifically, the dry adhesion force depends on the relative

humidity of the environment. It is critical to consider that capillary forces and van

der Waals forces may not be beneficial, if the surface is submerged under water, as

is often the case with application of adhesives to tissue.

Contact Line Splitting Mechanism

Although strong evidence exists that both van der Waals forces and capillary forces

contribute to the adhesion of the gecko’s foodpad, the magnitude of the measured

adhesive force is not fully accounted for from these contributions. Contact line

splitting at the interface has been suggested as another contributor to the gecko’s

adhesion. The contact line splitting refers to the contact line per interfacial area that

Fig. 8.3 Computer simulation of the adhesion forces between a silicon nitride sphere with the

radius R of 15 nm and mica, at relative humidity varied from 0.10 to 0.95. The contact angles of

Si3N4 and mica are 60 and 0o, respectively. The simulation configuration is shown in the inset [41].

Reprinted with permission from ref. [41]. Copyright # (2005) Elsevier
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affects the magnitude of adhesion force. Based on van der Waals forces, the general

equation of peel-off force of the interfacial contact area is described with the

following equation [42, 43].

Ps ¼ Gcws:

where Ps is peel-off force for a single spatula, Gc is interfacial energy, and ws is the

width of the contacted interface. However, if the whole close-packed and patterned

area is peeled off simultaneously, the width of the interfacial area increases as the

number of patterns increases. Thus, peel-off force also increases. Because the tip

shape of spatula determines the contact line between surface and spatula, the peel-off

force is also influenced by the shape of spatula tip. When tips of surface structures are

flat, the total peel-off forces from n structures (Pn) are described as [42]:

Pn ¼ n1=4Ps:

If the tip end is spherical with radius of curvature R, the JKR model can be

applied:

Pn ¼ n1=2Ps;

where n is the number of patterns on the contact line. Additionally, not only the

interfacial energy dissipation but the 3D geometry of the patterned interface also

serves an important role. Contact area conformability can be manipulated by aspect

ratio: higher compliance is obtained by patterns with higher aspect ratios. Control-

lable conformability may be useful to design tape-based tissue adhesives which

make good contact with tissue.

Fabrication and Characterization of Gecko-Inspired

Nanopatterns

Synthetic gecko patterns have been fabricated in a variety of polymers through

many different top-down fabrication techniques including contact lithography [58],

nanodrawing [54], photolithography followed by etching [55], micro/nanomolding

[56], or nanocasting using vertically aligned multiwalled carbon nanotubes [57].

The merit of top-down approaches is the inherent ability to generate patterned

surfaces with highly defined feature length scales. In the application of these

approaches for developing tape-based adhesives, such techniques are particularly

attractive since they are capable of generating solid-state devices that can be placed

with greater accuracy (i.e., glues may leak into unwanted regions). Additionally, the

fibrillar design of gecko’s footpad can be mimicked in polymeric materials to

enhance mechanical compliance for the interface and therefore provides good
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conformability to a variety of surfaces. This enhancement in compliance can

improve contact with surfaces having various degrees of small-scale roughness

and large-scale curvature.

Despite the growing interest in developing gecko-inspired adhesives, the

reduced adhesive strength of single gecko setae to wet surfaces has shown that

the adhesive strength of the gecko surfaces depends on the hydrophobic and

hydrophilic nature of substrates and that wet adhesion strength is significantly

lower than dry adhesion [58, 59]. This observation is not surprising given the nature

of the adhesive contributions of the setae interface (van der Waals and capillary

forces) and their likely interaction with water rather than the substrate of interest (or

blood in the case of medical adhesives). Furthermore, only a few adhesive

structures have been optimized for a wet tissue-like environment. Important work

from P. Messersmith’s group, for example, has led to a synthetic gecko adhesive

that is effective under water with reversible, non-covalent bonding to inorganic

surfaces [60]. The bond strengths of gecko-inspired adhesives are typically

evaluated through sub-micron atomic force microscopy (AFM) measurements

which provide evidence for adhesion strength of different pillar geometries [60].

However, it is difficult to accurately predict the large area adhesion strength of

arrays of millions of nano- or micropatterns from single pillar measurements: the

scaling of single measurement by the area of array assumed the perfect contact of

all pillars with target surface, however, the contact of the array with target surface is

rarely perfect. In addition, AFM measurement could not consider the stress con-

centration and interaction between lots of nanopillars and the backing structure.

Unlike the gecko-inspired dry adhesives created to date (and the reversible adhesive

mechanism the gecko uses for locomotion), adhesives formedical applications require

strong irreversible bonds to organic substrates to avoid disruption by the movement of

underlying or nearby tissues. Thus, it may be more appropriate to consider a gecko

“inspired” medical adhesive than a gecko “mimicking” adhesive given the need for

additional mechanisms that are not required for gecko adhesion to dry surfaces.

Additionally, translation of existing gecko-inspired adhesives formedical applications

is complex as multiple parameters must be optimized, including: biocompatibility,

biodegradation, strong adhesive tissue bonding, as well as compliance and

conformability to tissue surfaces. Ideally, these adhesives would also have the ability

to deliver drugs or growth factors to promote healing.

Development of Biocompatible and Biodegradable Elastomers
with Controllable Mechanical Properties

For the development of a tape-based tissue adhesive, it is critical to consider the use

of materials that possess properties such as biocompatibility, biodegradability, and

tissue compliance [61]. Elastomers may be useful substrates to enable achievement

of these requirements.
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Elastomers

Current trends and needs in the biomedical field are stimulating the development

of new biodegradable polymeric materials. Given the softness of most tissues,

materials which can mimic their mechanical properties, are essential in

applications where tissue compliance is a design criteria [62]. Hence, “rubbery”

materials, also called as “elastomers” have emerged in the medical field. Synthetic

elastomers have been used for medical applications since vulcanized natural

rubber was introduced in medical devices (e.g., surgical gloves, tubing, catheters,

balloons, etc.) [63]. The characteristic property of such materials is their

“viscoelasticity”: they exhibit both viscous and elastic characteristics and are

able to recover to their initial size/shape while undergoing mechanical stresses

[62]. Elastomers have been widely used in the medical field as they can provide

mechanical compliance to different tissues and are able to facilitate regeneration of

host neo-tissue [64].

Structurally, elastomers are polymers predominantly developed from hydrocar-

bon chains with several thousand chemical repeating units, called monomers which

are linked together by covalent bonds [65]. The carbon bonds that are present within

their backbones contribute to the flexibility of the elastomer. A physical parameter

of elastomer elasticity is given by the “glass transition temperature (Tg).” For most

elastomers, the critical glass transition temperature is below room temperature

which maintains their soft, pliable, and flexible properties at body temperature

[66]. A common example of a commercial elastomer is polydimethyl siloxane

(Tg ¼ �125�C), which in addition to elasticity has a low interfacial free energy

that facilitates micro- and nanomolding, and good chemical and thermal stability.

Some of the currently used biodegradable elastomers and their mechanical

properties are provided in Table 8.1 along with the mechanical properties of

relevant tissues [62].

Synthesis and Mechanical Properties of Elastomers for Tape-Based

Adhesive Applications

The mechanical compliance of elastomers with various tissues make them attractive

materials for tape-based tissue adhesives as they potentially can withstand repeated

mechanical stress without failure and without interfering with the dynamics of the

surrounding tissues [67]. Among degradable elastomers, in addition to degradable

poly(urethane) materials, poly (glycerol sebacate) (PGS), and its derivatives have

become one of a few well-established materials that have shown significant potential

in the field of regenerative medicine, given its biocompatibility, biodegradability, and

ease of processing [68–70].
PGS was first synthesized by Langer and coworkers in 2002 by the polyconden-

sation of glycerol and sebacic acid, two endogenous monomers (Scheme 8.1).

Therefore, its degradation products are likely metabolized by the human body

thereby reducing potential cytotoxic effects [72].
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Table 8.1 Mechanical properties of biodegradable elastomers and natural tissues

Tensile stress

(MPa)

Young’s

modulus (MPa)

Elongation

(%)

Degradation

(months)

Elastomers

Poly(e-caprolactone) 20.7–34.5 0.21–0.34 300–500 >24

Poly(3-hydroxybutyrate) 36 2,400 3 24

Poly(4-hydroxybutyrate) 50 70 ~1,000 2–12

Copolymers of 3-hydroxybutyrate

and 3-hydroxyvalerate

25 – 20 10% HV

Copolymers of 3-hydroxybutyrate

and 3-hydroxyhexanoate

21 – 400 10% HHx

Poly(3-hydroxyoctanoate) 45.1 10.4 198 –

Poly(glycolic acid) 70 6,900 <3 1.5

Poly(L-lactic acid) 28–50 1,200–1,700 6 16–60

Poly(glycolid-co-caprolactone) <1 – 250 >1.5

Poly(trimethylene carbonate-

co-caprolactone) (10:90)

23 140 7 <11

Poly(trimethylene carbonate-co-D,

L-lactide) (20:80)

51 1,900 7 <11

Poly(trimethylene carbonate-co-D,

L-lactide) (50:50)

10 16 570 <11

Poly(glycerol sebacate) >0.5 0.282 >267 1

Poly(1,8-octanediol-co-citrate) <6.7 0.92–16.4 265 Variable

Natural tissues

Ulnar cadaveric peripheral nerve 0.5–0.6 – 8.21 –

Human inferior cava vein 1.17 – 84 –

Human ascending aorta 0.069 – 81 –

Rat abdominal aorta 0.4 0.17 – –

Porcine aortic heart valve (radial) 1.4 6.4 134.8 –

Porcine aortic heart valve

(circumferential)

8.3 44.7 48.7 –

Bovine elastin – 1.1 – –

Collagen fibers – 100 50 –

Smooth muscle relaxed – 0.006 300 –

Smooth muscle contracted – 0.01 300 –

Cartilage 24–112 65–541 – –

Trabecular bone 0.15–116.4 1–9,800 – –

Cortical bone – 23.8 – Tibia, wet

bone

Reprinted with permission from ref. [62]. Copyright (2010) Wiley-VCH

Scheme 8.1 Synthesis of poly(glycerol sebacate)



Though the majority of Food and Drug Administration (FDA) approved

products containing degradable materials are based on stiff materials such as poly

(lactic acid) (PLA) and poly(glycolic acid) (PGA) [62], PGS offers a broad and

tunable range of mechanical properties and degradation in vivo. PGS is highly

elastic and its Young’s modulus (0.282 � 0.0250 MPa) lies in the range of soft

tissues properties [71]. In addition to its ability to elicit a minimum inflammatory

response in vivo and facilitate the growth of host neo-tissue, the tunable mechanical

properties of PGS are critical in making it suitable for a variety of clinical

applications. Nevertheless, PGS synthesis presents a number of shortcomings for

certain applications, including the need for use high temperatures, intense vacuum,

and long curing times. For example, it cannot be directly polymerized on tissue, and

due to high temperatures required for synthesis, temperature-sensitive molecules or

cells cannot be easily incorporated into it. Therefore, there was a need to develop a

PGS elastomeric derivative, synthesized through less harsher conditions, but which

could maintain the excellent properties of PGS.
Amethod that has been practiced widely for fast and simple polymer cross-linking

is to utilize free-radical polymerization to synthesize a photocurable version of a

desired pre-polymer. Hence, an acrylated form of PGS, poly(glycerol-co-sebacate)
acrylate (PGSA) was synthesized (Scheme 8.2) [72]. This material can be cross-

linked after UV exposure through photo-induced free radical polymerization [72].

Depending on the degree of acrylation (DA) in PGSA, a broad range of

mechanical (Young’s modulus and ultimate tensile strength) and degradation

properties can be obtained. Other parameters that can potentially determine the

final characteristics of the material are the curing times and the molecular weight

of PGS pre-polymer. Importantly, the mechanical properties of the material vary

linearly with DA. As shown in Fig. 8.4, tensile tests demonstrate control of the

Young’s modulus from 0.05 to 1.38 MPa, ultimate strength from 0.05 to 0.50 MPa

and elongation at break between 42 and 189%, thereby affirming that the material’s

mechanical properties may be tailored according to the needs of the desired

applications [72].

In vitro biocompatibility studies of photocured PGSA shows that it is highly

supportive of cellular attachment. Viability assays were performed to confirm that

the cells remained alive and their proliferation capacities were not compromised

due to the presence of PGSA [72]. Given its elastic properties, tunable mechanical

properties, and easy processing for micro- and nanomolding, PGSA may be a useful

material for the development of tape-based adhesives [18].

Scheme 8.2 Acrylation of the PGS prepolymer yielding PGSA

210 W.K. Cho et al.



Fabrication of Gecko-Inspired PGSA Adhesives
and Their Tissue Adhesion

It is critical to consider that strong tissue adhesion typically requires highly reactive

chemistry that also promotes an intense inflammatory response. This significantly

limits the potential medical applications of strongly adherent tissue glues. As an

alternative, a textured surface design may be used to increase the surface area of

contact of the reactive adhesive interface with tissue. Through increasing the

surface area of contact, the approach to use gecko-inspired nanopatterns could be

effective in reducing the reactivity of the chemistry required to achieve strong

tissue bonding without promoting an intense inflammatory response. It was

postulated that the patterned surface may be useful to enhance adhesion through

mechanical interlocking with the underlying compliant tissue substrate.

To develop a general platform for biocompatible tissue adhesives that can be

manufactured with a variety of materials (and is amendable to temperature sensitive

drugs for drug delivery applications), PGSA was used. The fabrication procedure to

manufacture the PGSA tissue adhesiveswas based on replicamolding that avoids high

temperature and harsh chemical conditions. Replicamolding is an efficientmethod for

the duplication of structural information present in mold [70, 71]. UV or thermally

curable polymers, as long as they do not contain solvent, usually have a shrinkage of

less than 3% on curing, and therefore, the cured polymers can have almost the same

surface topography as the mold [73]. To make gecko-inspired nanopatterns by replica

molding, firstly, several silicon templates with different geometries were prepared by

using photolithography and reactive ion etching. PGSA polymer solution was cast on

silicon templates with nanosized cavities, without using high vacuum, and cured by

UV light at room temperature for 5 min. By peeling-off the cured PGSA films,

polymeric nanopatterns were obtained (Fig. 8.5a). To determine the effect of pattern

dimensions on PGSA adhesionwith tissue, pillar arrays were fabricated in PGSAwith

tip diameters ranging from� 100 nm to 1 mmand pillar height from � 0.8 to � 3 mm

Fig. 8.4 Stress–strain curves of photocured PGSA elastomer [72]. Reprinted with permission

from ref. [72]. Copyright (2007) American Chemical Society
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Fig. 8.5 Development of biodegradable synthetic gecko patterns. (a) Nanomolding of the PGSA

prepolymer is accomplished by photocuring the prepolymer under UV light followed by removal

of the pattern and subsequent spin-coating of oxidized dextran on the surface of the pillars.

Scanning electron microscopy (SEM) demonstrated excellent pattern transfer and fidelity. (b)

Gecko patterns having different pillar size and center to center pitch were developed as illustrated

by the SEM images. Pillar dimensions were measured by using optical profilometry as represented

by the bar graphs, with red representing the height of pillars; black, the center to center pitch; light
gray, diameter of pillar base; and dark gray, diameter of the tip. (Small and large scale bars, 1 and
10 mm, respectively.) (c) Adhesion trend of the longest pillar heights (2.4 mm) shows adhesion of

nanopattern with respect to flat polymer as a function of ratio of tip diameter to pitch. R2 value of

linear fit is 0.99. (d) Adhesion trend of the patterns is plotted as a function of ratio of tip diameter to

base diameter of pillars. R2 values of linear fit for the low- and high-pitch patterns are 0.96 and

0.99, respectively. Reprinted with permission from ref. [18]. Copyright (2008) National Academy

of Sciences, USA
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(Fig. 8.5b). The adhesive strength of PGSA patterned surfaces to tissue was evaluated

using porcine intestinal tissue. Shear or sliding forces were measured to mimic the

potential shear forces between the adhesive and underlying tissue after surgical

placement [74]. The adhesion strength of nanopatterned PGSA surface was nearly

two-fold higher than that of flat unpatterned PGSA (Fig. 8.5c, d).

The tissue adhesion strengths of PGSA nanopatterns were also tested as a

function of tip diameter to pitch length for the patterns with the highest pillars,

2.4 mm. As shown in Fig. 8.5c, tissue adhesion increases as the ratio of tip diameter

to pitch decreases. To prove the importance of pillar geometry on adhesion inde-

pendently of pillar height, tissue adhesion was measured as a function of ratio of tip

diameter to base diameter. As demonstrated in Fig. 8.5d, an increase of this ratio

leads to a decrease in adhesion. Pitch was also important parameter for tissue

adhesion. A decrease in pitch leads to a decrease in overall adhesion and an even

sharper decrease in adhesion strength with increasing ratio of tip diameter to base

diameter of the nanopillars (Fig. 8.5b). Of the patterns tested, pattern 9 provided the

highest tissue adhesion.

Surface Modification of PGSA Gecko Patterns

for Enhanced Wet Tissue Adhesion

The gecko-inspired/mimetic adhesives including PGSA nanopillars are valuable in a

variety of applications where adhesion reversibility and absence of glue residues

after peeling are important. However, the direct translation of gecko-inspired adhe-

sive efficiency to a wet environment has been a difficult task. For example, the

maximum tissue adhesion achieved by PGSA nanopatterns was ~0.3 N/cm [2],

which was not strong enough for clinical application. Van der Waals forces, one

of the main adhesion mechanisms of the adhesives, are not interface selective, and

thus the presence of water molecules can reduce the number of direct contacts

between the patterned surface and its target [75]. Therefore, translating the gecko-

mimetic approach to the biomedical field is challenging: the adhesives will have to

adhere to complex wet surfaces and maintain their biocompatibility and biodegrad-

ability over a defined time range. These requirements are crucial for wound closure

applications, especially for internal application.

Recent trends in the field make use of combinatorial approaches between topog-

raphy and chemistry to achieve high underwater adhesive forces [60]. For example,

Geckel reversible adhesive, which was developed by Messersmith’s group, can

maintain its strength for over a thousand contact cycles under wet and dry

conditions. Its properties derive from merging two bioinspired strategies: the

nanopatterned surface inspired by geckos contributes to the reversibility of the

system and the coating with a layer of mussel-derived protein residues (3,4,-

dihydroxy-L-phenylalanine) contributes to a strong attachment to surfaces in the

presence of water [76]. Strikingly, the adhesion of each fibril under wet condition is

comparable to a gecko spatulae on a dry surface. However, the system was not
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studied at macroscale and not investigated for tissue adhesive applications. To

examine the effectiveness of the adhesive on biological tissues, in vivo compatibility

studies, degradation properties, and the effectiveness on a macroscale under physio-

logical conditions would have to be assessed.

As the first demonstration of tape-based tissue adhesive, Mahdavi et al. took
advantage of mild chemistry to synergistically enhance the adhesive capacity of the

nanopatterned PGSA in a complex physiological environment [18]. In order for a

coating to be suitable for biomedical application as a tissue adhesive: (1) it has to be

biocompatible and biodegradable, (2) covalently attach to chemical functionalities

present at tissue surface, (3) the reactivity should be easily tuned to minimize the

inflammatory response while maximizing adhesion, and (4) it should be easily

integrated in the PGSA patch without interfering with the surface topography. To

address these criteria, the authors developed a thin coating of a sugar-based material

(Dextran; DXT) which was selectively oxidized (Scheme 8.3) to present aldehyde

groups at its surface (Dextran aldehyde; DXTA).

Aldehydes react with amine functionality present on the tissue surface (e.g.,

extracellular matrix proteins, cell surface receptors, and cell membrane) through

nucleophilic reactions: a hemiaminal intermediate is formed which is further

dehydrated to form imine linkages (Scheme 8.4). pH variability from tissue to

tissue and different pathophysiological states, will determine different reaction

Scheme 8.3 Oxidation of dextran by sodium periodate. Degree of oxidation can be tuned by

changing the molar ratio of sodium periodate to dextran glucopyranoside residues

Scheme 8.4 Oxidized dextran aldehydes react with amines on tissue surface, forming a covalent

linkage through an imine group
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yields, that control the adhesive forces that are obtained in each application [77].

Other relevant factors that mediate bonding to tissue include the surface amine

density and its steric availability [78]. Therefore, given the intimacy of the contact

between material and tissue, adhesive forces might change depending on the tissue

type, its physiological properties and surrounding environment even if the aldehyde

content remains the same.

Adhesives that utilize aldehyde chemistry have been explored inmedical glues (e.g.,

gelatin-resorcinol-formalin [79] or albumin-glutaraldehyde [80]), however, these

compositions employ highly reactive small molecular weight aldehydes as cross-

linkers, which are limited given their diffusion capacity to the surrounding tissue and

consequent toxicity. The limited biocompatibility of aldehyde-based glues has

restricted their use. Recently, novel materials based on aldehyde chemistry were

developed that slow release of its degradation products and whose reactivity can be

tuned for specific tissues. DXTA-based systems have emerged as one of the most

promising candidates, given their high molecular weight, water solubility, controllable

reactivity, and good biocompatibility [78, 81]. Of special relevance, injectable two-

component hydrogels have been explored for applications including corneal incision

[82]. In this example, DXTA and an amine-terminated component (e.g., branched

polyethylene glycol diamine) are mixed and form an adhesive gel over a defined time

period. The aldehyde component has the double function of cross-linker in the bulk

material and adhesive component by establishing a second bond with tissue amines.

The initial design of the gecko-inspired approach included a nanoscale thin film of

DXTA with a 14% degree of oxidation that was spin-coated on top of PGSA patterns

and extensively rinsed to remove excess glue. The thin layer was important to prevent

occlusion of the space between the pillars. Covalent immobilization was possible

given the reaction between free hydroxyl groups of the elastomer and aldehyde

functionalities of DXTA. PGSA with lower DA showed a high cumulative effect in

relative adhesionwhen nanopatterns were coatedwith DXTA. Thismay have resulted

from its higher content of free hydroxyl group and consequentlymore efficient DXTA

retention. Alternatively, DXTA retention may have resulted from the relatively high

porosity and physical entrapment of the macromonomer in PGSA with lower DA.

In contrast, PGSA with higher DA showed less synergistic effect between chemistry

and topography. Therefore, an efficient immobilization of the glue to the tape was

essential for the stabilization of theDXTA-coated elastomer system to help ensure that

the adhesive peeling will result from failure at the coating–tissue interface.

Biocompatibility and Biodegradability of the Tape-Based
Tissue Adhesive

Tissue Biocompatibility of the Adhesive Tape

The adhesive tape should promote only a very minimal inflammatory reaction. To

assess the effect of polymer composition and nanotopography on tissue response,

for example, the disks of patterned PGSA polymer were implanted subcutaneously
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in the backs of rats for 7 days. The tissue response was mild (Fig. 8.6a, b) and

independent of PGSA nanotopography or formulation (Fig. 8.6c–e). This tendency

was consistent with the previous reports with native PGSA polymer [68, 71]. A thin

inflammatory infiltrate layer with little vascularization encircled the implant cavity

and there was no giant cell reaction. As a control, non-resorbable polyurethane

exhibited a significant inflammatory response (Fig. 8.6f). The minimal inflamma-

tory response observed for the adhesive tape suggest potential as an alternative to

medical grade cyanoacrylate glue (i.e., DermabondTM) and albumin-glutaralde-

hyde (i.e., BioGlueTM), which exhibit significant inflammatory responses for

Fig. 8.6 Tissue response to nanopatterned PGSA disks with DA 0.8, subcutaneously implanted in

the rat dorsum. Low magnification photo-micrographs of (a) H&E and (b) Masson’s trichrome-

stained tissue sections immediately adjacent to PGSA implants. PGSA implants formerly occupied

open spaces denoted by asterisk. Nanotopography was placed next to muscle tissue (down), and
samples were harvested after 1-week implantation. A mild response was observed with a thin

inflammatory infiltrate without collagen deposition. (Scale bar, 400 mm). (c–f) High magnification

photomicrographs of H&E-stained tissue sections immediately adjacent to PGSA implants with

(c) DA 0.3, (d) DA 0.3 with 5% PEGDA, and (e) DA 0.8 and (f) unpatterned polyurethane

implants. Nanotopography was placed next to muscle tissue (down), and samples were harvested

after 1-week implantation. The tissue responses were mild in all PGSA implantation but more

pronounced in the polyurethane implantation. (Scale bar, 100 mm). Reproduced with permission

from ref. [18]. Copyright (2008) National Academy of Sciences, USA
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dermal and internal applications [83, 84]: it is important to consider that adverse

reactions such as allergic contact dermatitis or foreign body reaction have been

described after skin closure with 2-octylcyanoacrylate (Fig. 8.7) [85]. Moderate/

severe inflammatory reactions, which are associated with the use of albumin–glu-

taraldehyde tissue glue or n-butyl-2-cyanoacrylate glue, were also reported when the
adhesives were used for porcine coronary artery surgery (Fig. 8.8) [86].

In Vitro and In Vivo Biodegradability of the Tissue Adhesive

Tape-based adhesives for internal uses should exhibit biodegradability to reduce

the foreign material left in the body and limit the requirement for a subsequent

surgical procedure to remove the adhesive system. Ideally, the degradation of the

Fig. 8.7 Adverse reactions after postsurgical repair with 2-octylcyanoacrylate. (a) Erythematous

and eczematous linearity directly over the superficial closure sites where the 2-octylcyanoacrylate

was placed. (b) Itchy, red papules arose 2 days after application of 2-octylcyanoacrylate on the

forearm (left side) with an interesting complementary reaction on the biceps (right side). Reprinted
with permission from ref. [86]. Copyright # (2008) American Medical Association All rights

reserved

Fig. 8.8 (a) Photomicrograph of a paravascular abscess after albumin–glutaraldehyde (AG) glue

application. A high concentration of leukocytes and giant foreign body cells surround the cavity

(arrows) as a result of a continuously ongoing inflammatory reaction. (b) Histologic section

showing a detailed magnification of a giant foreign-body cell (arrow) after AG application.

(c) Photomicrograph showing a deposit of cyanoacrylate glue (arrow) with moderate inflamma-

tory reaction including the presence of lymphocytes. Reprinted with permission from ref. [87].

Copyright # (2006) Elsevier
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tape would coincide with tissue infiltration where the mechanical role of the

adhesive would be transitioned to the developing tissue interface. Importantly,

the patterned PGSA adhesive was shown to be degradable when it was immersed

in cholesterol esterase solution (1 U/mL), which is a suitable model for the

esterase associated with macrophages that is known to degrade polyesters [87].

Importantly, the in vitro/in vivo degradation rate of the adhesive could be controlled

by adjusting DA of PGSA. For adhesives tapes that include nano- or microfeatures,

it is critical to consider that the degradation the surface features may occur

much faster than the bulk material. To circumvent this, different materials may

be chosen for the surface and bulk of degradable adhesive tape designed for internal

procedures.

Perspectives

Adhesives tapes have been suggested as alternatives to current technologies

such as sutures, staples, and tissue glues for closing and sealing wounds.

Bioinspiration from the amazing adhesion ability of geckos has lead to the devel-

opment of a new generation of tape-based adhesives that are biocompatible and

biodegradable and can attach to wet tissue. However, more work is required to

increase the adhesion strength upwards of 5–15 N/cm2 to enable use for multiple

clinical applications. One approach may involve increasing the chemical cross-

linking and mechanical interlocking with tissue. Mechanical interlocking may

be promoted through altering the morphology or aspect ratio of the patterned

substrate, perhaps through use of hierarchical structures that include both nano-

and microtopography [88–90].

It is critical to consider that the performance of the patterned adhesive is likely

tissue-specific as the extent of mechanical interlocking depends on the ability of the

tissue to conform to the surface of the adhesives. Although the reactivity of the

chemistry used to promote bonding with tissue can be useful to enhance adhesion,

one needs to be careful to balance this with a minimal inflammatory response.

Through combining mechanical interlocking with adequate surface reactivity, a

tape-based tissue adhesive platform may be developed and tailored for both exter-

nal and internal applications, ranging from suture/staple replacement/supplement,

waterproof sealants for hollow organ anatomoses, air-tight seals to prevent air leaks

following lung section procedures, mesh grafts to treat hernias, ulcers, and burns,

and haemostatic wound healings.
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Chapter 9

Heparin-Functionalized Materials in Tissue

Engineering Applications

Christopher McGann and Kristi Kiick

Abstract Over the past decade, the tissue engineering field has placed increasing

emphasis on the development of materials that mimic the natural cellular microen-

vironment and the complexity inherent to biological systems. Understanding cell

and molecular biology has become as important to the development of tissue

engineering scaffolds as traditional material science. This emphasis on biological

mimicry has led to interest in materials that incorporate the dynamic and complex

interactions found in the native extracellular matrix (ECM); protein-saccharide

interactions in the ECM are one such example. In particular, over the past decade

the glycosaminoglycan (GAG) heparin has found a tremendous amount of use in the

design of tissue engineering scaffolds and drug delivery devices, as well as in more

traditional applications. Both heparin and its biological counterpart, heparan sulfate,

interact – mainly electrostatically – with a number of proteins and play an important

role in many biological processes. This has been put to use in tissue engineering

approaches to sequester and deliver the factors that drive regenerative processes.

Additionally, heparin has been utilized in the development of novel responsive

materials that form hydrogels through physical assembly. The versatility provided

by these approaches has afforded opportunities not only in the design of scaffolds for

tissue engineering but also in the development of drug delivery devices.

Extracellular Matrix Mimicry in Tissue Engineering Scaffolds

The ECMwas once considered to be passive scaffolding with a purpose relegated to

maintaining structural support for body tissue and serving as an anchor for cells [1].

Early tissue engineering scaffolds, likewise, were not designed with specific
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biological activity in mind. The native ECM, as now widely modeled in the

biomaterials community, is a dynamic and evolving microenvironment that plays

a vital role in the promotion and regulation of cell behavior. It comprises a complex

network of biomacromolecules including polysaccharides, proteins, glycoproteins,

proteoglycans, and GAGs. These molecules are undergoing constant degradation

and reassembly as cells remodel the microenvironment in response to external

signals [2]. Thus, the proliferation and survival, migration, and differentiation of

cells are all guided in part by the ECM; it is especially important in modulating

gene expression and the establishment of cellular phenotype, which directs cellular

fate and tissue morphogenesis [1, 2]. For these reasons, the design criteria for novel

tissue engineering scaffolds have increasingly incorporated principles from cell and

molecular biology in addition to the more traditional material sciences [3].

A ubiquitous constituent of the ECM is the polysaccharides, which are found to

function in numerous biological roles such as protein ligand receptors, as in the case

of heparan sulfate [4–6], as well as roles in mechanical integrity, such as the case of

high molecular weight hyaluronic acid in cartilage tissue. Many polysaccharides,

even nonmammalian ones, are readily available, biocompatible and non-immuno-

genic, which has led to their application as tissue engineering scaffolds [4]. For

example, tissue engineering scaffolds have been constructed from chitin and

chitosan [5–10], dextran [11–15], hyaluronan [16–21], and heparin (or heparan

sulfate) [22–25].

In addition to the widespread use of polysaccharides, researchers have had great

success engineering into scaffolds such biological signals as cell adhesion moieties

[26, 27], enzyme-specific degradation domains [3, 28], as well as the capacity for

growth factor sequestration and controlled release [29]. Cell adhesion moieties,

apart from providing ameans of anchorage to the scaffold, are particularly important

in processes such as cell growth and differentiation, wound healing, and the immune

response [26, 30]. The incorporation of enzyme-specific degradation domains,

which contrasts the original hydrolytic degradation mechanisms employed in

biomaterials design, [28], provides mechanisms for scaffold remodeling that

mimic those that occur in natural regenerative processes. With the incorporation

of these enzymatic cleavage domains, tissue scaffold degradation is cell-directed

and localized; the bulk mechanical integrity of the tissue scaffold is retained while

the microenvironment is remodeled.

The inclusion of growth factors, a class of proliferative or anti-proliferative

signaling proteins that modulate cellular behavior, into tissue scaffolds, provides

strategies to modulate desired cellular signaling pathways such as cell adhesion,

migration, gene expression, and differentiation [3, 31]. These factors are present

in vivo not only as soluble macromolecules but also sequestered in the ECM; the

differential sequestration of growth factors contributes to variations in their

activities and outcomes [32–35]. Evidence has demonstrated that molecules in the

ECM, such as heparan sulfate, can bind and localize these signals providing an

important mechanism in the regulation of their activity [29]. Borrowing from these

models, growth factors have been widely incorporated into scaffolds, with passive

or direct loading of growth factors as the most facile way of incorporating these
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molecules into a polymeric matrix. Commonly observed burst release from

scaffolds has motivated development of systems that sequester growth factors via

their interactions with heparin and heparan sulfate [29]. Examples include the

engineering of scaffolds with affinity-based delivery through the use of electrostatic

interactions between growth factor and a binding domain [27, 29] and covalently

bound growth factors with enzymatically regulated release [36–38].

Many laboratories, including our own, have taken a keen interest in utilizing

these interactions for the development of hydrogel-based tissue engineering

scaffolds that are functionalized with or that assemble based upon these protein–po-

lysaccharide interactions. Drawing inspiration from the affinity/assembly

interactions between proteins, which have been utilized widely for the formation

of physical gels [39–41], physical hydrogels assembled on the basis of

heparin–peptide and heparin–protein interactions mark an important step in the

application of heparin in tissue engineering.

Heparin and Heparan Sulfate

Heparin and heparan sulfate (HS) are heterogeneous and highly sulfated linear

polysaccharides composed of uronic acid–(1 ! 4)-D-glucosamine disaccharide

repeat units. These macromolecules are the most structurally complex in the family

of GAGs that includes chondroitin sulfate, dermatan sulfate, and keratin sulfate

[42]. Heparin is particularly unique in that it has the highest negative charge density

of any known biological macromolecule [43]. Heparin and HS have been shown to

mediate a wide range of biological functions including: cell adhesion, regulation of

cellular growth and proliferation, inhibition of blood coagulation, and cell surface

binding [42]. Their interactions with a variety of proteins yield useful biological

activity that has motivated their use for nearly a century in medical applications; a

summary of this evolution is given below.

Discovery and History of Heparin/Heparan Sulfate

Although heparin was first discovered in 1916 in the laboratory of physiologist

William Howell at Johns Hopkins University [44, 45], the exact structure and

chemistry of heparin would require an additional 15 years for elucidation.

The uronic acid was the first sugar of the disaccharide repeat unit to be correctly

identified in 1928, and identification of glucosamine as the second saccharide in the

repeat unit occurred in 1935–1936. Shortly thereafter heparin was found to contain

significant levels of covalently linked sulfate, which made the linear polysaccharide

one of the strongest biological acids found in nature [44]. Heparan sulfate was

discovered as an impurity of heparin with low anticoagulating potential and was

initially named heparitin sulfate [42, 46]. However, it was later established that HS
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served an important purpose in modulating signaling between the cell and ECM

signaling molecules [47].

Heparin has been used as an anticoagulant since 1935, specifically as a

prophylaxis against post-operative thrombosis. Improvements in characterization

of heparin in the latter half of the twentieth century have yielded various low

molecular weight heparins (LMWH) with better defined chemistry and as a result,

more predictable activity and improved bioavailability. These LMWHs have

replaced traditional heparin as the primary clinical anticoagulant in the twenty-

first century [44].

Chemistry, Structure, and Biosynthesis of Heparin/Heparan Sulfate

Heparin, as indicated above, is a heterogeneous linear polysaccharide that

consists of 1–4-linked disaccharide repeat units consisting of pyranosyluronic

acid (90% L-idopyranosyluronic acid and 10% D-glucopyranosyluronic acid) and

2-amino-2-deoxyglucopyranose (glucosamine). The heterogeneity of the heparin

molecule stems from different arrangements of hydroxyl, acetyl, amine, and

sulfate functional groups substituted along the chain of the polysaccharide.

Represented by the “X” in Fig. 9.1, the 3- and 6-positions of the glucosamine

and the 2-position of either the L-iduronic or D-glucuronic acid will carry an

O-linked sulfo group or will be unsubstituted. The amino group on the glucos-

amine residue, represented by the “Y” on Fig. 9.1, is N-linked to an acetyl group, a

sulfo group or similarly left unsubstituted. Despite these variations, the trisulfated

disaccharide (with sulfates occupying the 3-, 6- and amino-positions) – also

known as the “major sequence” – is by far the most common in the heparin

chain. Heparin averages ~2.7 sulfate groups per disaccharide, with an overall

charge of �75 for a 15 kDa chain [4, 42, 44, 48].

Heparan sulfate is structurally similar to heparin as it is also a linear polysaccha-

ride with uronic acid 1 ! 4-linked to glucosamine disaccharide repeat units.

However, it is the D-glucuronic acid that is the primary uronic acid and there is

far less sulfation (an average of only one per disaccharide). HS contains the same

functional group substitutions as heparin (see Fig. 9.1), but there is greater hetero-

geneity in the sequence, which results in increased structural complexity and a

wider range of biological functionality [42, 44, 48].

The polydispersity and the variability of the disaccharide sequences in both

heparin and HS preclude any complete structural analysis of even the most highly

purified preparations of heparin. Therefore, one can only generalize based upon

analysis of chemically discrete fragments of depolymerized heparin and HS [42].

However, from these analyses, it has been determined that heparin has an extended,

right-handed helical structure that cannot fold due to restricted rotation around the

glycosidic bond. For this reason, heparin cannot form any of the tertiary structures

found commonly in proteins [42, 44].
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Studies of heparin biosynthesis [44] have elucidated that heparin is synthesized

as a heparin proteoglycan where a unique core protein (serglycin) acts as a support

for the polymerization of the heparin chains (see Fig. 9.2) [42]. The biosynthesis

involves a cascade of various enzymatic modifications of the growing GAG chain,

and variations in the degree to which these reactions occur is the cause for the

heterogeneity in the final heparin product [42]. Following chain modification, the

core protein, acted on by proteases, releases a 100-kDa peptidoglycan heparin

polymer, which is then immediately cleaved into a number of smaller (15 kDa)

GAG heparin chains by b-endoglucuronidases [44]. These final heparin GAG

chains are found localized in the secretory granules of mast cells [42]. An increased

understanding of the details of this biosynthesis has afforded chemoenzymatic

forms of heparin that are of absolute homogeneity; the expansion of these methods

will provide important mechanisms to selectively tailor the bioactivities of

biomaterials matrices [49–52].

The biosynthesis of HS follows the same general steps as those of heparin

biosynthesis, with the notable difference that the chain modifications tend to be

more localized in HS than in heparin, owing to increased substrate selectivity of the

enzymes responsible for the chain modifications. This is consistent with the greater

heterogeneity and limited sulfate substitution seen in the HS chains; it also explains

why the primary structure of HS varies from tissue to tissue and from cell to cell

[42]. In addition, as heparan sulfate serves a much wider range of biological

function in vivo less can be said about specific cell types that express HS. More

importantly, the expression of HS can change during development, aging, and

disease. Another major difference between HS and heparin is that the HS GAG

Fig. 9.1 A diagram indicating the major and variable sequences of heparin and heparan sulfate.

(X ¼ H or SO3
�, Y ¼ H, acetyl, or SO3

�) Reproduced from ref. [44], permission granted from

WILEY-VCH
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chains remain connected to the core protein: syndecan or glypican. The final

heparan sulfate proteoglycans are found on cell surfaces and in the ECM [44].

Protein–Heparin/HS Interactions

The primary mechanism of binding between heparin/HS and protein is electrostatic;

it involves the interaction of basic residues along the peptide chain with the anionic

functional groups of the heparin/HS [42], with minor likely contributions from

hydrogen bonding and hydrophobic forces [44]. Many heparin-binding proteins

have been identified, and proposed heparin-binding consensus sequences include:

XBBBXXBX, XBBXBX, XBBBXXBBBBXXBBX, and TXXBXXTBXXXTBB,

where B is a basic residue, T is a turn, and X is a hydropathic residue [42, 44, 53]. It

is clear from these sequences that both local proximity of basic residues, as well as

their spatial orientation, drive heparin-binding capacity [44, 53]. These consensus

sequences provide an archetype for the design of synthetic or biosynthetic peptides

that can be incorporated into a scaffold material to endow it with heparin-binding

properties.

The first well-studied protein–heparin interaction was the association of heparin to

antithrombin III, a serine protease inhibitor. Antithrombin III (AT-III), the natural

inhibitor of the blood coagulation protein, thrombin, was found to be potentiated by

heparin [43]. While only a small pentasaccharide oligomer of heparin is required for

AT-III binding [54] a 16-saccharide chain of heparin is necessary to effectively

increase AT-III–thrombin binding and to inhibit thrombin [44]. Following the eluci-

dation of the heparin–AT-III interaction, many other heparin/heparan sulfate

Fig. 9.2 Schematic representation of the steps involved in heparin/HS biosynthesis. Heparan

sulfate remains a proteoglycan and attached to its core protein [syndecan or glypican (not shown)].

Reproduced from ref. [44], permission granted from WILEY-VCH
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interactions have been identified. Heparan sulfate proteoglycans located on the cell

surfaces of hepatocytes have been found to play an important role in lipoprotein

clearance [42, 55]. The role of HS proteoglycans as cell-surface receptor proteins

means that they are also important in pathogenesis. The Dengue virus, HIV-1, and

HSV, as well as some parasites, utilize HS proteoglycans to target and infect cells.

HS has also demonstrated importance in determining tumor progression; depending

on the location and structure, HS may have inhibitory or proliferative consequences

for tumor development [50]. Adhesion proteins also interact with heparin and

heparan sulfate with important implications in inflammation, nerve tissue growth,

and the formation of amyloid deposits in the brain [44]. The discovery of numerous

protein–heparin/HS interactions indicates their importance in the regulation of many

biological activities. In particular, the behavior of cell-surface HS proteoglycans may

have important consequences in the signaling events that choreograph regenerative

processes; understanding the role of these proteoglycans and utilizing these

interactions may prove to be critical to the development of scaffold materials that

guide desired cell behavior.

Growth Factor Interactions

Heparin/HS interactions with extracellular signaling molecules, such as growth

factors and chemokines, are particularly important to the fields of tissue engineering

and regenerative medicine. Heparin has been found to stabilize growth factors and

increase binding affinity for cell receptors [56, 57]. Heparin-binding growth factors

include fibroblast growth factors (FGFs), endothelial growth factors, and numerous

others [42]. However, the interactions between heparin/HS and FGFs are probably

the most well studied (after the AT-III–heparin interaction). FGFs are a large family

of signaling proteins that have important roles in developmental processes such as

cell proliferation, differentiation, morphogenesis, and angiogenesis [44]. The FGF

growth factors effect biological and physiological change through binding events

with their cell-surface, FGF receptors. Through crystallography studies, it has been

revealed that heparin decasaccharides stabilize the growth factor–receptor interac-

tion [53]. Signal transduction is only initiated when all three macromolecules

(heparin, growth factor, and receptor) interact simultaneously [44].

Other growth factors, including bone morphogenetic protein 7 (BMP-7),

neurgulin-1, vascular endothelial growth factors (VEGF), heparin-binding epider-

mal growth factor (HB-EGF), platelet-derived growth factor (PDGF), transforming

growth factor-b1 (TGF-b1), and hepatocyte growth factor (HGF) have all been

found to interact with heparin, isolated HS, or with the HS proteoglycans [44, 55].

HGF has been found to bind with HS and may act as a tumor suppressor, morpho-

gen, and angiogenic factor. Heparin has been shown to modulate the activity of

TGF-b1, which is important to cell migration and proliferation, immune activities,

and ECM synthesis [44]. The binding of VEGF to HS has shown to be important in

the morphogenesis of mouse vasculature. Differences in the distributions of soluble

and heparin-binding forms of VEGF results in variations in local signaling that alter
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blood vessel formation; for example, the sprouting of vessels is promoted by

tethered isoforms of VEGF, while the dilation of vessels is induced by soluble

forms [32–38]. This evidence supports that tissue patterning is driven by a relation-

ship between soluble and bound VEGF, which is determined by the form and

distribution of HS present in the tissue microenvironment as well as by the relative

amounts of various isoforms of VEGF. A similar relationship between FGF-10 and

HS, relevant to lung morphogenesis, strengthens the supposition that HS behaves as

a “growth factor tethering” agent whose distribution throughout the ECM affects

growth factor gradient and in some way dictates development [55]. Thus, greater

understanding of the HS-growth factor relationship will be fruitful for tissue

engineering; materials that can control the spatial/temporal distribution of soluble

or tethered factors could potentially guide tissue morphogenesis [58, 59].

Cytokine/Chemokine Interactions

Another group of important interactions between soluble signals and heparin/HS

are those involving cytokines and chemokines such as monocyte chemoattractant

protein 1 (MCP-1), stromal cell-derived factor 1 (SDF-1a), tumor necrosis factor

a (TNF-a), interleukin 5 (IL-5), interleukin 6 (IL-6), interleukin 8 (IL-8), inter-

leukin 10 (IL-10), and platelet factor 4 (PF-4) [55]. HS has been shown to localize

these signals in extracellular compartments in addition to exerting control over

the activity of the signals. Studies have shown PF-4 and SDF-1a appear to play

important roles in inflammatory and wound healing processes; SDF-1a, in partic-

ular, has demonstrated potency as a chemoattractant for monocytes and T-cells

[44]. It is believe that HS proteoglycans bind and localize these signaling

molecules on cell surfaces, effectively clustering these signal molecules, which

circulate in vivo at low concentrations. Similarly, it is likely that HS

proteoglycans located in the ECM create and maintain signal gradients that may

be important to cells that migrate through tissue and organs [55].

Heparin in Biomaterials and Tissue Engineering

The incorporation of heparin in biomaterials and tissue engineering scaffolds has

been widely explored due to heparin’s antithrombogenic properties as well as its

ability to interact with numerous soluble proteins. Biomaterials with incorporated

heparin are very often used for anticoagulative purposes; vascular grafts, which

often fail due to early thrombosis, provide an example of this application of

heparin [60].

Tissue engineering scaffolds containing heparin have also been produced.

Heparin’s affinity for numerous soluble signals, as described in detail above, has

driven much of this interest. It has provided enhanced biological functionality for
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synthetic-based scaffolds and has given tissue engineers a powerful mechanism for

delivering factors that guide regenerative processes. Some applications involve

investigation of cell phenotype and differentiation [61–65], while others attempt

to utilize heparin for controlled factor delivery applications [66–71].

Antithrombogenic Materials

Some of the earliest examples of materials that contained heparin had the explicit

goal of taking advantage of heparin’s antithrombotic properties [72, 73].

Researchers functionalized the surfaces of these materials, usually those to be

implanted or used during surgery, with heparin in order to improve blood compati-

bility [74]. Examples where heparin has been implemented as an anticoagulant

agent include polyurethanes [75], polylactide [76, 77], a collagen/chitosan complex

[10], a silk fibroin/chitosan complex [8], a poly(vinyl alcohol) composites [78],

decelluarized porcine arterial tissue [60], and multi-polymer composites [79, 80].

A variety of applications for these materials exist, including coatings for coro-

nary stents [77–80] and tissue engineering applications. Two of the major

complications resulting from the implantation of coronary stents are restenosis of

the arterial tissue and thrombosis; heparinized stents demonstrate less platelet

adhesion [77, 78, 80] or less platelet activation, indicating lower thrombogenic

potential. Tissue engineering scaffolds have also been functionalized with heparin

in the attempt to provide the scaffold material with antithrombotic properties. Liao

et al. investigated heparinizing the surface of decellularized porcine arteries as a

means of resolving current issues with synthetic vascular grafts, which suffer

clinically due to thrombosis [60]. Similarly, studies have explored heparinizing

collagen/chitosan [10] and silk fibroin/chitosan scaffolds [8] in an effort to limit the

materials’ thrombogenic properties.

Enhanced Biological Functionality

Heparin has also been utilized to increase the biological activity of synthetic tissue

engineering scaffolds. Synthetic materials have advantages over their naturally

derived counterparts in that they are inexpensive and standardized; in particular,

naturally derived matrices suffer from variability based upon source and purifica-

tion technique. Further, synthetic materials are more versatile and the mechanical

properties can be tailored for a wide range of final applications. However,

synthetics suffer from a lack of biologically relevant functionality. To create

synthetic materials with biological activity, a widely adopted approach has been

the simple incorporation of components from the ECM, such as heparin and HS.

In particular, researchers have heparinized synthetic scaffolds to promote

growth factor activation [81] and localization/concentration [82]. Nilasaroya et al.
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created photopolymerized hydrogels of methacrylated poly(vinyl alcohol) and

heparin macromers. The conjugation of heparin to the methacrylate and its

subsequent polymerization into a hydrogel did not interfere with heparin’s

anticoagulative properties or its ability to interact with bFGF [81]. Bezuidenhout

et al. heparinized porous polyurethane scaffolds to promote vascularization and

angiogenesis. It was reported that the heparinized scaffolds resulted in increased

numbers of capillaries and arterioles without significant change in the inflammatory

response. The authors suggest that by binding and stabilizing growth factor in vivo

the heparinized polyurethane encouraged vascularization within the scaffold [82].

Along similar lines, Cabric et al. recently explored the use of heparin to bind

vascular endothelial growth factor-A as a means of attracting endothelial cells to

induce revascularization of pancreatic islet transplants [83].

Heparinized materials have also been explored as means of controlling cell

proliferation and phenotype [61–63]. Beamish et al. [63] and Cushing et al.

[61, 62] both investigated heparin’s capacity to influence cell phenotype. Beamish

et al. found that the incorporation and slow release of heparin from poly(ethylene

glycol) (PEG) diacrylate hydrogels could effectively upregulate markers of con-

tractile SMCs [63]. Cushing et al. found that heparin covalently linked to a PEG

hydrogel could induce a myofibroblast phenotype through the inhibition of FGFR

activation. FGF receptor (FGFR) activation by FGF serves to naturally repress

valvular interstitial cells (VICs) from adopting the myofibroblast phenotype. Thus,

the inhibition of FGFR activation, via sequestration of FGF in the PEG–heparin

hydrogel that reduced the concentration of FGF at the receptor, induced a

myofibroblast phenotype in VICs that could be useful in the temporal regulation

of heart valve repair [62]. Benoit et al. used PEG hydrogels functionalized with

heparin to investigate the differentiation of human mesenchymal stem cells

(hMSCs). The heparin hydrogels supported hMSCs and induced their osteogenic

differentiation as evidenced by the increased alkaline phosphatase production and

increased osteopontin and collagen I gene expression [65]. Furthermore, the pres-

ence of heparin in the hydrogels served to sequester and localize BMP-

2 contributing to greater osteogenic differentiation [64]. The combination of these

studies suggests intriguing opportunities to manipulate growth factor signaling via

the use of heparinized materials, in manners that can purposefully direct a cellular

outcome. The development of materials in which a specific GF can be targeted will

expand the selectivity of these materials.

In covalently cross-linked PEG-LMWH systems developed in our laboratories,

the effect of hydrogel mechanical properties on human aortic adventitial fibroblasts

(AoAF) and other cardiovascular cell types has been investigated [84, 85]. It is

widely reported that the mechanical properties of a matrix can affect cell adhesion,

proliferation, and differentiation [86]. In this study, maleimide- and thiol-

terminated star PEGs provided the hydrogel support structure to which biological

functionality was incorporated. The biological domains included maleimide-

functionalized heparin, a thiol-functionalized adhesion peptide (RGDSP) and fibro-

nectin (FN). These components were differentially combined to form a set of four

hydrogel structures illustrated in Fig. 9.3. Interestingly, modification of the gels, by
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the attachment of fibronectin to PEG, was required to improve adhesion of cells to

these matrices; modification of gels with RGDSP did not provide useful cell

adhesion, and attachment of the RGDSP to LMWH was particularly ineffective

[84]. Studies of the adhesion of AoAFs to the FN-modified PEG-LMWH gels

indicated that the AoAFs demonstrate the greatest affinity for the more mechani-

cally sturdy gels (G0 ¼ 2.8 kPa in these studies) [84].

In more recent studies on multiple cardiovascular cell types [85], we have

further illustrated the impact of mechanical properties on gene expression of

human AoAFs, vascular smooth muscle cells (T/G-HA vSMCs), and human

umbilical vein endothelial cells (HUVECs). In these studies, each cell type

showed preferred proliferation on materials of a specific modulus [e.g., AoAFs

to high-modulus materials (G0 ¼ 13.7 kPa) and HUVECs to low-modulus

materials (G0 ¼ 0.4 kPa)], with corresponding differences in the up- and down-

regulation of signaling pathways that also suggested phenotypic differences in

addition to these proliferation preferences. These studies highlight that the mod-

ulation of the biochemical and mechanical properties of these heparinized

scaffolds will be necessary for the proliferation of a given cell type for a given

scaffold. They also suggest interesting opportunities to spatially control the

phenotypes of cells in complex multicellular constructs via the modulation of

matrix mechanical properties.

Growth Factor Delivery

One highly studied application of heparin in biomaterials has been as a vehicle for

growth factor delivery in tissue engineering scaffolds. A notable application

of heparin in this regard has been the controlled release of angiogenic factors

such as VEGF, bFGF, and TGF-b [29, 87]. The materials used for controlling the

delivery of growth factors through heparin sequestration have varied greatly from

particulate or micellar systems [22, 70, 88–90] to synthetic hydrogel systems [4, 23,

25, 68, 84, 91–106], to demineralized bone matrices [107]. A great variety of

materials, methods, and applications are found in the literature; we focus below

Fig. 9.3 Illustration depicting the hydrogel systems incorporating cell adhesion and heparin

functionality. Reproduced from ref. [84], permission granted from Elsevier

9 Heparin-Functionalized Materials in Tissue Engineering Applications 235



mainly on hydrogel matrices derived from either natural sources (fibrin, collagen)

or synthetic polymers (PEG).

Natural Materials

There are a number of examples in the literature that involve the heparinization of

polysaccharide matrices for the purposes of growth factor delivery [4, 105, 108–113].

Liu et al. created hyaluronate–heparin conjugate gels for the controlled delivery of

bFGF [114], while Chinen et al. and Tanihara et al. created alginate–heparin systems

in which the objective was to localize and control delivery of bFGF for the induction

of angiogenesis [70, 115]. More recent examples of polysaccharide-based scaffolds

include the alginate-chitosan gels produced by Ho et al. [113] and the alginate gels

produced by Freeman and Cohen [112]. Both of these systems incorporated heparin

as the mechanism for controlled delivery of growth factor; but the study performed by

Freeman and Cohen was particularly interesting as the system sequentially delivered

three angiogenic factors: VEGF, PDGF-BB, and TGF-b1 [112].

The addition of heparin to collagen-based matrices has mainly been in pursuit of

controlled delivery of angiogenic growth factors [116–120], with an increasing

number of alternative uses. For example, Bladergroen et al. recently incubated

collagen–heparin gels with SDF-1a, a potent chemotactic cytokine, to encourage

in vivo recruitment of hematopoietic cells. The scaffolds supported the recruitment

of hematopoietic progenitor cells and the cells continued development along

several different lineages [69]. Additionally, von Walter et al. loaded a heparinized

collagen filler for a TiO2/glass composite (Ecopore) with BMP-2 to induce bone

regrowth. Following implantation into rabbit bone defect models, energy dispersive

X-ray spectroscopy measurements revealed that the implants with the heparinized

collagen demonstrated greater bone regrowth than the controls lacking heparin or

the heparinized-collagen filler [120].

However, much of the literature dedicated to heparinized collagen matrices

involves the loading of angiogenic factors such as bFGF and VEGF [116–119,

121]. Most cases involve the use of only one factor such as bFGF [122–124] or

VEGF [116, 119, 121], but Nillesen et al. investigated a combinatory approach

revealing that the loading of both rat recombinant bFGF and VEGF led to enhanced

and well-developed vasculature in adult Wistar rats as compared to either factor by

itself [117]. Highlighting the complexity of signaling inherent to vascularization, a

third factor, angiogenin (ANG), found to activate various individual events respon-

sible for angiogensis, was explored by Shi et al. in a heparinized collage-chitosan

scaffold. The heparinized scaffold was effective at the controlled release of ANG in

an in vitro study and also demonstrated faster development of vasculature in rabbit

models compared with ANG-free controls [118]. Most recently, Grieb et al. hepa-

rinized collagen sponges to sequester and release VEGF in an attempt to address the

poor angiogenic potential of artificial dermis materials such as Alloderm®, Apligraf®,

and Integra®. In this study, heparin was found to sequester and slowly release VEGF

providing the surrounding cells with a consistent angiogenic stimulus [116].
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The work of Sakiyama-Elbert and coworkers has focused on the development of

heparin–fibrin matrices for controlled delivery. In comparison to the above

examples involving collagen [69, 116–121], heparin is immobilized in the fibrin

scaffolds through affinity interactions with heparin-binding peptides (HBPs) conju-

gated to the matrix. Appropriate choice of peptide:heparin:growth factor ratios

permits the sequestration of the GF in the matrix, while simultaneously affording

release of both the GF and the heparin on desired timescales. This work has utilized

heparin-binding capacity of a number of growth factors, including bFGF [67], beta-

nerve growth factor (b-NGF) [66], neurotrophin-3 (NT-3) [125–128], and glial-

derived neurotrophic factor (GDNF) [129], for potential treatment of nerve injury.

This work has demonstrated the utility of heparin as a controlled delivery element

in matrix scaffolds for even weakly associating factors such as NT-3 and b-NGF
[66, 125, 126, 128]. These fibrin–heparin affinity matrices have also been utilized

for the delivery of growth factor for the repair of tendon tissue [130–134]. Most

recently, Thompoulous et al. investigated the impact of a fibrin–heparin affinity

system that bound bFGF or platelet-derived growth factor BB (PDGF-BB) on the

proliferation and gene expression of canine tendon fibroblasts. The scaffolds

containing the heparin retained the bFGF compared with negative controls. Fur-

thermore, the delivery of the both growth factors stimulated tendon fibroblast

proliferation and caused changes in the expression of matrix genes [130].

Synthetic Materials

In some of the earliest such studies, Ishihara et al. conjugated heparin to polystyrene

monomers for the creation of heparinized polystyrene plates. Heparin was first

exposed to periodate and cleaved in an alkaline bath before functionalized with p-
vinylbenzylamine and coated onto well-suspension culture plates. These plates

were shown to increase the activity of both VEGF and bFGF [135, 136]. The

success of this work led to the widespread adoption of heparin-synthetic polymer

systems for the purpose of controlled growth-factor delivery.

As mentioned previously, heparin-conjugated PEG has been utilized to investigate

differentiation and phenotype of hMSCs and VICs [62, 64, 65]; in addition,

heparin–PEG hydrogels have been examined for tissue engineering scaffolds and

growth factor delivery applications [23, 25, 68, 91–94, 97, 105]. Benoit et al.

copolymerized macromolecular heparin monomers with dimethacrylated poly(ethyl-

ene glycol) monomers to form synthetic ECM capable of bFGF delivery. These

heparinized-PEG hydrogels demonstrated sustained release of bFGF following zero-

order kinetics over a 5-week time period. Additionally, the adhesion, proliferation,

and osteogenic differentiation of hMSCs was reported to be enhanced by

heparin–PEG gels as compared to unmodified PEG gels [68]. Another example of

a heparin–PEG conjugate includes a synthetic composite consisting of heparin, PEG,

and either hyaluronan (HA) or chondroitin sulfate (CS) constructed for the delivery of

bFGF. The GAGs were modified through the addition of a thiol group before

conjugation with PEG diacrylate into a hydrogel. These scaffolds demonstrated
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sustained release of bFGF for 28 days and in vivo mouse models demonstrated

increased neovascularization [105]. Tae et al. modified the carboxylic acid groups

of heparin through EDC/HOBt chemistry to form hydrazides, which were subse-

quently reacted with N-hydroxysuccinimidyl esters of PEG-bis-butanoic acid to form

PEG–heparin hydrogels. These hydrogels provided controlled release of VEGF over

the course of 3 weeks and preserved its biological activity in vitro, as measured by the

survival/proliferation of HUVECs [25]. A more recent study involving this

heparin–PEG system utilized a different pro-angiogenic factor, osteoprotegerin

(OPG). Heparin was modified through its carboxylic acid groups with cystamine to

yield thiols, which were subsequently reacted via Michael-type addition with a PEG-

diacrylate to form the hydrogel. The mild cross-linking meant that the procedure

could be utilized in combination with cells, but the gels exhibited little degradation

in vivo and it was determined that little OPG actually diffused from the gel [23].

The utility of adding heparin to tissue engineering scaffolds is clear. The

incorporation of heparin into natural matrices endows antithrombogenic properties,

while the addition of heparin to synthetic matrices provides desired biological

functionality. Both synthetic and naturally derived tissue engineering scaffolds

benefit from heparin incorporation when the objective is to provide controlled

factor release. In addition, heparin has also been utilized as a mechanically integral

part of hydrogel matrices cross-linked via physical interactions.

Heparin-Based Physical Assembly of Hydrogels

Interest in physical assembly is largely borne out of the potential for forming

hydrogels that can reversibly assemble upon application of an environmental

stimulus, which could include pH, temperature, mechanical stress, or the presence

of some exogenous factor. Advantages include not only the potential for injection

but also the absence of potentially toxic cross-linking chemicals. Physical assembly

through protein interactions has been thoroughly studied and involves mechanisms

such as coiled coil formation [137–143], antigen–antibody recognition [144–148],

or supramolecular assembly [149–152]. The success of many of these systems has

led to the exploration of hydrogels that physically assemble through different

mechanisms such as protein–saccharide affinity interactions. Heparin, due to its

interactions with varied peptides and growth factors, has been of particular interest

in studies of such physically assembled systems [99].

Peptide–Polymer/Heparin Physical Assembly

Initial work on the physical assembly of heparin–polymer matrices was presented by

Seal and Panitch in 2003 [102], in which heparin served as the cross-linking agent for

a synthetic matrix comprising a PEG star polymer that was terminally functionalized

with a small HBP (see Fig. 9.4). The peptide, covalently linked to the PEG star
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polymer was capable of electrostatic interactions with the heparin and when the

components were mixed it formed a viscoelastic material. The formation of a

physical hydrogel avoided the use of toxic initiators, which complicate the in situ

gelation for certain hydrogel systems. Additionally, this approach afforded the use of

biological components which could offer a pathway to enhanced interaction with

target tissues and thereby mimic specific biological activity native to the ECM [102].

The peptide-linkers were designed using the previously identified heparin-

binding domains (HBD) of AT-III and TAT, a transduction peptide derived

from an HIV regulator protein. The terminal ends of four-arm star PEG were

functionalized with vinyl sulfone moieties, to limit hydrolytic degradation of the

gels and permit Michael-type addition of the cysteine residue of the peptide.

The peptide–PEG conjugates were mixed with heparin derived from porcine

intestinal mucosa to form the physical hydrogels. Oscillatory rheology

demonstrated strong frequency dependence, as well as temperature dependence,

of the mechanical properties of these gels, but a release study indicated that the

gels could sequester and release peptide at different rates dependent on the

relative affinity of the peptide for heparin [102]. The addition of covalent cross-

links to physical interactions (see Fig. 9.4) was subsequently developed by

Panitch and coworkers [103, 104]. An eight-arm star PEG, functionalized with a

vinyl sulfone moiety, was conjugated with both mono- and bis-thiolated peptides

to introduce both covalent and noncovalent cross-linking points in the network.

The bis-thiolated cross-linker, a short peptide sequence that could be enzymati-

cally degraded by collagenese I, afforded the final hydrogels useful degradation

properties. Oscillatory rheology, a degradation study, and a hemolysis assay

suggested the useful properties of these materials. The oscillatory rheology

revealed the frequency-independent elasticity of the matrix and demonstrated

improvement in mechanical properties as compared to the previous system.

Interestingly, the addition of heparin not only contributed to the overall mechani-

cal properties of the gels (i.e., shear storage modulus), but led to faster gelation

Fig. 9.4 Illustration of the methods for heparin-based physical assembly. This figure demonstrates

the systems pursued by the Panitch (two on left) and Kiick laboratories (two on right). Reproduced
from ref. [4]; permission granted from WILEY-VCH
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times as well. While the mechanical integrity of the materials was increased,

however, the reversible gelation of the system was lost, highlighting a possible

trade-off in terms of material design of these types of systems. The degradation

studies demonstrated that gels only responded to the collagenese, though they

were also tested using heparinase and thrombin. Finally, the hemolysis assay

demonstrated very low toxicity to erythrocytes [103, 104].

Heparin–Polymer/Peptide Physical Assembly

Complementary to the above approaches, our group has investigated the assembly

of heparinized, four-arm star PEGs. The star PEG was terminally functionalized

with low molecular weight heparin (LMWH) (see Fig. 9.4) and was used to form

physical cross-links with heparin-binding polymers and proteins. We have

demonstrated the physical gelation of these PEG-LMWH macromolecules with

PEG star polymers functionalized with HBPs, as well as gelation with heparin-

binding growth factors. Most recently, we have explored the physical assembly of

recombinant, modular polypeptides equipped with heparin-binding sequences.

Noncovalently Assembled Materials [91, 93–95]

The choice of a PEG star copolymer provided the system hydrophilicity, biocom-

patibility, low protein fouling and low immunogenicity; while the terminal conju-

gation of LMWH to the PEG star polymer (� 73% functionalization) [93, 94]

ensured not only the requisite binding affinity needed for physical gelation, but also

ensured the formation of a soluble macromolecule competent for the formation of

networks. HMWH (~18 kDa) was avoided owing to the likelihood of its functiona-

lization with greater than one moiety used for conjugation to the PEG, which would

lead to the formation of an insoluble network. The incorporation of heparin in this

manner was not expected to impair its ability to bind factor and might be useful in

applications where multivalent presentation of the GAG is relevant.

Different peptide sequences were utilized for the HBP: ones isolated from the

heparin-binding domains of AT-III and the heparin-interacting protein (HIP), as

well as a coiled-coil peptide mimic of platelet factor 4. All were conjugated via

reaction of a cysteine residue with vinyl sulfone-terminated four-arm star PEG.

Sufficient degrees of functionalization of the PEG-LMWH and PEG-HBPs were

observed for the formation of networks.

The combination of any of the PEG-HBPs with the PEG-LMWH (which itself

exhibited weak mechanical properties owing to the self-association of the polyelectro-

lyte heparin) [95] led to self-supporting gels that after syneresis were estimated to

contain 7 wt.% polymer. These results contrasted with the mixing of the PEG-HBP

with unconjugated LMWH, which did not form hydrogels. Further, preformed

hydrogels could be liquefied through the addition of exogenous LMWH or HBP,
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indicating that the gels were in fact formed through physical interactions that could be

reversed through competition with unconjugated peptide or heparin. Oscillatory

rheology characterization of these hydrogels revealed the elastic properties of the

gels at all frequencies (see Fig. 9.5) as the storage modulus exceeded the loss modulus,

but overall, themoduli of these hydrogels were rather low. Limitation in the number of

cross-linking sites for certain HBP–LMWH pairs may prevent the maximum possible

elastic modulus; the development of homogeneous LMWH species with affinities for

specific binding partners, as well as the utilization of other polymer architectures with

a greater number of binding sites, may provide a strategy to maximize cross-linking

pairs and enhance the mechanical properties of these materials.
The ability of LMWH to bind with multiple partners was exploited for the

sequestration and delivery of growth factors from these matrices. Incubation of

PEG–LMWH solutions with growth factor prior to the introduction of the PEG-

HBP provided a facile manner to incorporate GFs into the hydrogels. These

materials were found to sequester and passively release bFGF over a 2-week period;

additionally, the release kinetics correlated well with the storage modulus of the

hydrogel. Furthermore, the delivery of growth factor strongly matched the matrix

dissolution kinetics (see Fig. 9.6); this suggests that the release of growth factor was

triggered by matrix erosion and that it could be controlled by adjusting the mechan-

ical properties of the matrices. The results from these growth factor release kinetics

studies of these gels present an enticing opportunity for potential tissue engineering

applications or for the treatment of ischemic tissue.

Fig. 9.5 Graph of the oscillatory rheology data for PEG-LMWH/PEG-HIP system. Storage

moduli indicated by the closed symbols; loss moduli indicated by the open symbols. The PEG-

LMWH/PEG-HIPs were mixed in different amounts based upon molar of LMWH to HIP: 9:1

(squares), 8:2 (triangles), and 6:4 (inverted triangles). The response of PEG-LMWH alone

(7.2 wt.%) was added for comparison and is indicated by the circles. Reproduced from ref. [94];

permission granted form the American Chemical Society
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Growth Factor Cross-Linked Hydrogels [92, 153]

The initial studies of the PEG–LMWH system demonstrated the utility of the

polymer heparinization approach and the utility of erosion for controlling growth

factor release. The potential for release to control erosion was thus also explored.

As growth factors mainly bind short-heparin sequences, it was postulated that if the

growth factor contained more than one heparin-binding domain it could act as

functional cross-link for PEG-LMWH with functionality � 3. Such a system could

deliver factor selectively; it would be sensitive to ligand-exchange mechanisms,

such as those with growth factor receptors, and would result in biologically relevant

and targeted erosion of the hydrogel.

To this end, a system incorporating the PEG-LMWH and dimeric VEGF was

investigated (see Fig. 9.7). Upon mixing of the two components, a self-supporting,

viscoelastic hydrogel was immediately formed, as confirmed via optical tweezer

microrheological methods. The lack of gelation of a bovine serum albumin (BSA)/

PEG-LMWH control suggested that gelation was mediated by the interaction of

LMWH with VEGF. Furthermore, the addition of exogenous LMWH to the

preformed gel caused it to liquefy.

The erosion of these hydrogels was monitored in the absence and presence of the

primary VEGF receptor (VEGFR-2); the release of 125I-labeled VEGF was moni-

tored. Polystyrene particles with covalently attached VEGFR-2 were added to the

VEGF/PEG-LMWH hydrogels to induce targeted erosion. In comparison to

controls containing only PBS buffer or polystyrene particles passivated with anti-

IgG, the VEGFR-2-containing systems demonstrated significantly greater release

of VEGF (see Fig. 9.8).

Studies employing porcine aortic endothelial cells equipped with the VEGFR-

2 receptor (PAE KDR) confirmed the cell-responsiveness of these materials [153].

In particular, PAE cells overexpressing the VEGFR-2 receptor caused greater rates

of VEGF release from PEG-LMWH hydrogels, with consequently greater rates of

hydrogel erosion. Notably, cells that did not overexpress the receptor did not cause

Fig. 9.6 The percentage

released bFGF versus the

percentage of released PEG-

LMWH for the PEG-LMWH/

PEG-PF4zip hydrogel

(square, slope of 0.77) and
the PEG-LMWH/PEG-HIP

hydrogel (circle, slope 0.81).
Reproduced from ref. [99];

permission granted from The

Royal Society of Chemistry
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hydrogel erosion. These results clearly demonstrate that therapeutic proteins can

function as cross-links in non-covalently assembled hydrogel networks and that

they can be selectively eroded in the presence of a specific receptor for targeted,

delivery-mediated erosion of hydrogels.

Heparin-Binding Recombinant Polypeptide Hydrogels

Recombinantly derived, heparin-binding polypeptides with responsive and useful

mechanical properties would also offer interesting opportunities in the design of

tissue engineering scaffolds of complex biological functionality. The use of

Fig. 9.7 Noncovalently assembled hydrogel for targeted delivery of VEGF. PEG is poly(ethylene

glycol); LMWH is low molecular weight heparin; VEGF is vascular endothelial growth factor.

Reproduced from ref. [153]; permission granted from WILEY-VCH

Fig. 9.8 The percentage released of vascular endothelial growth factor from VEGF-cross-linked

hydrogels as a function of time in the absence and presence of the VEGFR-2 receptor. The blue
line indicates the polystyrene nanoparticle containing the VEGFR-2; the green line is a control

containing the polystyrene nanoparticle without the receptor; and the black line is a PBS control.

The asterisk indicates that the VEGFR-2 containing system was visibly eroded at day 4.

Reproduced from ref. [92]; permission granted from the American Chemical Society
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recombinant methods permits the facile incorporation of multiple biological

domains, such as cell adhesion sequences, heparin-binding domains, and enzymatic

degradation sites. These modules are simply encoded directly into a desired gene,

which is then expressed by an expression host and purified. Modules of various

length and sequence can be encoded and swapped readily to permit tuning of

multiple properties of the matrix (see Fig. 9.9). While recent work on elastin-like

polypeptides demonstrates this approach [154], we have employed polypeptide

sequences based on the insect protein resilin, owing to its hydrophilicity, excellent

resilience, and high-frequency responsiveness [155].

We have described the biosynthesis and initial characterization of RLP12, a

resilin-like polypeptide that carries 12 repeats of the elastomeric consensus repeat

sequence of native resilin and is equipped with a heparin-binding domain. Mechan-

ical testing, both by tensile testing and oscillatory rheology, has demonstrated the

excellent bulk mechanical properties of the RLP12 in terms of extensibility (ca.

200%, Fig. 9.10) and resilience (ca. 96%, not shown). The cytocompatibility of this

matrix has been confirmed. We have also preliminarily demonstrated the sensitivity

of the mechanical properties of this matrix to the addition of heparin. The gelation

time for the networks is significantly reduced in the presence of heparin, and the

ultimate storage modulus is increased, consistent with the previous reports by Panitch

and coworkers [115, 117, 118]. In addition, the heparin-binding domain will provide

Fig. 9.9 Illustration of the modularly designed resilin-like polypeptide (RLP). Reproduced from

ref. [155]; permission granted from The Royal Society of Chemistry

Fig. 9.10 Tensile testing

data for resilin-like

polypeptide hydrogels

conducted at strain rate 10%

gauge length per minute at

25�C. Results from three

separate films of identical

composition are shown.

Reproduced from ref. [155];

permission granted from

The Royal Society of

Chemistry
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affinity interactions to permit the sequestration of growth factor as described in

previous examples. These matrices will offer unique properties for engineering

highly mechanically active tissues, such as cardiovascular and vocal fold.

Conclusions and Outlook: Heparin in Tissue Engineering

The applications of heparin and heparan sulfate discussed in this chapter highlight

the utility and importance of these macromolecules to tissue engineering and

biomaterials. Devices incorporating these heterogeneous GAGs demonstrate better

blood compatibility as well as the capacity to sequester and deliver important

biological factors. In addition, heparinized materials have demonstrated physical

assembly through affinity interactions and have presented a novel strategy for the

formation of noncovalently assembled, biologically responsive materials. How-

ever, the mechanical properties of noncovalently assembled networks require

additional engineering to expand the utility of those matrices. In addition, the

complexity and heterogeneity of heparin raises both challenges and opportunities

in their application in biomaterials. The heterogeneity of heparin affords it versatil-

ity, but may limit the number of crosslinks that it can form in a given matrix and/or

make difficult the targeting of select proteins in vivo. Understanding the molecular

details of heparin–peptide binding specificity would open up new opportunities for

greater modulation of physiological and pathological processes and may lead to the

introduction of new therapeutics. Additionally, it may improve the tunability of

interactions between peptide and saccharide having implications in both growth

factor delivery and physical assembly. As mentioned above, continued efforts

toward the synthesis of homogeneous heparin species will also have importance

in this regard. On a broader scale, increased understanding of the multitude of

interactions within the ECM, and exploitation of these interactions in the design of

materials, will remain important in the creation of regenerative medicine solutions.
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Clinical Applications of Tissue
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Chapter 10

Tissue Engineering Strategies for Vocal

Fold Repair and Regeneration

Alexandra J.E. Farran, Zhixiang Tong, Robert L. Witt, and Xinqiao Jia

Abstract Vocal fold is one of the most mechanically active tissues in the human

body, producing a great variety of sounds through a regular, wave-like motion of

the lamina propria (LP) at frequencies of 100-1,000 Hz and strains up to 30% [1].

Each vocal fold consists of a pliable vibratory layer of connective tissue, known as

the lamina propria (LP), sandwiched between epithelium and muscle [2, 3]. The

lamina propria plays a critical role in the production of voice as its shape and

tension determine the vibratory characteristics of the vocal folds. Numerous envi-

ronmental factors and pathological conditions can damage the delicate tissue; and

patients suffering from vocal fold disorders are socially isolated due to their

inability to phonate. This chapter summarizes recent endeavors in vocal fold

regeneration using biomaterial-based, tissue engineering methodologies. Success-

ful repair and regeneration of vocal fold lamina propria relies on the attainment of

vocal fold-specific, biomimetic matrices that not only foster the attachment and

proliferation of vocal fold fibroblast-like cells, but also induce the production of an

extracellular matrix (ECM) that approximates the native tissue in terms of the

biochemical composition, structural organization, and mechanical characteristics.

The performance of the artificial matrices can be further enhanced by incorporating

morphogenic factors and physiologically relevant biomechanical stimulations.

Strategic combination of polymeric scaffolds, multipotent cells, defined biological

factors, and biomechanical signals will lead to the successful reconstruction of

functional vocal fold tissues that can be used as an alternative treatment modality

for patients suffering from severe vocal fold disorders.
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Vocal Fold Physiology

One of the most remarkable mechanical devices Nature has engineered consists of

the two small folds of tissue comprising the vocal folds, which move together and

apart in a wave-like motion at frequencies of 100 to 1,000 Hz during sound

production. This great mechanical versatility is due to the unique structure, compo-

sition, and mechanical properties of the vocal folds.

Vocal Fold Structure and Composition

The human vocal folds are located in the larynx between the epiglottis and the

trachea. Two sets of folds appear in the larynx, the ventricular folds or false vocal

folds above and the true vocal folds below (Fig. 10.1) [1]. The true vocal folds are a

paired structure of roughly 11–21 mm in length and 1.6–2.6 mm in thickness,

muscle excluded. Upon exhalation, the vocal folds are driven into a wave-like

motion, creating a great variety of sounds. Structurally, the human vocal folds are

composed of five distinct layers: the vocalis muscle, the main body of the vocal

folds, is covered by the mucosa, which consists of a stratified squamous epithelium

and the lamina propria (LP). The lamina propria (LP) is a pliable layer of connec-

tive tissue which can be subdivided into three layers: the superficial lamina propria

(SLP), the intermediate lamina propria (ILP), and the deep lamina propria (DLP)

[3]. While all three layers are required for phonation, the vocal fold cover, com-

posed of the epithelium and the SLP, is the most important component of the vocal

fold vibrating structure. The ILP and DLP combined is called the ligament [2].

Vocal fold LP is an anisotropic, gradient structure, containing fibrous proteins,

interstitial substances, and cells that vary in concentration depending on the tissue

depth. The fibrous proteins, such as collagen and elastin, and the interstitial

molecules, such as hyaluronic acid (HA), constitute the extracellular matrix

(ECM) of the vocal fold LP [2]. By weight, collagen (predominantly type I and

III) is the most abundant protein in human vocal folds, representing 43% of the total

protein [4]. Collagen content is the highest in the DLP and is the lowest in the SLP

[3, 5]. The collagen fiber orientation, thickness, and density increase from the ILP

to the DLP [6, 7]. Elastin is the second most abundant protein by weight, taking up

an estimated 8.5% of the total protein. The mature elastic fibers are mostly present

in the ILP, although some elastic fibers can be found in the DLP [4, 8, 9]. As

opposed to collagen, the elastin content decreases as the vocalis muscle is

approached [4]. The elastic and collagenous fibers in SLP are immature and exhibit

smaller diameters, rendering the SLP loose and pliable [3]. On the other hand, the

ligament is mostly composed of those two fibers aligned almost parallel to the edges

of the vocal folds. The fibrous proteins provide vocal fold LP with structural

support, shape, form, and the ability to withstand stress [10, 11]. While collagen

contributes to the tissue tensile strength and stability, elastin is responsible for the
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tissue elasticity [4, 5, 9, 11, 12]. The presence of elastin in the vocal fold tissue

allows it to be stretched up to two times its normal length without losing its

resilience [9].

The interstitial components in the lamina propria surround the fibrous elements

[10]. Relatively minute by weight, they serve as space fillers in the tissue due to

their high molecular weight, abundant negative charges, and strong affinity for

water. Generally amorphous in nature, the interstitial components found in human

vocal fold LP include HA, fibronectin, fibromodulin, decorin, versican, and

perlecan [13]. HA is the major glycosaminoglycan found in LP and is differentially

enriched in the intermediate layer of the LP [4, 8, 9]. In addition to providing shock

absorbing properties, HA is a major modulator of the tissue viscosity [2, 14, 15].

HA’s presence in human vocal folds is evolutionarily beneficial due to the constant

trauma they are subjected to during phonation. Moreover, HA’s shear-thinning

properties create optimum conditions for phonation by decreasing the tissue stiff-

ness while vibrating [16]. Fibronectin is the most common glycoprotein found in

the vocal fold ECM and is present throughout the layers, facilitating cell–cell and

cell–ECM adhesion, cell migration, and differentiation, as well as the maintenance

of extracellular structure [15, 17]. Vocal fold composition varies with age and

gender, with men having 30% higher collagen content and three times more HA

than women [4, 9, 18]. On the other hand, elastin varies more by age than by gender,

with the elastin content increasing from the infant to the geriatric stage [8].

The vocal fold LP contains three types of cells: fibroblasts, myofibroblasts, and

macrophages [19]. Macrophages are the least abundant of the three cell types, being

present mostly in the SLP and playing a vital role in inflammatory responses.

Myofibroblasts are differentiated fibroblasts that contain muscle-specific actin.

They are most abundant in the SLP and are known to be involved in the reorgani-

zation and repair of the injured vocal fold tissue. Fibroblasts constitute the main

cellular component of the LP, accounting for 80% of cells in normal adult human

Fig. 10.1 H&E staining of healthy human vocal folds. F false vocal folds, T true vocal folds, E
squamous epithelium, LP lamina propria, M vocalis muscle. Courtesy of Dr. James B. Kobler,

Massachusetts General Hospital
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LP, and are responsible for the general maintenance of the connective tissue by

depositing, degrading, and rearranging the ECM. Vocal fold fibroblasts are present

throughout the layers of the LP. Despite the presence of those three different types

of cells, the human vocal fold remains hypocellular, with a total of 18 millions

fibroblasts per gram of wet tissue [7]. As a comparison, dermis accounts for 100

millions fibroblasts per gram of wet tissue.

Vocal Fold Development

Newborn vocal folds differ greatly from the adult ones, not only in composition

but also in structure. Newborn vocal fold LP is structurally and compositionally

uniform, consisting of only one layer rich in ground substances such as HA and

fibronectin, with sparse, immature fibrous components homogeneously distributed

throughout the LP. The layered structure starts to evolve in infancy and does not

become fully developed until adolescence. The fibroblasts in the newborn vocal fold

LP are immature, showing an oval shape and a large nucleus–cytoplasm ratio. During

infancy, fibroblasts are still sparse, but become spindle-shaped, and start to secrete

ECM molecules adjacent to the cell body. The elastic fibers remain sparse and

immature, mostly made of microfibrils. As the vocal folds continue to develop, the

amount of the fibrous components increase gradually and the ground substance

decreases proportionally, thereby slowly altering the microstructure of the vocal fold

LP [20]. This difference in the vocal fold composition, alongwith the absence of vocal

ligament, is thought to be responsible for newborns’ inability to articulate sounds [21].

Parallel to the evolution of LP ECM is the differentiation of the cellular

components. The LP monolayer at birth and shortly thereafter is hypercellular.

By 2 months of age, the vocal fold starts to differentiate into a bilaminar structure of

distinct cellular concentrations. Between 11 months and 7 years of age, a three-

layered structure starts to appear, showing different cellular population densities.

Although young vocal folds start to display a layered structure, such structure is not

comparable to the trilaminar structure seen in adult tissues, where the layers are

defined by their differential elastin and collagen fiber compositions. By 13 years of

age, the vocal fold becomes mature, displaying a hypocellular SLP, an ILP com-

posed mostly of elastin fibers, and a DLP composed mostly of collagen fibers,

similar to that seen in adult vocal folds [22, 23].

Vocal Fold Biomechanics

Fundamental understanding of the mechanical properties of the native vocal fold

tissues, both in tension and in shear, is an essential first step toward the development

of biomaterials-based strategies for vocal fold repair and regeneration. Titze and

coworkers assessed the stiffness of the vocal fold ligament using a home-made tensile
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tester. They found that the vocal ligament exhibits a nonlinear Young’s

modulus–strain relationship, with a Young’s modulus ranging from 33 kPa at low

strain up to 600 kPa at 40% strain [24]. This method is considered valid since the vocal

ligament experiences cyclic tensions at low frequencies of 1–10 Hz [25]. A commer-

cially available, parallel-plate rotational rheometer has been utilized to measure the

mucosa viscoelastic properties [26]. The results show that elastic shear modulus of the

human vocal fold mucosa varies from 10 to 1,000 Pa at frequencies of 0.01–15 Hz.

Within this frequency range, the dynamic viscosity of the tissue decreases monotoni-

cally with frequency. Since the vocal fold vibrates at frequencies well above 100 Hz,

these low frequency data may not accurately depict the true viscoelasticity of the

tissue. To overcome this limitation, a strain-controlled torsional rheometer was

introduced, thus extending the upper frequency limit to 50 Hz [27]. The results are

consistent with the previous measurements.

Rheometric tests are based on the assumption that the stress is uniform through-

out the thickness of the sample. For soft tissues such as vocal fold LP, such an

assumption is only valid at frequencies well below the lower limit of phonation

frequency [28]. Although other methods have been developed to measure the

viscoelastic properties of materials at high frequencies [29, 30], they either do not

allow the direct measurement of the shear modulus or are not compatible with the

small, thin sample geometries of the vocal fold tissue [31]. An alternative technique

has been invented by Clifton and Jia, treating the deformation of the sample as a

wave propagation problem [31–33]. Referred to as the torsional wave analysis

(TWA), this method allows the measurement of viscoelastic properties of soft

materials, including thin vocal fold tissues, at frequencies of 20–2,000 Hz.

In a typical setup, a thin cylindrical sample is mounted between two hexagonal

plates. The assembly is enclosed in an environmental chamber to maintain the

temperature and relative humidity at in vivo conditions. The bottom plate is

subjected to small oscillations by means of a galvanometer driven by a frequency

generator that steps through a sequence of frequencies. The motion of the top and

the bottom plates is monitored by a laser passing through a series of optical lenses.

The optical signal is collected by a photodiode detector and processed by an

oscilloscope (Fig. 10.2). At each frequency, measured rotations of the top and

bottom plates are used to determine the ratio of the amplitudes of the rotations of

the two plates. Comparison of the frequency dependence of this ratio with that

predicted for torsional waves in a linear viscoelastic material allows the storage

modulus and the loss angle (d), in shear, to be calculated by a best-fit procedure.

The reliability of this method has been validated theoretically and experimentally

[31, 32, 34]. TWA has been applied to measure the viscoelastic properties of the

native vocal fold tissues, as well as the hydrogel replacement materials at human

phonation frequencies [31, 33–36]. Accumulated data on porcine vocal folds

indicate that the newborn piglets have a softer vocal fold LP, with an average

elastic modulus in the range of 250–315 Pa. The vocal fold LP becomes stiffer as

the animal matures; the measured elastic modulus for pigs 2–3 years of age varies

from 1,000 to 3,000 Pa. The elastic modulus of human vocal folds from donors

60–90 years old (collected from National Disease Research Interchange, NDRI) lies
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in the range of 500–1,700 Pa. When compared with the synthetic hydrogels, vocal

fold tissues are significantly more viscous, with a tan(d) value generally greater

than 0.2. A perfect elastic hydrogel material has a tan(d) close to zero. Combining

TWA and histological analysis, we are constructing a database correlating the

viscoelastic properties of vocal fold tissues with their composition and

organization.

Vocal Fold Disorders

Voice plays a defining role in human social life. It is essential for a good quality of

life and is indispensible for about 25% of the American working population.

The occupations at the greatest risk for vocal fold disorders are singers, social

workers, teachers, lawyers, clergy, and telemarketers [37]. An estimated 3–9% of

Americans are affected by voice disorders [37]. Vocal folds can be damaged by

intubation, traumas, radiation, voice overuse and abuse, esophageal reflux, chemical

exposure, frequent cold/sinus infections [38], surgical treatments of benign lesions

and infectious and malignant lesions [25, 39]. The susceptibility to vocal fold

disorders varies depending on gender, age, and voice use patterns and demand.

Vocal Fold Scarring

Vocal fold scarring represents the leading cause of voice impairment [39], and the

SLP is particularly prone to scarring [40]. The decreased pliability and increased

Fig. 10.2 Schematic representation of the experimental setup for torsional wave analysis.[31]

Copyright permission from Springer
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stiffness associated with the scar tissues hinder the ability of vocal folds to vibrate

readily and continuously. Located at the edges of the vocal folds, the scar tissue

prevents the full closure of the vocal folds and disrupts the normal vibrational

patterns [41]. Microscopic changes in the vocal fold LP are responsible for the

increased stiffness and reduced pliability of the mucosal tissue [41]. Comprehen-

sive understanding of vocal fold scarring and wound healing are essential to the

development of novel biomaterials for the restoration of the vibratory functions of

damaged vocal folds.

The vocal fold wound healing responses, ranging from regenerative healing to

pathological scarring, depend on the cause of injury [25]. Unlike most soft tissues

in the human body, vocal folds are subjected to high-impact collisions on a

regular basis. Despite this high mechanical demand, the vocal fold function is

not easily compromised. This apparent resistance to mechanical stress originates

from the LP’s unique composition and structure, and the tissue’s limited capacity

to repair itself. All normal vocal fold LP contain differentiated fibroblasts

(myofibroblasts) with reparative properties [2]. The SLP has the highest

myofibroblast density, and the number of myofibroblasts decreases as the tissue

depth increases [2]. In fact, the epithelium and the SLP are competent at repairing

microscopic injuries without either engaging a full-scale wound healing response

or compromising the normal tissue function. However, when the scars reach a

macroscopic scale, or when vocal fold self-repair mechanism is inhibited (as in

the case of a chronic exposure to injurious stimuli), serious vocal fold pathologies

will develop [2, 42].

Acute phonotrauma, caused by voice overuse, usually resolves on its own.

The injury causes vascular network disruption, damages the basement membrane

zone, and disrupts the ECM homeostasis. Patients present vocal fold edema

(or laryngitis) and inflammation at the site of greatest stress. The healing response

usually manifests as an increase in inflammatory mediators such as interleukin

1b (IL-1b), tumor necrosis factor a (TNF-a), and matrix metalloproteinase

8 (MMP-8). If the acute phonotrauma persists, it becomes chronic. In this case,

the tissue is in a permanent tissue repair and scarring state. The edema of the acute

phonotrauma is then replaced by a benign vocal fold lesion and/or a scar. Examples

of those lesions are nodules, polyps, and cysts. While nodules are the result of a

disruption of the basement membrane zone with a separation of the epithelium from

the ECM, polyps appear as a more vascular injury, with less fibronectin deposition

and less basement membrane disruption [42]. Chemical injuries caused by inhala-

tion of chemical irritants such as cigarette smoke or gastroesophageal reflux,

usually cause a vast diffuse vocal fold edema. This edema is associated with

hemorrhage, increased fibronectin deposition, and thickening of the basement

membrane zone [42]. Most of those benign lesions can be resolved by treating

the underlying cause combined with speech therapy [25]. Carefully selected

patients that do not respond to those treatments may be candidates for

phonomicrosurgery [25]. Non-phonatory mechanical trauma is another important

cause of vocal fold injury. Intubation and complications from benign lesion

removal by phonomicrosurgery can both lead to permanent vocal fold scarring.
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Biochemistry of Vocal Fold Scars

To develop effective methods for the prevention and the treatment of vocal fold

scarring, it is important to understand the histological differences that lie between

scarred and normal vocal fold tissues, as well as the roles that ECM molecules play

during the wound healing process. Inspections of the scarred animal vocal fold tissues

reveal the presence of dense and disorganized collagen deposition, decrease or total

loss of elastin, increase of fibronectin, decrease or unchanged amount of HA, and

decrease of decorin and fibromodulin compared with the uninjured controls [39,

43–47]. A recent study on human vocal folds confirmed the excessive deposition of

collagen, and decrease of decorin in the scarred tissues [43]. Immediately after the

injury, there is a rapid increase in collagen production for up to 4 weeks. Thereafter,

the collagen synthesis starts to decline [48]. Initially, collagen fiber bundles are fine,

but progressively become thicker and more organized during the wound healing and

tissue remodeling process. This collagen maturation can last from 20 days to 1 year.

In contrast to collagen, elastin is found to be significantly less present in scarred VF

tissue, thus accounting for the poor elasticity of the latter [44].

In addition to being a key factor in controlling the viscoelastic properties of the

vocal folds, HA plays a wide variety of roles in all steps of wound healing. In the

early phase of inflammatory response, HA is abundant in the tissues, acting as a

promoter and a mediator of inflammation. Soluble fragments of HA upregulate the

expression of a few cytokines and induce the expression of inflammatory genes in

macrophages. HA’s presence in granular tissues is correlated to its role to facilitate

cell migration, cell proliferation, and matrix organization. HA accomplishes its

unique biological functions through its unique physicochemical properties and its

specific interactions with cells and ECM molecules such as collagen and fibrin. In

spite of HA’s important role in wound healing, there is no significant difference in

its content between the scarred and the healthy vocal folds [44]. Although HA

production peaks 48–72 h after injury in adult wounds, it quickly falls back to

normal or below thereafter [41]. In contrast, in fetal wounds, HA is present at high

levels for weeks. This high content of HA in fetal wounds, combined with the

ability of HA to suppress collagen synthesis, is thought to be responsible for the

scarless nature of fetal wound healing [49, 50]. Finally, fibronectin’s increase

in scar tissue seems to be directly related to its essential wound healing properties

[14, 16, 51]. Its mediating role is particularly critical in basement membrane zone

repair and reepithelialization [47].

As a result of the structural and compositional changes, the rheological properties

of scarred vocal folds are distinctly different from those of the normal tissues. The

scarred vocal fold LP exhibits an increase in elastic shear modulus and the dynamic

viscosity, thereby impairing its normal vibratory function [44]. It is important to note

that the alteration of the mechanical properties of the scarred vocal folds is just a

result of changes in the concentration of various ECM molecules; the disruption of

the normal relationship between ECM molecules and their organization also

contributes to the stiffness and viscosity increase in the scarred vocal folds.
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Tissue Engineering Strategies for Vocal Fold

Repair and Regeneration

Clinically available treatmentmethods for vocal fold disorders include voice therapy,

injection laryngoplasty, phonomicrosurgery, and framework surgery [41, 52]. While

voice therapy is effective in treating mild vocal fold abnormalities, laryngoplasty

and framework surgery are commonly applied to treat vocal fold paralysis. For the

treatment of vocal fold scarring, increasingly precise phonosurgical techniques and

microinstrument innovations have been developed [53, 54]. Unfortunately, these

techniques will only be minimally successful unless coupled with synthetic SLP

substitutes. To date, optimal treatment for vocal fold scarring has not yet been

realized, and new approaches need to be considered to restore the properties of the

scarred vocal fold to normal.

Tissue engineering holds great promise in reestablishing normal vibratory

characteristics to the damaged vocal folds, ultimately helping patients regain their

normal voice. Two basic paradigms for vocal fold tissue engineering can be

employed. The first method is based on a minimally invasive technique whereby

smart, responsive, and multifunctional biomaterials are directly injected into the

damaged vocal folds so as to afford in vivo synthesis of vocal fold ECM. The second

method relies on in vitro functional tissue formation by the appropriate combination

of cells, artificial scaffolds, biological cues, and mechanical stimulation. A combina-

tion of both approaches will likely be critical for addressing the significant challenges

posed by the tissue engineering of functional vocal folds. The field of vocal fold

tissue engineering is a fertile area that promises to bring exciting discoveries and help

reestablish normal vibratory characteristics to damaged vocal folds.

In Vivo Vocal Fold Treatment

Traditionally, injection laryngoplasty is applied to increase the bulk of the vocal

folds, improve the glottal closure, and alter the shape of the larynx, with the vocalis

muscle being the common injection site [55]. These approaches are not regenera-

tive in nature, and its long-term efficacy has been limited due to the implant

migration and resorption, chronic inflammation and foreign body reactions induced

by various implant materials that include Teflon [56, 57], calcium hydroxylapatite

[58], polydimethylsiloxane (PDMS) [59], polypropylene [60], fascia [61], fat [62],

and collagen [63, 64]. In the context of vocal fold repair and regeneration, we limit

our discussions to the direct injection of bioactive molecules, cells, biomaterials, or

their combinations to the vocal folds using minimally invasive procedures.

Growth Factor Therapy

Due to their critical roles in modulating the wound healing process, many growth

factors have been used as therapeutic agents for the treatment of vocal fold scarring,
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by direct injection to the injured vocal folds. The proven antifibrotic activity of HGF

in liver cirrhosis and lung fibrosis has motivated Ford and coworkers to investigate

the effects of HGF injection (with or without normal vocal fold fibroblasts) into

scarred vocal folds in a canine model. The HGF group presented much better results

than both the sham (saline injection) and the fibroblast/HGF groups in terms of

mucosal wave amplitude and incidence of vocal fold bowing, glottal incompetence,

and phase asymmetry. The histological data suggest that the HGF injection prevents

excessive collagen deposition and tissue contraction, thus reducing the effects of

scarring on the vibratory properties of the vocal folds [65]. Similar studies using

rabbit models confirmed previous observations. Moreover, rheological analysis

showed that the HGF treatment helps to maintain the viscoelastic shear properties

of the vocal fold [66]. In vitro studies show that HGF stimulated the production of HA

and decreased the production of collagen type I from the cultured fibroblasts, whereas

fibronectin production was not affected [67, 68].

Basic fibroblast growth factor (bFGF), known to stimulate fibroblast growth and

HA production, has been shown to restore the viscoelastic properties of vocal folds

in various animal models [69, 70]. In a recent human studies, Hirano et al. [69, 71]

treated patients with atrophied aging vocal folds by unilateral bFGF injection. A

significant improvement of aged vocal fold properties, with respect to mucosal

vibration, glottal closure, and voice quality, has been demonstrated. The beneficial

effects are attributed to the rapid bioactivity of bFGF that triggers many down-

stream biological mechanisms, altering vocal fold tissue properties a week after the

treatment [71]. Collectively, these studies suggest the therapeutic potential of

growth factor injection in the prevention and the treatment of vocal fold scarring.

The short half life and high diffusivity of growth factor molecules necessitate the

utilization of a drug delivery system to prolong their therapeutic effects. Direct

injection of HGF-laden, glutaraldehyde-crosslinked gelatin to the scarred dog vocal

folds has resulted in an enhanced mucosal movement and reduced scar formation 3

months later, highlighting the potential of a HGF delivery system in the treatment

of chronic vocal fold scarring [72]. Although this study represents a step forward in

the growth factor therapy, the hydrogel materials utilized do not provide ideal

growth factor release kinetics at the injection site. As discussed above, the wound

healing process is tightly controlled by various cytokins and chemokins that are

released by specific type of cells at the specific time and tissue location. Later in this

chapter, we discuss our efforts in engineering growth factor delivery systems that

recapitulate the scenario occurring in nature.

Injectable/Implantable Biomaterials for the Treatment

of Vocal Fold Scarring

Although temporary relief has been observed after various growth factor injections

in animal models, long-term repair has not been accomplished. Injectable bio-

materials are attractive alternatives for the treatment of vocal fold scarring.

Biomaterials designed for in vivo vocal fold repair should be injectable or readily
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implantable using minimally invasive procedures. Once injected, the material must

fill up the space, take up a defined geometry and smooth the edges of the vocal

folds. The materials must exhibit matching viscoelasticity to the native tissue at the

injection site and maintain their structure and properties during phonation. The

injectable materials should be biocompatible and remain at the site of injection for a

prolonged period of time (preferably more than 6 months) without inducing chronic

inflammatory responses. To imitate the active tissue repair process, the biomaterials

should be engineered to foster cell infiltration and enhance the scarless wound

healing process.

For in vivo vocal fold repair, HA-based matrices are the most attractive

candidates and have dominated the field because of HA’s relevance in vocal fold

physiology, wound healing, and biomechanics, as well as its biocompatibility and

non-immunogeneity, unique viscoelastic properties, commercial availability and

the presence of readily accessible reactive handles for chemical modification and

covalent crosslinking. In the following sections, we discuss various HA-based

hydrogels and insoluble meshes, either commercially established or under develop-

ment, for in vivo repair of the scarred vocal folds.

Commercially Available HA-Based Materials

Prophylactic use of HA or chemically modified HA derivatives has produced

favorable results in terms of vocal fold repair and subsequent functional recovery

[73]. Hylaform, a divinyl sulfone crosslinked HA gel, is commercially available

and has been injected into the vocalis muscle/vocal ligament of patients with glottal

insufficiency. Superior vocal fold status was observed 1 year after the initial

treatment [74]. However, the underlying mechanism for the long-lasting effect is

unknown. Restylane, a 1,4-butanediol diglycidyl ether crosslinked HA gel, has

been applied to treat vocal fold immobility; temporary medialization in animal

models [75] and in patients has been observed [76].

Another category of commercial HA derivatives that has been tested in clinical

settings is HYAFF produced by esterification of the carboxylic acid groups

of HA. Depending on the chemical structure of the ester group and the degree of

esterification, the products exhibit varying water solubility and in vivo residence

time [77]. Finck et al. implanted the fibrous mesh of HYAFF 11, 100% benzyl ester

of HA, into the LP of human patients after microdissection and removal of benign

lesions. The meshes remained at the implantation site for an estimated 2–6 weeks.

The implants are reported to be well tolerated by the majority of the patients with

no evidence of scarring. Patients treated with HYAFF 11 showed an overall

improvement in vocal performance [78]. It is unclear, however, whether the benign

lesions returned after the implant was completely resorbed.

A novel HA-based, synthetic extracellular matrix (sECM) system, originally devel-

oped in the Prestwich lab at the University of Utah, is composed of di(thiopropionyl)

bishydrazide-modified hyaluronic acid (HA-DTPH), di(thiopropionyl) bishydrazide-

modified gelatin (Gln-DTPH), and poly(ethylene glycol) diacrylate (PEGDA).
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HA-DTPH can be further stabilized against enzymatic degradation by hyaluronidase

using carboxymethylated HA (Fig. 10.3, CMHA-S). Under appropriate conditions,

crosslinking occurs through aMichael-type addition reaction between the thiol and the

acrylate groups. Mixing of HA-DTPH, Gln-DTPH, and PEGDA results in the forma-

tion of viscoelastic gels; no toxic by-products are produced during the crosslinking

[79]. The cytocompatible nature of the soluble precursors and the crosslinking chem-

istry permits in situ cell encapsulation and in vivo implantation. The mechanical

properties of the hydrogels can be varied by changing the concentrations of each

component and their relative ratio. This type of sECMs has been recently

commercialized by several companies using different trade names. Carbylan-SX™
refers to CMHA-S crosslinked by PEGDA, and Carbylan-GSX™ refers to the product

containing CMHA-S, Gtn-DTPH, and PEGDA. Extracel™ is reserved for products

used for 3D in vitro culture, as well as in vivo and in vitro tissue engineering. These

novel modular sECMs have been shown to support the attachment, growth, and

proliferation of a great variety of cells in a 3D environment. In vivo studies also

prove its efficacy in the engineering and repair of both soft and hard tissues [80–82].

Hansen et al. studied the effects of the Carbylan™ HA hydrogels on the tissue

repair of rabbit vocal folds. Bilaterally biopsied rabbit vocal folds were injected with

Fig. 10.3 Formation of Extracel™ by the covalent crosslinking of HA-DTPH, Gln-DTPH, and

PEGDA [79]. Copyright permission from the American Chemical Society
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Carbylan™-SX, HA-DTPH crosslinked by PEGDA and saline. Histological,

biochemical, and biomechanical evaluations of the vocal folds 3 weeks after the

treatment showed that Carbylan™-SX induced significantly less fibrosis than the

saline-treated controls; tissue elasticity and viscosity were improved in this group as

well [83]. In a parallel study, Duflo et al. compared the short-term (3 weeks after

injection) effects of Carbylan™-GSX and Carbylan-SX in the repair and regeneration

of rabbit models upon biopsy [84]. Although both Carbylan-SX and Carbylan-GSX

significantly improved tissue elasticity and viscosity, elevated hyaluronidase mRNA

levels were detected only in the Carbylan-GSX (with 20% w/w gelatin)-treated

groups. Another recent study focused on the late effects of HA-Gln gels in the

remodeling of the scarred vocal folds. Extracel™was injected into the biopsied rabbit

vocal folds. Six months post-injection, similar therapeutic effects, in terms of tissue

fibrosis, transcription levels of ECM molecules and tissue biomechanics, were

observed [85].

To further enhance the therapeutic potential of the Extracel™ products, human

bone marrow-derived, mesenchymal stem cells (MSCs) were mixed with the

soluble components before being injected into scarred rat vocal fold LP. After 1

month of repeated unilateral injections, quantitative PCR analysis and immunoflu-

orescence characterization revealed that the MSCs embedded in sECM exhibited

elevated levels of procollagen-III, fibronectin, TGF-b1, hyaluronidase, and

decreased levels of smooth muscle actin (SMA) gene expression compared with

MSCs alone controls. The embedded MSCs survived the injection and continued to

grow 1 month after the injection. This evidence suggests that injected MSCs–sECM

mixture is conducive to vocal fold ECM remodeling [86]. In summary, the

injectable Extracel™ can provide therapeutic effects to the scarred vocal folds by

improving the tissue viscoelastic properties and providing a benign environment for

vocal fold wound healing.

Novel HA-Based Materials Currently Under Development

There are some limitations associated with the commercial HA-based matrices.

For example, the crosslinking chemistries for Hylaform and Restylane are not com-

patible with cells and tissues. Hydrogels have to be synthesized prior to the injection.

The commercial products are in fact dilute suspensions of mechanically fragmented

hydrogel particles (HGPs). Consequently, the injectable formulations may not exhibit

the desired mechanical properties. Moreover, the chemistries do not permit ready

adjustment of the crosslinking density, thus the in vivo residence time of the gels

cannot be prolonged on demand. The Extracel™ technology overcomes many of the

limitations associated with the traditional HA hydrogels in that gels with the desired

viscoelasticity [87] can be formed in situ at the injection site and that the gel stiffness

can be modulated by varying the concentration of the constituent building blocks.

Depending on the formulation, gelation occurs within 5–30 min through the addition

reaction between the thiol and the acrylate groups [81].
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An alternative chemistry at our disposal is photochemically induced radical

polymerization. Photocrosslinking is particularly attractive because the liquid pre-

cursor can fill irregular tissue defects and becomes solidified within minutes of UV

irradiation. The UV light can be delivered locally to the vocal fold LP using a

minimally invasive surgical procedure and the viscoelastic properties of the resul-

tant gels can be readily tuned to match those of the normal tissue. Jia et al. have

developed a photocrosslinkable hydrogel system using a synthetic polymer-grafted

HA as the soluble precursor [33]. The conjugation of synthetic polymers to HA

offers a versatile method to fine tune the properties of the resulting copolymer. The

synthetic polymer employed was oligomeric random copolymers of 2-hydroxyethyl

methacrylate (HEMA) with N,N-dimethylacrylamide (DMAM). The resulting graft

copolymers were referred to as (HAox-g-Py) (y%: grafting percent) (Fig. 10.4). HA

and oxidized HA (HAox) were included as the controls. Modification of these

polymers with glycidyl methacrylate (GMA) rendered them radically crosslinkable.

Hydrogels were obtained by subjecting the aqueous macromonomer solutions to UV

irradiation in the presence of a photoinitiator. Grafting of 1.9 mol% P(HEMA-co-
DMAM) to the oxidized HA reduced the hydrogel swelling and improved their

enzymatic stability, and at the same time increased the gel stiffness. NIH 3T3

fibroblasts photoencapsulated in the HA-based networks remained viable immedi-

ately after encapsulation and after 3 and 7 days of culture, demonstrating the

compatibility of hydrogels derived from (HAox-g-P1.9)/GMA.
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The HA hydrogels discussed so far are macroscopic polymer networks derived

from molecularly dispersed, soluble precursors (monomers and multifunctional

crosslinkers or macromers) that are randomly interconnected, lacking the structural

complexity, mechanical integrity, and functional diversity seen in the natural ECM.

In most cases, increasing crosslinking density results in hydrogels with desirable

enzymatic stability. Unfortunately, the pliability of the hydrogels is compromised,

i.e., gels become too stiff relative to the target tissue. The inability to control the

degradation profiles and mechanical properties of the hydrogels independently

limits their utility in vocal fold tissue engineering. To overcome this limitation,

the Jia group at the University of Delaware has developed HA-based doubly

crosslinked networks (DXNs) using HA hydrogel particles (HGPs) as the micro-

scopic crosslinkers [34, 35, 88]. We have developed techniques for the production

of HA-based, covalently crosslinked HGPs of micron to submicron dimensions.

In our initial study, HA HGPs with an average diameter of 10 mm (HGP10) were

prepared by crosslinking HA derivatives carrying hydrazide (HAADH) and

aldehyde (HAALD) functionalities [89] within the inverse emulsion droplets

(water in mineral oil) stabilized by Span 80 [35]. In a follow-up work, Jha et al.

were able to decrease the particle size down to 0.9 mm (HGP0.9) by crosslinking

HA with divinyl sulfone employing a sodium bis(2-ethylhexyl)sulfosuccinate)

(AOT)/isooctane reverse micelle system in the presence of 1-heptanol [34, 88].

While HGP10 exhibit residual functional groups (aldehyde and hydrazide) after the

synthesis, sodium periodate oxidation was used to introduce aldehyde groups to

HGP0.9. Alternatively, modification of HGP0.9 with GMA rendered the particles

photocrosslinkable (HGP0.9-GMA) without altering their sizes significantly [90].

All three types of particles are nanoporous and cytocompatible; they are signifi-

cantly more stable against enzymatic degradations than their respective macro-

scopic gels of the same chemical make-up.

The reactive groups in HGPs (aldehyde or methacrylate) were used as reactive

handles for subsequent crosslinking with an HA derivative containing hydrazide

(HAADH) or methacrylate groups (HAGMA). The resultant macroscopic gels

contain densely crosslinked, nanoporous HA HGPs covalently interconnected by

a loose secondary network that is also HA-based, thereby hierarchical in nature

(Fig. 10.5). The viscoelasticity of the DXNs can be readily modulated by varying

the particle size, their surface functional group, intra- and inter-particle

crosslinking. The hydrogel viscoelasticity was quantified at low frequencies

(0.1–10 Hz) using a controlled stress rheometer and at high frequencies (up to

200 Hz) with a home-built torsional wave apparatus. The DXNs are stable, elastic

gels that become stiffer at higher frequencies; the dynamic viscosity decreases

linearly with frequency in log–log scale. The mechanical characteristics of DXN

are similar to that of vocal fold lamina propria. A close inspection of the cryoSEM

image (Fig. 10.5) for DXNs indicates a diffuse interphase between individual

oxHGPs and the matrix, which proves that the secondary network originates from

the particle surface. As a result, the secondary network can exert mechanical

constraints on the HGPs, leading to the deformation of HGP through the covalent

linkage between the secondary network and the HGP surface.
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We are interested in utilizing HA-based HGP for the treatment of vocal fold

scarring, not just as an inert filler material, but instead as smart entities that can

actively remodel the scar tissue. As discussed above, injection of growth factor

solutions into vocal folds does not lead to long-lasting therapeutic effects. It is well

known that the biological activity of growth factors depends not only upon its

identity, but also upon how it is presented to the cells in space and over time [91]. In

the HA DXN system, the controlled release of pharmaceutically active compounds

can be achieved through their anchorage at predetermined locales of the particulate

hydrogel system. For example, when model drug molecules of low and high

molecular weights (rhodamine 6 G: R6G; bone morphogenetic protein 2: BMP-2)

were loaded into HGPs prior to the formation of DXNs, a near zero-order release

kinetic with minimal initial burst has been observed [88, 90].

In the native ECM, growth factors are stored as an intact, latent complex through

their specific binding to ECM molecules including heparan sulfate proteoglycans

(HSPGs). HSPGs, alone or through their specific binding with heparin binding

growth factors, effectively modulate cellular growth, development, angiogenesis,

and tissue regeneration [92]. To emulate this feature in vitro, we [93] covalently

immobilized domain I of perlecan (PlnDI), an important HSPG expressed in many

ECM and basement membranes, to HA HGPs through a flexible PEG linker. When

compared with HGPs without PlnDI, PlnDI-conjugated HGPs (HGP-P1) exhibited

significantly higher BMP-2 binding capacity and distinctly different BMP-2 release

kinetics. Heparitinase treatment increased the amount of BMP-2 released from

HGP-P1, confirming the HS-dependent BMP-2 binding.While BMP-2 was released

from HGPs with a distinct burst release followed by a minimal cumulative release,

its release fromHGP-P1 exhibited a minimal burst release followed by linear release

kinetics over 15 days. The bioactivity of the HGPs was evaluated using micromass

culture of multipotent MSCs, and the chondrogenic differentiation was assessed by

the production of glycosaminoglycan, aggrecan, and collagen-type II. Our results

revealed that BMP-2-loaded HGP-P1 stimulates more robust cartilage-specific

ECM production as compared to BMP-2-loaded HGP, due to the ability of HGP-

P1 to potentiate BMP-2 and modulate its release with near zero-order release

Fig. 10.5 Scanning electron micrographs of HA hydrogel particles (Left: HGP10; Middle:
HGP0.9) and cryogenic scanning electron micrograph (cryoSEM) of HA DXN (right) [34, 35,
88]. Copyright permission from the American Chemical Society and Brill
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kinetics. Although R6G and BMP-2 are not applicable to the repair and regeneration

of vocal folds, the technology we have developed can be readily translated to

physiologically relevant molecules such as HGF and bFGF.

In Vitro Vocal Fold Tissue Engineering

In vitro tissue engineering aims to regenerate functional tissues or organs via the

strategic combination of polymeric scaffolds, viable cells, biological factors, and

biomechanical stimulations. The goal of vocal fold tissue engineering is to recapit-

ulate the vocal-like microenvironment in vitro so that cells residing in the artificial

matrices can maintain the vocal fold fibroblastic phenotype, readily proliferate and

produce an ECM that is structurally and compositionally similar to that of the native

tissue. Functional vocal fold tissue engineering relies on the rational investigation

of the roles of biological and mechanical factors in tissue repair and regeneration

[94]. The engineered tissue will then be implanted in the body, as a replacement for

the injured one. While cells are the major players in this process, artificial matrices

are indispensible for initiation of the proper cellular responses.

Biomaterials as Vocal Fold Tissue Engineering Scaffolds

Polymeric scaffolding to be used as the transient artificial ECM should (1) be

biocompatible and cell adhesive; (2) exhibit mechanical responses comparable to

the natural tissue; (3) be able to sustain repetitive high frequency vibration without

fatigue; (4) effectively transmit forces from the environment to the growing tissue

over prolonged periods of time; (5) have a degradation profile that mirrors the ECM

deposition; and (6) exhibit a spatial and temporal distribution of biological cues.

Many of the hydrogels described above for use as injectable materials have also

been evaluated for their potential in in vitro tissue engineering. For example, Chen

et al. assessed the potential of Carbylan-GSX in vocal fold wound repair and tissue

regeneration using the immortalized human vocal fold fibroblasts (see below).

When compared with cells cultured in Matrigel, similar morphology, cell marker

protein expression, proliferation, viability and apoptosis of the immortalized cells

were observed with Carbylan-GSX after 1 week of in vitro culture. Gene expression

levels for fibromodulin, transforming growth factor-beta I, and TNF-a were similar

between Carbylan GSX and Matrigel. Fibronectin, hyaluronidase 1, and cyclooxy-

genase II expression levels were induced by Carbylan-GSX, whereas interleukins 6

and 8, Col I, and hyaluronic acid synthase 3 expression levels were decreased by

Carbylan-GSX. While the immortalized cells adopted an elongated spindle-shaped

morphology when cultured on the surface of Carbylan-GSX, they were spherical in

shape, with the fibroblast marker clustered around the cell nuclei, after 72 h of

culture in the gel [95].
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Using readily available source materials, Hahn et al. investigated the ability of

collagen-alginate and collagen-HA composite hydrogels to support the ECM syn-

thesis by vocal fold fibroblasts. The composite gels are physical mixtures of

collagen and HA (or alginate) without any covalent stabilization. Collagen-HA

composites showed significant mass loss over 28 days of culture, with little

evidence of new matrix production. Collagen-alginate composites, in contrast,

resisted scaffold compaction and mass loss for at least 42 days in culture while

allowing for ECM synthesis. The authors conclude that collagen-alginate hydrogels

appear to be promising materials for vocal fold restoration [40].

The combination of chemically modified, covalently crosslinkable HA

derivatives with self-assembling collagen monomers offers an attractive strategy

to provide custom-made matrices that overcome the limitations associated with the

use of matrices based on HA or collagen alone. Farran et al. developed two types of

collagen/HA-based scaffolds for in vitro 3D culture of primary vocal fold

fibroblasts [36]. These scaffolds differ from one another in terms of the chemical

composition, structural organization, and mechanical characteristics. While type A

gels were composed of self-assembled mature collagen fibers reinforced by

HAALD, type B matrices contained immature collagen fibrils interpenetrated in

an amorphous matrix formed by HAADH and HAALD. The encapsulated vocal

fold fibroblasts attached to the matrix and proliferated over the 28 days of cell

culture (Fig. 10.6). In addition, cells maintained their fibroblastic morphology, and

expressed the genes related to ECM proteins present in vocal fold tissue. Type B

gels retained lower amounts of collagen and higher amounts of HA than type A gels

over the course of culture. Difference in the viscoelastic properties of the scaffolds

have also been observed, but interestingly such difference was reduced over the

course of culture. In fact, our results suggest the ability of the encapsulated

fibroblasts to reorganize the matrices and modulate their viscoelastic properties.

Comparison of the end point viscoelastic properties and histological structures of

both scaffolds to those of porcine vocal fold tissues revealed striking similarities,

implicating utility of these scaffolds for vocal fold tissue engineering.

For 3D cell culture, gelation should take place in the presence of homogeneously

dispersed cells, thus entrapping them in a macroscopic network when the

crosslinking (either physical or chemical in nature) is complete. In many synthetic

hydrogel systems, intact ECM components (e.g. collagen) or fragments of cell

adhesive domains, in combination with MMP sensitive peptide [96], have to be

incorporated in the matrices to enhance integrin-mediated cell attachment in the

matrix. In the absence of these bioactive components, however, the nanometer-

scale mesh size of many synthetic crosslinked hydrogel networks restricts the

encapsulated cells to a rounded morphology. Consequently, cellular processes

such as proliferation and migration that are essential for the early stages of

remodeling and tissue formation are severely inhibited. Webb and coworkers

investigated an approach for accelerating cellular remodeling based on the creation

of semi-interpenetrating networks (IPNs) composed of hydrolytically degradable

PEGDA macromers and native, enzymatically degradable HA. Although both HA

and PEG are well known for their non-adhesive properties, the addition of HA at
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concentrations of 0.12% w/v and greater supported fibroblast spreading throughout

the three-dimensional network (Fig. 10.7) and significantly increased proliferation

relative to control hydrogels without HA. Incorporation of HA resulted in relatively

small changes in hydrogel physical/chemical properties such as swelling, degrada-

tion rate, and elastic modulus. Fibroblast spreading was eliminated by the addition of

hyaluronidase inhibitors, demonstrating that cell-mediated enzymatic degradation

Fig. 10.6 Cytoskeleton

staining of the cell–gel

constructs cultured under

static conditions for 14 days.

F-actin (green) and nuclei

(blue) were stained with

phalloidin Alexa Fluor 488

and Draq-5, respectively [36].

Copyright permission from

Mary Ann Liebert, Inc.

Fig. 10.7 Representative

pseudo-colored composite of

confocal image sections of

fibroblasts at varying depths

within 6% w/v w/v PEG-bis-

AP-based semi-IPN

containing 0.12% w/v

hyaluronic acid after 14 days

in culture. Color scheme – red
(0 mm), orange (100 mm),

yellow (200 mm), green
(300 mm), pink (400 mm), and

blue (500 mm).[97] Copyright

permission from Elsevier
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of HA is a necessary mechanism responsible for the observed increases in fibroblast

activity. By tailoring the mechanical properties of the hydrogel matrix, at the

same time, accelerating early cellular remodeling and growth these semi-IPNs

may be useful vehicles for cell transplantation in vocal fold tissue engineering

applications [97].

HA-based hydrogels complemented with collagen and/or biocompatible syn-

thetic polymers have been the dominating choice of materials so far. There exist a

wide variety of other synthetic materials that have been proven promising as tissue

engineering scaffolds. Particularly, a 15 amino acid-long, facially amphiphilic

peptide has been commercialized as PuraMatrix™ by BD Bioscience for 3D cell

culture purposes. This peptide contains alternating hydrophilic and hydrophobic

amino acid residues. The hydrophilic residues, in turn, alternate between being

positively and negatively charged. Upon exposure to cell-culture media, the peptide

self-assembles into b-sheets that further stack to form double-walled nano-ribbons,

which further entangle physically to form macroscopic gels. The resulting

hydrogels contain nanofibers of 7–10 nm in diameter, and 50–400 nm sized

nanopores, reminiscent of the morphological characteristics of natural ECM.

Despite their low mechanical strength, these hydrogels have been used for the

3D culture of vocal fold fibroblasts in a condition medium containing various

growth factors including TGF-b1, bFGF, or HGF. After 21 days of cultures, it

was found that TGF-b1 induced matrix contraction and enhanced collagen and

sulfated glycosaminoglycan production, bFGF effectively increased cell prolifera-

tion, and HGF stimulated synthesis of hyaluronic acid and elastin with less collagen

accumulation than other conditions. It was concluded that HGF is most useful

for stimulating essential tissue components for restoring vocal fold pliability [98].

One of the major limitations of the materials discussed above is their low

mechanical strength. Abundant literature suggests that mechanical signals have

profound effects on cellular functions including growth, differentiation, apoptosis,

motility, and gene expression [99]. Furthermore, cells are known to preferentially

differentiate on artificial extracellular matrices that have mechanical stiffness similar

to that of their natural tissues [100, 101]. These discoveries underscore the impor-

tance of engineering hydrogel matrices with high strength and appropriate elasticity

to maintain the desired cell phenotype and to effectively transmit the external

mechanical forces to the encapsulated cells [102, 103]. This is particularly important

for the engineering of the most mechanically active tissue in the human body.

Our group has developed elastomeric hydrogels by mimicking the molecular

architecture and mechanical properties of natural elastin. Elastin achieves its

excellent mechanical properties through a multiblock copolypeptide structure com-

posed largely of two types of short segments that alternate along the polypeptide

chain: highly flexible hydrophobic segments composed of VPGVG repeats, with

many transient structures that can easily change their conformation when stretched;

and alanine- and lysine-rich a-helical segments, which form crosslinks between

adjacent molecules via the action of lysyl oxidase in the ECM [104]. Our strategy

involves the synthesis of multiblock hybrid polymers consisting of flexible syn-

thetic polymers alternating with alanine-rich, lysine-containing peptides that are the
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structural component of the hydrophilic crosslinking domains of natural elastin

(Fig. 10.8) [105]. Specifically, multiblock elastin mimetic hybrid polymers were

synthesized via a condensation polymerization approach employing orthogonal

click chemistry using azide-functionalized, telechelic PEG and alkyne-terminated

peptides [X(AKAAAKA)2X, X: propargyl glycine, A: alanine, K: lysine] as the

macromonomers. Covalent crosslinking of the resulting multiblock copolymers by

hexamethylene diisocyanate (HMDI) was achieved universally through the lysine

side chains of the peptide domain to form urea linkages. When compared with the

dry samples, the fully swollen hybrid hydrogels are softer and more compressible,

consistent with results observed for natural elastin [106]. Moreover, the hybrid

hydrogels exhibit similar compressive properties to a hydrophobic polyurethane

elastomer (Tecoflex™ SG80A) widely used for tissue engineering applications.

The elastin mimetic hybrid hydrogels are capable of rapid recovery from mechani-

cal stress, as evidenced by the remarkable overlapping loading–unloading curves in

the cyclic compression tests. To promote integrin-mediated cell adhesion to these

gels, fibronectin-derived GRGDSP domains have been included in the peptide

building blocks. Human neonatal foreskin fibroblasts are able to attach and prolif-

erate readily on RGD-containing, HMDI-crosslinked copolymers. The modular

nature of the design, coupled with the chemical nature of the synthesis, permits

facile adjustment of mechanical, morphological, and biological properties of the

resulting polymers [107]. Although the elastin mimetic hybrid copolymers have

desirable material properties, their production requires multi-step chemical

transformations and solid phase peptide synthesis, thus making it difficult to scale up.

Cell Source

Currently, available cell sources for vocal fold tissue engineering include mature

vocal fold fibroblasts, immortalized vocal fold fibroblasts and multipotent MSCs.
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Fig. 10.8 Elastin mimetic hybrid polymer (EMHP) synthesized by step growth polymerization

using orthogonal click chemistry [107]. Copyright permission from the American Chemical

Society
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The use of primary vocal fold fibroblasts of human origin has been problematic

because normal vocal fold is difficult to obtain without compromising the integrity

of the tissue, and if obtained, the number of cells is hardly sufficient for tissue

engineering purposes. Under current in vitro conditions, human vocal fold

fibroblasts possess a relatively short replicative life span. After a series of population

doublings, primary cells enter a state where they no longer divide, marked by distinct

change in cell morphology, gene expression, and metabolism. Recently, Thibeault

and coworker developed the immortalized human vocal fold fibroblasts by trans-

ducing primary vocal fold fibroblasts with a retroviral vector-containing human

telomerase reverse transcriptase (hTERT) gene [108]. Although the immortalized

human vocal fold fibroblasts are a suitable model system for in vivo studies,

translation into the clinic will be challenging [95]. On the other hand, skin fibroblasts

can be easily extracted from the patients by skin biopsy and be expanded in culture.

They can be genetically reprogrammed by vocal fold-specific mechanical and

chemical signals to produce vocal fold LP-like ECM [109, 110].

Alternatively, multipotent MSCs can be obtained from a variety of adult tissues

and be readily expanded in culture without signs of senescence [111, 112]. MSCs

have been successfully differentiated into osteoblasts, chondrocytes, adipocytes,

and nerve cells under defined in vitro culture conditions [113]. Hertegard et al.

injected MSCs into scarred rabbit vocal folds. Rheological analysis 4 weeks post-

injection showed that the injection of MSCs resulted in a decrease in elastic shear

modulus and dynamic viscosity, compared with the saline-treated vocal folds [114].

Pluoripotent human embryonic stem cells (hESCs) are also potential sources for

cell transplantations. Cedervall et al. were the first to report the injection of hESCs

into lesions of scarred rabbit vocal mucosa and superficial thyroarytenoid muscle.

While the hESC injection improved the viscoelastic properties of the injured vocal

folds, compared with the saline-treated controls, a low degree of cell survival was

detected [115]. In both cases, it is unclear how the injected cells behave in the tissue

and whether they eventually differentiated, and if so, into what lineages. The long-

term effects of stem cell injection remain unanswered. Direct injection of hESCs

into the vocal fold carries the risk of tumor formation. Systematic investigations on

the differentiation of MSCs in a well-controlled, biomimetic in vitro environment

are necessary for the establishment of stem cell technology in vocal fold

regeneration.

Biomechanical Stimulations

Recent studies have underscored the importance of mechanical signals in mediating

cellular functions [102, 116]. Mechanical stress, in a tissue or in a construct, can

regulate the synthesis of ECM molecules indirectly by stimulating the release of

growth factors, or directly by triggering an intracellular pathway that will activate

the corresponding genes [116]. Fibroblasts sense force-induced deformations in

their ECM through integrin and transduce them into biochemical responses
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[102, 116]. Although the effects of mechanical stimulations on the behavior of

chondrocytes, osteoblasts, smooth muscle cells, and fibroblasts (skin and muscle)

have been well documented [105, 116–120], only a few studies have examined such

effects on vocal fold fibroblasts due to the difficulty in replicating the demanding

biomechanical environment in vitro [121, 122].

It has been postulated that the development of the vocal folds is shaped by the

tasks that are required [23]. In other words, the mechanical tasks that the vocal folds

are asked to engage in and accomplish increase in complexity over time. This

mechanical stimulation prompts cellular differentiation and tissue development and

maturation. To provide a biomimetic microenvironment for vocal fold tissue engi-

neering, it is critical to impose high frequency vibrations coupled with longitudinal

tension to the tissue engineering scaffolds to simulate the mechanical environment

experienced by the cells. Titze et al. were the first to describe a bioreactor for the

cultivation of vocal fold fibroblasts under vibratory stimulation [2, 121, 123]. In their

design (Fig. 10.9), a low frequency (or static) actuator was coupled to a series of

connectors and levers to provide axial substrate elongation. The high frequency

vibratory stimulus to the scaffolds was generated using a voice coil actuator

connected to a lever, which is attached to a vibrational bar. This bar moves the four

vibrator arms in the flask, creating a vocal fold-like biomechanical environment.

A porous polyurethane substrate containing primary vocal fold fibroblasts was

subjected to vibrational stimulations at frequencies of 20–200 Hz. Results showed

that the vibrational stress altered the expression levels of many ECM-related genes,

as well as the spatial distribution of both cells and the matrix components. Particu-

larly, 20% axial strain and vibration at 100 Hz for 6 h resulted in a significant increase

in fibronectin, MMP-1, HA synthase 2, and CD44, with respect to static control.

Alternatively, the Jia group has designed a bioreactor which not only allows the

vibration of constructs at phonation frequencies, but also vibrates them in a wave-

like motion similar to that of vocal folds during phonation [124]. The bioreactor is

composed of an enclosed speaker driven by a function generator and a power

amplifier, a T-75 flask modified to accommodate the vibration tubes and a colla-

gen-coated, silicone membrane covering the vibration tube. A rigid plastic tubing

effectively secures the membrane, creating a small vibration chamber (13 mm wide

and 3 mm deep) for dynamic cell culture. Our preliminary data show that neonatal

foreskin fibroblasts cultured on the silicone membrane respond to the vibrational

stimulations through the alteration of their gene expression levels of essential ECM

proteins in a frequency- and amplitude-dependent manner. These results confirm

our hypothesis that fibroblasts can be manipulated by physiologically relevant

mechanical stimulations to produce the ECM molecules necessary for vocal fold

tissue repair or regeneration.

A more user-friendly, readily adjustable and microscope-compatible bioreactor

(Fig. 10.10) has been recently fabricated. The overall bioreactor design consists of a

siliconemembrane sandwiched between a pair ofmountable acrylic blocks containing

matching ridges and grooves that lock the membrane in place. Four corner screws

connect the top and the bottom plates, essentially creating a water-tight vibration

chamber that allows for cells to be cultured dynamically. Upon completion of cell
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Fig. 10.9 Vocal fold bioreactor designed by Titze and coworkers [121]. Copyright permission

from Elsevier

Fig. 10.10 Digital picture of the Delaware bioreactor showing six parallel vibration chambers

assembled on a portable stage. Insert shows the side view of the vibration chamber [124]
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culture, the acrylic blocks containing cultured cells and media can be readily removed

from the platform, allowing cells to be directly imaged without having to disassemble

the acrylic plates and disrupting the cultured cells. The new design also incorporates

an adjustable knob underneath the membrane, through which the pre-stress across the

membrane can be adjusted prior to the initiation of vibration. The entire bioreactor is

portable and can be fitted into an incubator easily. Our invention has been described in

a US non-provisional patent recently filed [124]. With the bioreactor fully

characterized, we are exploring the possibility of engineering vocal fold LP using

human bone marrow-derived MSCs and the synthetic ECMs.

In Vitro Vocal Fold Tissue Engineering

Successful in vitro engineering of vocal fold tissue requires that the interplay of

cellular, molecular, and physical factors present in vivo be replicated with high

precision. Essential tissue engineering components are (1) biologically active,

synthetic scaffolds, (2) multipotent cells, (3) morphogenic factors presented in a

spatial and temporal manner, and (4) physiologically relevant biomechanical

stimulations. Innovative systems have to provide a tight control over the environ-

mental parameters so that the cellular responses can be readily mediated.

Vocal fold tissue engineering is an unexplored field; only a limited number of

groups in the USA, us included, are actively pursuing this goal. In a recent study,

Webb and coworkers [125] investigated the effects of physiologically relevant

vibratory stimulations on gene expression and protein production by fibroblasts

encapsulated within HA hydrogels that approximate the viscoelastic properties of

vocal mucosa. Primary human dermal fibroblasts were used in the place of vocal

fold fibroblasts and photocrosslinkable, methacrylated HA, in conjunction with

fibronectin-derived cell adhesion peptide (GRGDS), was used to create the artificial

matrix. The vocal fold bioreactor previously designed by Titze et al. was used to

generate high frequency mechanical stimulations. After overnight equilibration

under static conditions, the constructs were subjected to a 2 s on/2 s off vibrational

regimen for 4 h/day at 100 Hz for up to 10 days. Their results show that vibrational

stimulations significantly increased the mRNA levels of HA synthase 2, decorin,

fibromodulin, and MMP-1, but did not lead to significant changes in collagen and

elastin expressions. Interestingly, the expression levels exhibited a temporal

response, with maximum increases observed after 3 and 5 days of vibratory

stimulation and significant downregulation observed at day 10. Furthermore, the

stimulations increased the production of sulphated glycosaminoglycans, but

decreased the amount of collagen accumulated after 5 and 10 days of culture.

Cell-mediated cellular and matrix remodeling has also been observed. This study

undoubtedly confirms that vibration is a critical epigenetic factor in regulating

vocal fold ECM. The recreation of the phonatory microenvironment in vitro is a

promising strategy for the engineering of functional vocal fold tissue.
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Conclusion

This chapter describes the basic physiology of healthy and diseased vocal folds and

highlights efforts toward in vivo tissue repair and in vitro tissue engineering.

Although the principle of tissue engineering has been established for over

30 years, only until very recently was it applied to target the vocal folds. While

direct injection of cells, growth factors, biomaterials or their combinations has

improved histological, rheological, and/or functional outcomes relative to untreated

control injuries, long-term repair, or complete recovery of native tissue structure

and function, has not been achieved. Biomaterials that not only meet the biochemi-

cal and biomechanical requirements of the vocal folds, but also elicit an active cell

remodeling and a scarless wound healing process have yet to be synthesized. On the

other hand, Nature provides ample inspirations for the development of biocompati-

ble and biodegradable materials, whose material properties and biological

responses can be readily tailored for specific tissues. Recapturing the molecular

architecture, multiscale organization, chemical, and mechanical responsiveness of

the native ECM will likely lead to the generation of robust, dynamic, and informa-

tion-rich biomaterials that will provide guidance cues to the embedded cells. As

insight continues to be gleaned from vocal fold physiology and developmental

biology, more intelligent and complex hydrogel materials will likely emerge as

conducive matrices for vocal fold tissue repair and regeneration [107, 126, 127].

Future studies integrating biomimetic scaffolds, multipotent cells, soluble factor

delivery, and mechanical stimulation into unifying constructs are likely to achieve

synergistic improvements. Successful engineering of functional vocal folds cannot

be successful without interdisciplinary collaborations between clinical otolaryn-

gologists, molecular biologists, and materials scientists.
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Chapter 11

Nonviral Gene Delivery for Applications

in Regenerative Medicine

Kory Blocker and Millicent Sullivan

Abstract To promote tissue repair and regeneration, much research in the field of

tissue engineering has been aimed at the development of synthetic three-dimensional

scaffolds to maintain the space and provide the mechanical support necessary for

tissue development. However, to regenerate functional tissue of the same quality as

natural tissue, the release of biochemical cues from these synthetic matrices will be

necessary. While both bolus injection as well as polymeric encapsulation of proteins

has been shown to stimulate regenerative processes, proteins have a fragile three-

dimensional structure, which can be costly and difficult to synthesize. Because of the

increased stability of DNA in comparison with proteins, plasmids may be used to

stimulate gene transfer and localized expression of plasmid-encoded proteins to

promote tissue development. However, due to the multiple barriers to gene transfer,

a gene delivery vehicle must be carefully designed to impart control over the spatial

and temporal release of the DNA. Furthermore, as the cellular processes involved in

directing tissue repair are complex, delivery must be well controlled and stimulate

gene expression that mimics the natural release processes of target growth factors and

other proteins. Thus, this chapter will discuss the delivery control imparted by various

mechanisms of gene transfer including bolus, polymeric, and substrate-mediated

delivery. Matrix-controlled delivery methods for regenerative medicine applications

will be explored in depth. Ultimately, to reform tissue of the necessary quality and

functionality, the appropriate spatial and temporal patterning of gene expression

profiles within targeted cells will need to be attained by synthetic systems.

Tissue engineering approaches have great potential for facilitating functional tissue

repair and regeneration. Thus, much effort has gone into the development of synthetic
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scaffolds that provide mechanical support and maintain the three-dimensional (3D)

space necessary for tissue development. The paradigm of artificial extracellular

matrix (aECM) creation involves biomimicry to produce well-organized materials

that maintain a highly hydrated environment with strength, stability, and the ability to

resist compressive forces [1]. The biodegradability, porosity, and mechanical

properties of aECM are critical for tissue repair or regeneration, and must be carefully

selected for a given application. For example, while large pores induce the infiltration

of cells, they limit the ability to create vasculature given that endothelial cells cannot

traverse pores greater than a cell diameter [2]. In addition to its structural role, aECM

must also facilitate cellular adhesion and regulate the delivery of soluble proteins like

growth factors, which are critical modulators of gene expression by cells in

engineered tissues [1]. Natural ECM binds, stores, and releases soluble biochemical

cues, enabling control over tissue remodeling and regeneration [3]. Synthetic matri-

ces must have a similar capacity to guide gene expression [1].

The cellular processes that direct tissue repair are often complex, and involve

coordinated cellular activities and coupled signaling pathways. For example, the

wound healing response involves complex interactions between different cells,

ECM, and soluble biochemical cues to induce the proliferation, migration, and

differentiation of several cell types to create a new matrix and promote actions such

as angiogenesis, nerve sprouting, and/or production of hair follicles and glands,

depending on the location and severity of injury [4, 5]. The interconnections

between external stimuli, cellular behaviors, and tissue impact are detailed in

Fig. 11.1. In particular, the creation of mature blood vessels requires a cascade of

morphogenetic processes consisting of the coordinated actions of several cytokines

and cellular signaling pathways [11, 12]. These activities initiate neovessel forma-

tion by inducing endothelial cell activation, proliferation, and migration; vessel

formation terminates with the stimulation of smooth muscle cells and pericytes,

which surround the mature blood vessels and seal off the new vasculature [12, 13].

Therefore, materials must be generated that can couple cell–ECM and cell–cell

adhesion patterns with spatially and temporally controlled delivery of soluble

biochemical cues to direct cellular behavior toward the development of fully

functional vessels or other tissues [2]. This chapter will detail the motivation and

advantages of biomaterial-mediated nonviral gene delivery to promote tissue repair

and regeneration. The general challenges to therapeutic delivery for tissue regener-

ation and the rationale behind nonviral gene therapy, in particular, will be reviewed.

Mechanisms of gene transfer including bolus delivery, polymeric delivery, and

substrate-mediated delivery will be discussed.

Requirements for Therapeutic Delivery

Both the rate of release of a given growth factor or cytokine and the sequence of

delivery for all factors involved in a process are critical in therapeutic delivery.

Growth factors enable cellular manipulation by binding to receptors on the
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cellular membrane and are able to mediate tissue development at very low

concentrations [14, 15]. Furthermore, the complexity of processes such as

angiogenesis may require multiple growth factors to be released to produce

functional tissue [16]. For example, although vascular endothelial growth factor

(VEGF) is considered to be the most potent stimulator of angiogenesis [17], members

Fig. 11.1 Cellular behavior in tissues is regulated by complex signaling pathways that are

influenced by interactions with ECM via integrins, binding to soluble biochemical cues, cell–cell

interactions, and detection of external mechanical or chemical stress via cilia [6, 7] (as shown) or

hemichannels [8]. These external cues control internal gene expression, determine cellular pheno-

type, and ultimately affect tissue growth response. Adapted by permission from ref. [9] (Copyright

2002 John Wiley &Sons, Inc.) and ref. [10] (Copyright 2005 Macmillan Publishers Ltd.)
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of the VEGF family including VEGF-A, -B, -C, -D, -E, -F and placental growth

factor (PlGF) [13, 17–20], members of the angiopoietin family [13, 18, 21],

hepatocyte growth factor (HGF) [20], angiotensin-1 [20], and at least one member

of the ephrin family [18] are collectively required to induce endothelial cells to

produce neovessels. For mature blood vessel formation, other growth factors

including platelet-derived growth factor (PDGF) [13, 21–24], transforming growth

factor-b (TGF-b) [13, 19, 21–24], and fibroblast growth factor (FGF) [13, 19, 20]

are required. FGF induces upregulation of VEGF, promotes endothelial cell prolif-

eration and migration, and is critical in neovascularization, while PDGF and TGF-b
are necessary to recruit smooth muscle cells and pericytes that promote ECM

deposition and stabilize neovessels [13, 19]. Recently, heparin binding-epidermal

growth factor (HB-EGF) has demonstrated a possible role in angiogenesis [19].

Additionally, transcription factors [22] and chemokines [19] have been shown to

regulate the development of vasculature. For example, the use of transcription

factors including homeobox protein Hox-A3 [25] and cardiac ankyrin repeat pro-

tein [26] have been shown to enhance cell migration and angiogenesis in several

animal models. The process of delivering therapeutic biomolecules to induce the

formation of functional vessels will require all of these factors to be delivered and

used in a complementary and coordinated manner [18]. Thus, doses must be

localized and carefully controlled by delivery strategies.

Therapeutic Protein Delivery

Previous studies have shown that regenerative processes can be stimulated by bolus

delivery of growth factors or cytokines, either intravenously or via localized

injection. For example, the delivery of angiopoietin-1 (Ang-1) combined with

VEGF has been shown to increase the amount of neovascularization compared

with the delivery of either Ang-1 or VEGF alone in both ex vivo and in vivo models

[17]. However, even though high local concentrations of these factors are unneces-

sary [10], bolus administration of growth factor proteins requires large doses

because most of the material is immediately cleared from the body [27]. Further-

more, current strategies suffer from an inherent loss of protein activity as well as

decreased mobility due to the protein size [28].

Polymeric encapsulation of proteins has been shown to help in therapeutic

delivery. The degradation profile and pore size of these polymeric release systems

are important for controlling the protein release profile. For instance, in a murine

hindlimb ischemic model, it was shown that releasing FGF-2 from gelatin

crosslinked with poly(L-lysine) (PLL) or poly(L-glutamic acid) (PLG) produced

substantial angiogenesis for 4 weeks, at which point the angiogenic capacity began

to decrease due to growth factor exhaustion and scaffold biodegradation [29].

Similarly, VEGF165 released from matrix metalloproteinase (MMP)-sensitive,

Arg-Gly-Asp (RGD)-containing polyethylene glycol (PEG) networks induced com-

plete remodeling of connective tissue containing new vasculature when the
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networks were implanted subcutaneously in rats [30]. Prolonged growth factor

presentation and retention have also been achieved by covalent immobilization of

VEGF121 to fibrin gels, which resulted in endothelial cell growth in a dose-depen-

dent manner in vitro [27], and covalent crosslinking of VEGF in fibrin glue allowed

for sustained release of bioactive VEGF from a subcutaneous implant in a mouse

model [31]. However, in studies where FGF-1 and heparin were co-encapsulated in

a fibrin glue, a burst release profile similar to bolus delivery profiles was observed

with 70% of the growth factor released to the media after 24 h [32]. Thus, the

materials used for polymeric delivery must be carefully manipulated such that a

prolonged and sustained release profile may be obtained.

On the whole, protein therapies are well-established and have several benefits,

including their predictable pharmacokinetics and therapeutic levels as well as the

absence of long-term side effects [10]. Unfortunately, proteins have very short half-

lives in vivo when delivered directly and may be denatured by encapsulation

processes [12, 33–38]. Additionally, despite the high cost of recombinant proteins

[12], they do not always provide the therapeutic benefit of natural proteins due to their

atypical post-translational modifications [33, 34]. Therefore, a gene delivery

approach in which cells would be modified to synthesize and deliver gene-encoded

factors in a time-regulated and locally restricted manner to the desired location would

overcome many limitations associated with the application of recombinant proteins

[28]. The stability of plasmid DNA (pDNA) as well as the ability to manipulate the

gene sequence to encode various proteins that introduce specific functions [39] have

promoted the approach of transfecting cells with therapeutic protein-encoding DNA

to enable cellular production of the encoded proteins in situ [40, 41].

Therapeutic Gene Delivery

Gene delivery is a newer area than protein delivery, and thus less is known about the

long-term side effects and relative toxicity of delivered transgenes. Gene delivery

can prolong and sustain the expression of transcription factors and/or growth factors

as well as provide mechanisms to regulate the expression and delivery of multiple

biochemical cues [12]. Reductions in gene expression by gene knock-out can also

help with regenerative processes [17, 42–44], and have been accomplished by the

use of antisense oligonucleotides and, more recently, small-interfering RNAs

(siRNAs). DNA and RNA have been packaged within both viral and nonviral

vehicles. Although viral delivery is currently more efficient than nonviral gene

delivery, some viral vectors such as the adenoviral vector suffer from limitations on

the gene size (36–38 kb) [45]. Viral vectors also raise safety concerns [46, 47] as

they have the potential to mutate or recombine with wild-type viruses or cause

cellular damage following repeated exposure [48]. These potential issues have led

to the exploration of nonviral delivery methods, which provide control over the

chemical and physical properties of the vehicle [49, 50]. pDNA can be

manufactured using existing fermentation technology [28]. Low levels of transgene

expression are sufficient for tissue repair and regeneration [28] and can be produced
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via transient transfection [51]. Furthermore, nonviral gene delivery has the capabil-

ity to coordinate delivery of the multiple growth factors that are required to form

complex tissues such as vascular networks [20, 21].

Similar to the direct injection of proteins, the direct injection of plasmids has

efficacy issues as it produces heterogeneous transgene expression in target tissues.

Controlled design of a delivery vehicle may impart more control over the release

profile, enable homogeneous transfection in a desired region [12, 20], and promote

prolonged and sustained protein expression at adequate levels for tissue formation

[21]. Additionally, it has been shown that the type of gene delivery vehicle employed

has a large impact on the efficiency of gene transfer [28]. The vehicle must overcome

multiple in vivo barriers to prevent degradation of the plasmid and promote localized

and effective delivery [52]. The gene delivery systems discussed throughout this

chapter will primarily be focused on nonviral methods to deliver pDNA. Bolus

delivery methods will briefly be reviewed, and matrix-controlled delivery methods

designed for regenerative medicine applications will be explored in depth.

Bolus Gene Delivery

Bolus gene delivery involves the direct introduction of a DNA formulation into the

bloodstream or a tissue over a short period of time. Bolus delivery is limited by

mass transport issues and deactivation process such as degradation, aggregation,

and clearance from the system [53]. A successful gene delivery vehicle must

traverse the bloodstream, localize to and be internalized by target cells, escape

the endosome (if taken up via an endocytic pathway), enter the nucleus, and dis-

assemble to enable transcription [54]. Thus, plasmids have been packaged into

particles that are designed to overcome these extracellular and intracellular barriers

(Fig.11.2). Spatial and temporal control over the administration of these particles can

be achieved in vivo by a variety of methods, including delivery through catheters or

direct tissue injection [55–65]. Additionally, modification of the delivery vehicle

with receptor-specific ligands permits targeting to specific cells or tissues [66–70].

DNA complexes are typically formulated by the self-assembly of pDNA with

cationic liposomes (to form lipoplexes) or polymers (to form polyplexes) as

represented in Fig. 11.3. These complexes have been shown to protect DNA by

providing a barrier against nucleases, serum factors, and liver scavengers, thus

limiting certain paths of DNA elimination from the body [71, 72]. The positive

charge of lipoplexes and polyplexes enables interaction with the negatively charged

cell-surface glycosaminoglycans and promotes passive cellular internalization

[52, 72–76]. Moreover, in many cases, the complexes are able to escape the

endosome to be released to the cytosol [75, 77]. It is hypothesized that polyplexes

are able to escape the endosome via the “proton sponge effect,” in which the

buffering capacity of the cationic polymer leads to an osmotic pressure increase

when the endosomal pH drops, ultimately causing the endosome to rupture and

release the polyplexes to the cytosol [78]. Although a similar buffering effect may

be active for lipoplexes [78], it is generally theorized that lipoplexes escape the
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Fig. 11.3 (a) Polyplex formation spontaneously occurs when DNA (blue) is mixed with a cationic

polymer (purple). Polyplexes typically form multimolecular aggregates containing one or several

DNA molecules and many polymer molecules. (b) Lipoplex formation occurs when cationic

amphiphiles are mixed with DNA. The amphiphiles are typically added at a concentration above

the critical micelle concentration, and thus secondary structures such as micelles or liposomes

exist in solution prior to the addition of DNA. Upon the addition of DNA, plasmids condense with

these pre-formed amphiphilic assemblies to form lipoplexes

Fig. 11.2 There are several barriers to gene delivery. Primarily, the vehicle ( ) must avoid

aggregation and degradation by extracellular and intracellular nucleases ( ) to target the cell and

nucleus, respectively. Furthermore, the endosome may recycle the vehicle to the extracellular

environment or the vehicle may be degraded by the lysosome upon lysosomal acidification, if it

does not escape the endosome. Therefore, to transfect a cell, the vehicle must overcome the

following barriers: (1) localize to a target cell; (2) internalize; (3) escape the endosome; (4)

localize to the nucleus; (5) enter the nucleus; and (6) unpackage in the nucleus to be transcribed.

Alternative intracellular trafficking patterns involving the trafficking of vehicle-containing

endocytic vesicles to the nucleus via microtubules (7) may also occur
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endosome by destabilizing the membrane through structural changes and

interactions of the liposomal amphiphiles with the endosomal membrane, thus

enabling the DNA release to the cytosol [79, 80]. Furthermore, to aid in specific

cellular internalization, more efficient endosomal escape, vehicle trafficking

through the cytosol, and vehicle nuclear internalization, additional components

have been added to the complexes [54, 75, 81–93]. Lipoplex and polyplex materials

have been extensively reviewed [52, 70, 79, 94–97]; consequently, the following

paragraphs will provide a few brief highlights.

Lipoplexes have been formed from a variety of liposomal formulations, which

often consist of a polyamine conjugated to a hydrophobic lipid tail [98–106].

Examples of amine-containing lipids capable of lipoplex formulation include

1,2-dimyristyloxypropyl-3-dimethyl-hydroxyethyl ammonium bromide (DMRIE)

[107] and n-[1-(2,3-dioleoyloxy)propyl]-n,n,n-trimethylammonium methyl sulfate

(DOTAP) [108]. Additionally, other novel liposomal vehicles have been

formulated from guanidinium calixarenes, which were used to transfect RD-4

human rhabdomyosarcoma cells [109]. However, many of these liposomal agents

require a helper agent [98, 102, 103, 106, 109] such as dioleoyl phophotidyletha-

nolamine (DOPE) or dioleoyl phosphatidylcholine (DOPC) to aid in inter-

membrane interactions and enable cellular internalization as well as endosomal

escape [79, 110, 111]. Some lipoplex formulations including Lipofectin®

(N-[1-(2,3-dioleyloxy)propyl]-n,n,n-trimethylammonium chloride (DOTMA) and

DOPE, 1:1 w/w) [61, 108, 112] and the LipofectamineTM reagent family (proprie-

tary formulations) [113–115] are highly potent in vitro. Lipofectin® has been

shown to be capable of transfecting various mammalian cell lines including

murine fibroblast cell lines, simian kidney cells, and rat hepatoma-derived cells

[112]. LipofectamineTM 2000 has also been shown to be capable of transfecting

several mammalian cell lines with high efficiency in comparison to other

currently available transfection agents [115]. In general, lipoplexes have been

shown to be effective in transferring genes to endothelial cells in vitro and

in vivo [61, 116–119]. Unfortunately, there is a cytotoxic effect associated with

the delivery of lipoplexes, which increases with increasing lipid to DNA ratio;

[120] this cytotoxicity is believed to be attributable to lipid disruption of the cellular

and endosomal membranes. The poorly timed unpackaging of lipoplexes

has also been suggested as a problematic issue with this mechanism of gene

delivery [121].

DNA polyplexes have been created with various cationic polymers including

PLL [122], poly-L-histidine [123], poly-L-ornithine [123], and chitosan [124].

Complexation with polyethylenimine (PEI) has been considered the gold standard

in polyplex-mediated gene transfer due to the ability of PEI–DNA complexes to

transfect many cell types with high efficiency in vitro [77]. However, PEI–DNA

complexes have shown a limited ability to transfect certain types of cells, such as

primary vascular endothelial cells [125], L929 murine fibroblasts [126], and non-

dividing cells [127]. Additionally, PEI exhibits significant cytotoxicity both in vivo

and in vitro [128, 129] and its non-biodegradability precludes repeated
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administration [130]. Various degradable PEI and poly(amino esters) (PAE)

derivatives have improved cytotoxicity profiles but maintain robust activities in a

variety of cell types, including human endothelial cells [94, 129, 131, 132].

Dendritic polyamidoamines (PAMAMs) [133] such as starburst PAMAM

dendrimers have also been shown to mediate DNA transfer to a number of cell

types [134] including primary vascular endothelial cells [125]. These materials

have low cytotoxicity, are non-immunogenic [135], and have been shown to

transfect murine cardiac grafts in vivo [136, 137].

While all of these systems exhibit potential as therapeutics, in vivo bolus gene

delivery using lipoplexes and polyplexes is still limited by poor availability and

colloidal instability [52]. Most of these formulations have been shown to interact

with serum components that cause aggregation or dissociation of the complexes

[138]. As a result, complexes delivered intravenously are rapidly removed from the

bloodstream (<30 min) [139]. Furthermore, the positive charge of the complexes

induces reticuloendothelial clearance as well as protein adsorption and complex

removal by macrophages [72]. PEG [140] and other polymers [141] can be used to

screen lipo- or polyplex charge and thereby enable prolonged circulation times,

improved biodistribution [142], reduced toxicity, and improved specificity [54].

Despite these improvements, only a small percentage of the DNA administered by

bolus methods ever reaches its target cells, suggesting that mass transport issues

remain a significant problem [53, 143].

Biomaterial-Controlled Gene Delivery

For regenerative medicine applications, there is often a desire to accomplish

localized and sustained gene delivery, which has the potential to reduce the number

of doses as well as the overall quantity of drug delivered [144]. While direct

injection into a tissue of interest improves localization of gene expression, a series

of injections would need to be conducted to ensure therapeutic benefit [17].

Alternatively, the structural scaffolds used in tissue engineering provide a conve-

nient reservoir for the encapsulation and controlled release of plasmids or particles.

Incorporation of plasmids or particles within a polymeric scaffold or immobiliza-

tion of these particles onto a surface can significantly limit the extracellular barriers

to gene delivery [145]. The scaffolds localize delivery to the site of healing or

regeneration, and can be tailored to provide a desired drug release profile [52].

Numerous methods have been developed to provide controlled, localized,

sustained, and triggered release of genes from scaffolds both in vitro and in vivo

[46, 52, 75, 146–151]. These systems may be segregated into categories of gene-

activated matrices (GAMs), substrate-mediated delivery materials, and multilay-

ered thin films, as detailed in Fig. 11.4.
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Polymeric Gene Delivery or Gene-Activated Matrices

Polymeric gene delivery has the potential to facilitate wound healing and tissue

regeneration [152, 153] because of its ability to provide control over the location

and release profile of delivered genes. Polymeric release systems are defined as

polymer scaffolds that encapsulate DNA [46]. Depending on the material used,

the scaffolds may need to be implanted or they may form the matrix upon injection

[152, 153]. In all of these systems, DNA release may be accomplished by diffusion

out of the scaffold and/or degradation of the matrix [46]. As a result, the release

profile can be tailored by varying the material such that the DNA is delivered rapidly

as in bolus delivery or in a prolonged fashion over a period of months [152, 154, 155].

DNA encapsulation provides several advantages in comparison with bolus

methods for gene delivery during tissue regeneration. Encapsulation can provide

some protection of the DNA from degradation [36, 46], thereby maintaining the

bioactivity of the plasmid [156] and increasing the local concentration of active

DNA such that the transfection efficiency is enhanced [36, 46, 157]. The matrix also

promotes the interactions between cells and plasmids [39, 158], while simulta-

neously providing a 3D scaffold to maintain space [152, 153] and support the

migration, proliferation, and differentiation of infiltrating cells [159]. In addition,

Fig. 11.4 Biomaterial-based gene delivery systems can be divided into several categories: (a)

Gene-activated matrices or polymeric gene delivery consists of plasmids that are encapsulated in a

3D polymer scaffold or microparticle; (b) Nonspecific substrate-mediated gene delivery consists

of plasmids or plasmid-containing vehicles that are physisorbed to a substrate. Most commonly

cationic polyplexes are immobilized to negatively charged substrates as imaged; (c) Gene delivery

multilayered thin films, which can be considered a class of nonspecific substrate-mediated gene

delivery, are created primarily by immobilizing plasmids in layers of polycationic polymers; and

(d) Specific substrate-mediated gene delivery is accomplished by immobilizing the plasmid or

vehicle by chemical interactions or bonds
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encapsulation allows for distribution of the vehicle throughout the 3D space [158],

enabling sustained and prolonged gene delivery and the transfection of a large

number of cells [152]. The mechanism of release, whether via diffusion or matrix

degradation, can be tuned to control whether the cells in the surrounding tissue or

cells migrating into the matrix are targeted [152, 153]. In general, matrices that

deliver via scaffold degradation limit gene transfer to cells that infiltrate the matrix

[152, 153, 160], whereas diffusion-controlled methods maintain the ability to target

cells in the vicinity of the matrix [161] due to the limited transport of DNA through

tissue [162]. The localized gene expression promoted by these delivery mechanisms

can prevent the unwanted side effects caused by transfection in non-targeted tissues

[163]. Finally, GAMs can be designed to deliver multiple plasmids simultaneously

or sequentially to signal production of all of the therapeutic proteins that are

necessary for tissue regeneration [164].

Different geometries and properties of GAMs can be achieved while maintaining

the bioactivity of the encapsulated plasmid [165, 166]. Naked DNA has been

encapsulated in scaffolds and microspheres composed of hydrophilic and hydro-

phobic polymers. Hydrophilic polymers that have been used include hyaluronan

[39, 167], alginate [39], carboxymethyl cellulose [39], PEG [167], and collagen [39,

40, 153, 155, 167–169], whereas hydrophobic polymers that have been used include

poly(lactide-co-glycolide) (PLGA) [39, 152, 156, 167, 170–172], polyanhydrides
[167, 173], and ethylene vinyl-co-acetate (EVAc) [174, 175]. Collagen has

generated particular interest because of its natural abundance in the body [52]

and its inherent biocompatibility and biodegradability [176, 177]. Preformed colla-

gen sponges have been shown to be capable of delivering DNA in vivo [40, 153,

155, 168, 169], and enable localized delivery and increased gene transfer efficiency

and gene expression [39]. However, collagen matrices may deliver DNA via a burst

release profile, thus requiring large quantities of DNA (100 mg) to achieve efficacy

[153]. At this high dose of DNA, immune suppression may become significant

[178]. Thus, to prevent dose dumping and improve efficacy, matrices that are able

to prolong the release of pDNA, such as hybrid collagen gels [154, 179, 180] and

polyanhydride matrices [173], are desirable. For example, when a PLGA sealant

was added to a collagen GAM-coated stent, DNA release was extended beyond 24 h

in a pig coronary model [181]. These PLGA-sealed collagen GAM-coated stents

induced the transfection of 10.4 � 1.23% of cells in the stented segment [181],

whereas PLGA GAM-coated stents achieved levels of 1.14 � 0.7% transfection

with twice the quantity of DNA [182]. Similarly, EVAc polymers can provide

sustained release of DNA on the time scale of weeks [174, 175] by solubilization of

the drug and diffusion out of the matrix [183]. Control of plasmid release profiles

from GAMs may be further exerted by the manipulation of polymer density [180,

184, 185] and extent of crosslinking [185, 186].

Multiple examples demonstrate the capacity of these extended release systems

for controlling delivery such that appropriate physiological changes are observed.

For example, in vivo implantation of a collagen or gelatin matrix incorporating

PDGF, FGF-2, FGF-4, and FGF-6-encoding plasmids induced artery formation and
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muscle repair [187–189]. Similarly, the use of a PLGA GAM formed by high

pressure gas foaming resulted in sustained expression of plasmid-encoded PDGF

and VEGF such that increases in vascularization (the size and density of blood

vessels) and granulation tissue formation were observed in vivo [152, 188]. Small

blood vessel formation was induced in a mouse model by the encapsulation of an

endothelial locus-1-encoding plasmid in a PLGA scaffold [171]. In a rabbit model,

the incorporation of VEGF-encoding plasmids in a phosphorylcholine polymer

coating on a stent was able to increase endothelialization and recovery in compari-

son to a control stent [190]. Vascularization and matrix deposition have also been

enhanced by the encapsulation of a PDGF-encoding plasmid in a PLGA implant in

a rat subdermal model [152].

Further enhancements in GAM efficacy can be achieved when DNA is

condensed with polycationic liposomes or polymers prior to encapsulation [46].

Condensation of the DNA is believed to protect it during the polymer processing

required to create scaffolds [191, 192] and may increase the efficiency of DNA

incorporation in the matrix [193]. For example, the level of plasmid encapsulation

in both PLGA matrices and collagen sponges was increased by DNA complexation

with PLL or PEI. In addition, the DNA condensation decreased the rate of

release, thereby prolonging the release of DNA from the scaffold in vitro and in

various rat and mouse models [155, 169, 194–197]. Similarly, the incorporation of

polyplexes within PLGA scaffolds increased the efficiency of DNA encapsulation

and facilitated the intracellular trafficking of the plasmid [195, 197, 198]. Con-

densation of DNA has also been shown to better protect it from nuclease degrada-

tion [78, 97] and promote cellular uptake [78, 199, 200]. Finally, complexation

can protect DNA from the byproducts of scaffold degradation, as in the case of

PLGA scaffolds, whose byproducts of lactic acid and glycolic acid can degrade the

DNA [152].

Polymeric scaffolds can also be manipulated to interact with DNA vehicles to

cause changes in the incorporation efficiency and rate of release [46]. For example,

the encapsulation of lipoplexes within fibrin hydrogels achieved sustained release

of the plasmid for 19 days in vitro. Unfortunately, there was a decreased transfec-

tion efficiency associated with the lipoplexes as compared to naked DNA that was

ascribed to interactions between the lipoplexes and fibrinogen that were believed to

inhibit DNA release [201]. In a rabbit ear wound model, the interaction between

lipoplexes and fibrin enabled a high transfection efficiency to be achieved with

lipoplexes encapsulated in a fibrin scaffold [202]. In this case, the interactions

between the lipoplexes and the substrate were believed to maintain the bioactivity

of the delivery vehicle and enhance cell uptake of the vector. PEI–DNA complexes

have also been immobilized to the surface of or embedded within fibrin scaffolds,

enabling control over the release rate of DNA and gene expression in vitro [203].

Immobilization to the polymeric scaffold can allow enhanced control of release via

desorption from the substrate (if possible), diffusion, and degradation of the

matrix [204].
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Substrate-Mediated Gene Delivery

The interactions between DNA vehicles and delivery matrices have been explored

in depth, such that a new class of matrix-mediated gene delivery has been

established. As in the cases of PEI/DNA complexes and lipoplexes encapsulated

in fibrin gels [201–203], these materials work by the immobilization of naked DNA

or a vehicle onto a biomaterial surface and the subsequent release of the DNA into

the cellular microenvironment [46]. This substrate-mediated or solid-phase gene

delivery preserves the bioactivity of the vector [53] and reduces systemic removal

of the vehicle from the body [205]. Gene delivery directly from a substrate mimics

the natural delivery mechanisms of growth factors, which are sequestered by the

ECM and are active either directly on the substrate or once they have been released

[206]. Viruses are also known to bind to ECM to localize within the cellular

microenvironment and thus more easily enter cells [161, 207–211]. Similarly,

substrate immobilization of DNA increases the pDNA concentration near target

cells and thereby increases the efficiency of gene transfer and gene expression

in vitro and in vivo [50, 53, 143, 152, 157, 212–214]. Substrate binding also

increases the concentration of DNA in the targeted tissue and localizes delivery

to cells that adhere to the material [212, 215], avoiding the potentially cytotoxic and

immunogenic effect of circulating vehicles [46]. The targeted nature of delivery

may aid in tissue repair and regeneration [39], given that therapeutic proteins with

the correct post-translational modifications are locally produced at physiological

levels to provide biochemical cues to adherent cells [10, 143]. In addition to the

increased ability to target delivery, surface immobilization of plasmids enables

efficacy to be achieved at lower doses and provides additional opportunities to

control the release profile [50, 216, 217]. For example, the immobilization of DNA

to a substrate allows continuous release of plasmids for an extended period of time

[53, 188, 218] and in a spatially controlled manner [143, 145, 212]. Depending on

the mechanism of immobilization, DNA may be delivered to cells directly from the

surface, or alternatively, tethers between the delivery vehicle and the substrate may

need to be degraded before the vehicles are able to transfect cells [46]. In general,

surface immobilization has been accomplished by utilizing both specific and

nonspecific interactions [49, 53, 212]. In some cases, these interactions have been

exploited to form multilayered thin films or cell-responsive materials.

Nonspecific (Physisorbtion) Immobilization of Vehicles

Depending on the molecular compositions of the vehicle and the surface, gene

delivery vehicles can be immobilized to surfaces by nonspecific hydrophobic,

electrostatic, and/or van der Waals interactions [46, 50, 219, 220]. Immobilization

of lipoplexes or polyplexes onto self-assembled monolayer (SAM)-modified

surfaces has been extensively explored because of the flexible chemistry of

SAMs. For instance, lipoplexes were shown to preferentially immobilize onto
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charged hydrophilic surfaces, to a lesser extent onto hydrophobic surfaces, and

minimally onto uncharged hydrophilic substrates. Thus, electrostatic and hydro-

phobic interactions were shown to be the driving forces behind DNA sequestration.

Release of the lipoplexes was controlled by serum component-mediated displace-

ment of the complexes. Transfection efficiency was highest on the hydrophilic ionic

surfaces and lowest on the hydrophobic substrates. Micropatterning SAMs allowed

for spatial regulation of complex immobilization and transfection [145].

The use of SAM technology has also enabled exploration of PEG-modified

surfaces through the use of EG-terminated alkanethiols. For example, as PEG is

both hydrophobic as well as hydrophilic [221], hydrophobic interactions enabled

PEI polyplex immobilization onto EG-terminated SAMs. The highest in vitro

transgene expression levels were achieved on SAMs that combined EG and car-

boxylic acid head groups. In general, complexes immobilized to surfaces

containing EG groups were smaller and less polydisperse than those immobilized

onto non-EG surfaces, indicating decreased particle aggregation on the EG

substrates. It is hypothesized that the EG groups increased the efficiency of trans-

fection by preserving polyplex morphologies or by sterically hindering electrostatic

interactions between the polyplexes and the surface [222].

Other methods of nonspecific immobilization involve the electrostatic

interactions between DNA and cationic agents such as PLL [223], PEI [78, 169,

198], chitosan [124], N,N-(dimethylamino)ethylmethacrylate (DMAEMA) [224],

or dendrimers such as PAMAM [133]. In one example, surfaces containing naked

DNA bound to DMAEMA-modified poly(L-lactic acid) (PLLA) achieved high

in vitro gene transfer efficiencies with low quantities of DNA, and also reduced

the innate cytotoxicity of DMAEMA [224]. When applied to the skin of a hairless

mouse, DNA complexed with PAMAM dendrimers and immobilized onto phos-

phatidyl glycerol-coated PLGA and collagen membranes achieved a six- to eight-

fold increase in gene transfer efficiency in comparison to naked DNA delivery from

the same substrates [218]. The immobilization of PEI polyplexes to silica

nanoparticles [225, 226] and PLGA scaffolds [216] produced comparable or higher

levels of gene expression with less DNA as compared to bolus delivery to various

cell types in vitro. Furthermore, the cytotoxicity of PEI–DNA complexes may be

reduced by immobilization, as in the case of PEI–DNA polyplexes that were

adsorbed onto silica nanoparticles and used to transfect COS-1, Caco-2, and MH-

S murine alveolar macrophages in vitro [225, 226].

In addition to promoting more efficient localized gene delivery with reduced

cytotoxicity, immobilization has the potential to influence the method of cellular

entry, and thereby impact the intracellular trafficking of the vehicle. For example,

lipoplexes and polyplexes have been electrostatically immobilized to surfaces

coated with recombinant fibronectin (FN) fragments and used to transfect NIH/

3T3 cells in vitro. In comparison with polyplexes immobilized onto substrates

coated with FN or a protein polymer of the same molecular weight as FN without

cell adhesion sites, a larger number of the FN fragment-immobilized polyplexes

were internalized by caveolae-mediated endocytosis. Furthermore, the FN-

fragment immobilized polyplexes were shown to traffic via higher efficiency,
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non-degradative pathways, displaying the potential for this system to promote

effective gene transfer. This system demonstrates that the extracellular substrate

can influence and manipulate the intracellular gene delivery processes, as well as

impact vehicle immobilization and cellular entry [227].

The principles of nonspecific immobilization may be used with 3D scaffolds as

well as with 2D surfaces. For example, the immobilization of PEI polyplexes onto

porcine small intestinal submucosa (SIS) has shown utility for substrate-mediated

gene delivery in vitro. Given that SIS is an ECM substrate composed of collagen

intertwined with glycosaminoglycan chains and contains FGF-2, TGF-b, and

VEGF, this system could provide the complex signaling necessary for tissue

regeneration and wound repair [228]. In general, DNA immobilization onto 3D

scaffolds enables space maintenance and promotes the efficient and localized

delivery of therapeutics for tissue repair or regeneration.

Multilayered Thin Films

The principles of nonspecific immobilization have also been used to create multilay-

ered thin films, which can both provide localized delivery of plasmids in vivo [181,

182, 190, 217, 229–232] and significantly sustain the release of a plasmid. These

films have been created using many polyelectrolytes including PLL, PGA, chitosan,

hyaluronan (HA), poly-(allylamine hydrochloride) (PAH), poly-(sodium-4-styrene-

sulfonate) (PSS) [233], and b-cyclodextrin [234]. Multilayered thin films are created

by alternately immersing a surface in a solution of a cationic molecule and in a

solution of an anionic molecule in a process known as layer-by-layer (LbL) assembly

[235–241]. The use of aqueous-based fabrication techniques in LbL assembly

prevents the need for arduous wash steps to remove organic solvents [237].

Also, due to the simplicity of the assembly, thin films can easily be created on objects

with complex geometries [242–244].

Gene delivery from thin films containing plasmids has been engineered through

the use of materials that degrade or disassemble under physiological conditions

[245, 246]. For example, hydrolytically degradable polyamines and LbL assembly

have been used to electrostatically immobilize plasmid DNA within multilayered

thin films on a stent [247]. The incorporation of plasmids within a multilayered thin

film enables dose control based on the number of layers of DNA sequestered in the

film [237]. By the sequestration of different DNA constructs between layers of

polyamines, hydrolysis of the polyamine layers enables the release of multiple

genes from a stent surface [247]. These nanometer-scale films were able to spatially

and temporally control the gene delivery of multiple DNA constructs to promote

transgene expression in vitro with various cell lines [237]. Additional hydrolytically

degradable multilayered thin films have been created with LbL and poly(2-

aminoethyl propylene phosphate) (PPE-EA) [248] or poly(glycoamidoamine)

s [249]. A cationic poly(b-aminoester) (“polymer 1”) was used to sequester DNA

and promote cellular internalization upon hydrolytic degradation of the polycation

and plasmid release [250–259]. Multilayered thin films fabricated with polymer 1
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were capable of delivering bioactive plasmids for over 30 h in COS-7 cells [260].

The release profile was also altered to further extend the release period by increas-

ing the hydrophobicity (and thereby decreasing the degradation rate) of the polymer

[261–263]. This work indicates the ability to tailor plasmid release by altering

polymer properties such as hydrophobicity, charge density, and side chain func-

tionality, and thereby altering the degradation profile [237].

In addition to hydrolytic degradation, thin film disassembly/degradation and

plasmid release have been initiated by changes in pH or ionic strength [264–269],

chemical or enzymatic degradation of the polycationic layer [245, 246], competi-

tive binding to disrupt receptor–ligand interactions [270–272], and external stimuli

such as laser-induced degradation [243, 244, 273–275]. For example, degradation

of LbL assemblies has been accomplished by creating thin films consisting of

disulfide-bonded polycations which disassemble upon exposure to the reducing

environments encountered in some biological systems [276]. The ability to disas-

semble a multilayered thin film upon enzymatic exposure was shown by the

creation of a PLL/DNA LbL assembly, which sequestered and released plasmids

upon exposure to alpha-chymotrypsin over a 35 h period in enzyme-containing

buffer [277, 278]. Furthermore, polyvinyl alcohol-borate and chitosan multilayered

thin films were shown to disassemble and release their payloads in a glucose

solution based on competitive binding of glucose [279].

A recent and interesting approach toward thin film disassembly and plasmid

release involves the alteration of the charge of the assembled cationic polymers. In

these examples, the electrostatic bonds that drive film formation are disrupted when

the side chains of the cationic polymers are hydrolyzed to introduce negative charge

[280] or remove the cationic group [281–283]. The use of “charge-shifting”

polymers allows degradation to occur in physiologically relevant systems over

long time periods [284]. For instance, a poly(b-aminoester) incorporating

“charge-shifting” ability was used to create a multilayered thin film capable of

releasing bioactive plasmids continuously for at least 90 days in PBS solution [285].

Thus, multilayered thin films are capable of promoting sustained release of

plasmids from a substrate via multiple types of degradative processes.

Specific Immobilization of Vehicles

In some cases, specific methods for immobilizing plasmids or vehicles onto

substrates may enable more control over the release of a therapeutic from the

substrate. Specific immobilization has been accomplished through the use of

complementary functional groups on the vehicle and substrate, such as

antigen–antibody interactions and biotin–avidin interactions [46]. The use of

antigen–antibody interactions to immobilize gene delivery vehicles has primarily

been explored with viruses [230, 286, 287]. For example, adenoviruses have been

tethered to polyurethane films and collagen-coated polyurethane films using anti-

adenovirus antibodies [286]. In an in vivo sheep model, the antibody-mediated

specific immobilization of adenovirus to polyurethane films promoted localized
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gene delivery to 25% of the cells attached to a polyurethane heart valve leaflet

[288]. Using this same antigen–antibody interaction with a stent enabled localized

arterial gene expression with no expression beyond the targeted tissue [215, 230,

287]. The immobilization of naked pDNA using antigen–antibody interactions has

been explored by utilizing an anti-DNA antibody to immobilize a plasmid to a stent.

In vivo, this stent was capable of delivering the plasmid with high efficiency and

excellent target specificity, as no expression was observed outside of the area of

implantation [289].

Specific immobilization using biotin–avidin interactions has been accomplished

by complexing DNA with biotin-modified PLL [212] and PEI [53]and then binding

the polyplexes to a neutravidin substrate. This method both protected the DNA

from degradation by nucleases and inhibited aggregation of the polyplexes. The

immobilization also maintained the DNA in the cellular microenvironment, and

was thereby believed to enhance transfection efficiency and provide spatial control

over transgene expression, as transfected cells were present only in areas where

DNA had been tethered [53, 212]. When tested in vitro, release in this polyplex

immobilization system was believed to occur via extracellular unpackaging of the

DNA, such that the DNA was at least partially freed from the polycationic packag-

ing materials prior to internalization. With the modified PEI system, release

appeared to be dependent on the electrostatic interactions between the PEI amines

and the neutravidin surface, given that transfection was independent of the biotin

content. In all such systems, the binding affinity must be controlled to support

substrate binding while still allowing the vehicle to be internalized by cells [53].

Thus, the vehicle and polymer used in substrate-mediated delivery systems must be

adapted for both plasmid sequestration and a reasonable release profile [46].

Cell-Responsive Release

While many of the previously mentioned systems provide therapeutic delivery

advantages, efficient transfection with these immobilized vehicles requires careful

control to balance the binding of the vehicle and substrate with the ability to release

the vehicle for cellular uptake [49, 50, 53, 143, 216]. Hence, the properties of the

vehicle and/or substrate must be altered to manipulate the rate of vehicle release.

Additionally, release is not cell-specific and occurs for any cell that comes into

contact with the vehicle.

Cell-responsive release can allow for enhanced specificity over the types of cells

that become transfected when growing on delivery substrates, and is needed in

situations where transfection of locally growing cells other than the target cells is

undesirable. Cell-responsive release has primarily been accomplished by having

some portion of the delivery system degrade and release the vehicle upon exposure

to an enzyme. One example of this is a system in which pDNA is semi-covalently

immobilized onto a fibrin matrix as shown in Fig. 11.5. Upon exposure to plasmin,

the matrix degrades and releases the plasmid. This system was created by condens-

ing pDNA with a peptide containing an N-terminal transglutaminase substrate, as
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well as multiple lysines to complex the DNA, and two cysteines to stabilize the

complexes by forming disulfide bridges. These condensates were covalently

immobilized onto fibrin matrices by the cross-linking activity of transglutaminase.

Subsequently, the plasmid was released following cellular production of plasmin

and local degradation of the fibrin matrix [290]. The effectiveness of this system

was demonstrated in a mouse wound model, in which the localized delivery of

hypoxia-inducible factor (HIF)-1a-encoding DNA induced the upregulation of

proangiogenic factors and a subsequent fourfold increase in mature blood vessel

formation, in comparison with the application of VEGF protein from fibrin gels

[291]. However, because the immobilization process for this system is not carefully

controlled, the system may promote some release via diffusion in addition to

degradation. Also, the release of the plasmid is tied to the properties of the matrix

and depends upon the use of fibrin.

To build upon the successes of previous work, our group has designed a cell-

responsive substrate-mediated gene delivery system in which the physical and

chemical properties of the vehicle and substrate are partially decoupled from the

release mechanism [292]. This system, shown in Fig. 11.6, enables plasmid release

upon cellular demand, given that the pDNA is semi-covalently bound to the

substrate via an enzymatically labile peptide sequence. To accomplish this type

of immobilization, pDNA is chemically functionalized with peptide nucleic acid

(PNA) clamps that allow the peptide to be attached directly to the plasmid. The

coupled peptide includes cell adhesive and MMP-degradable sequences to promote

Fig. 11.5 Cell-responsive gene delivery has been accomplished through the use of a fibrin matrix

[290, 291]. (i) Complexation of pDNA took place using two peptides, NQEQVSPLGGGCHK

KKKKKHC and CHKKKKKKHCGGGPKKKRKVEDPY, which contained a fibrin-binding

region (pink), DNA-binding regions (purple), and a nuclear localization sequence (orange). (ii)
The complexes were covalently immobilized in fibrin gels by enzymatic crosslinking, which took

place upon the addition of fibrinogen, thrombin, and factor XIII. (iii) Upon cellular production of

plasminogen both in vitro and in vivo, localized degradation of the fibrin matrix took place and

released the plasmids
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the release and uptake of the plasmid in a cell-responsive manner. After pDNA-

PNA-peptide (DPP) conjugate formation, the DPP conjugates may be directly

linked to any of a variety of biomaterial surfaces. The system was established by

attaching the conjugates to SAM-modified gold surfaces because of their well-

defined nature [293, 294] and easily manipulated [295]. In vitro evidence details the

specificity of the surface immobilization of the conjugates and the ability to

transfect cells in a cell-responsive manner. Thus, this system allows for surface

immobilization, independent control over the transfection agent and substrate, and

overall greater control over cellular transfection.

Conclusions

The complex signaling processes involved in angiogenesis, wound healing, and

tissue regeneration necessitate both a better understanding of regenerative pro-

cesses, and improved methods for controlling the delivery of therapeutic genes

and proteins within the healing environment. For example, the impact of specific

genes and proteins within the angiogenic signaling cascade must be understood

to promote the formation of functional blood vessels within new tissues [12].

Fig. 11.6 Substrate-independent cell-responsive gene delivery can be accomplished through the

use of an enzymatically labile peptide tether [292]. (a) Using a plasmid with PNA-binding regions

(red), PNA is able to functionalize the plasmid (i). Following functionalization, peptides with

enzymatically labile regions can be covalently tethered to the pDNA–PNA conjugate (ii). (b)

pDNA–PNA–peptide conjugates were bound to a model substrate (i) and subsequently complexed

with a polycation (ii). Upon exposure to cell-produced enzymes, the peptide tether is cleaved,

releasing the plasmid in a local manner (iii)
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The current lack of understanding is manifested by the inability to translate

successes in animal models into clinical successes [20]. Strong angiogenic factors

such as VEGF can cause many negative side effects [296–299], and thus the toxic

levels must be determined to set maximal doses [300]. In the case of VEGF,

successful angiogenesis seems to be produced by appropriate VEGF gradients

within the target tissue [301], which may be more easily obtained by the use of

tissue engineering substrates that can provide spatially controlled gene delivery.

Systems capable of the controlled delivery of multiple plasmids have the poten-

tial to improve the stability and functionality of newly formed tissues. For example,

genes that regulate the production of proangiogenic proteins improve the vascula-

ture produced [17], as shown in the case of the fibrin-mediated delivery of a HIF-1a
encoding gene [291]. In general, biomaterial systems that sequester plasmids enable

the localized and sustained delivery that is required for the formation of new tissues,

while reducing the necessary doses for inducing efficacy and improving gene

utilization. New understanding of the correlations between surface-vehicle chemis-

try and vehicle release, as well as improved appreciation for the role of the substrate

in determining the efficiency of intracellular utilization have poised matrix-

mediated delivery systems for success in the tissue engineering arena. Furthermore,

the development of cell-responsive systems may enable release to targeted cells

without restricting the choices of the transfection agent and/or surface. Plasmids

covalently immobilized to fibrin matrices were released by the action of plasmin,

and release was independent of the complexation agent. The release of DNA by

cleavage of an MMP-labile peptide tether was independent of both the complexa-

tion agent and the substrate. In general, gene delivery systems for tissue regenera-

tion must be highly tailorable such that the matrix substrates and the transfection

agents may be selected for the application at hand, without reducing the potential

for controlled release. Ultimately, efficacy will be dependent upon the appropriate

spatial and temporal patterning of gene expression profiles within targeted cells,

such that these cells are stimulated to reform natural and functional tissues.
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Chapter 12

Chitosan-Based Delivery System for Tissue

Regeneration and Chemotherapy

Sungwoo Kim and Yunzhi Yang

Abstract A variety of polymeric devices have been widely studied as a means to

deliver drugs at an appropriate dosage, delivery sequence, and time period to

improve and optimize the treatment. In the conventional therapy of drug adminis-

tration, a major limitation is the initial burst release of drugs, inducing a rapid loss

of therapeutic efficacy and increasing the risk of harmful side effects to patients.

As an alternative approach, single or multiple therapeutic agents can be

incorporated into an appropriate material to well regulate its residence time and

dosages. In this regard, numerous synthetic and natural polymers have been

employed as drug carriers to control drug release for a desired administration.

Recently, chitosan, a cationic natural polymer, has gained considerably attention

due to its potential broad application in tissue regeneration, chemotherapy, and

wound healing. In this chapter, chitosan is introduced as a drug carrier in a variety

of forms. This chapter discusses several properties of chitosan such as biocompati-

bility, biodegradability, and functionality. It will also discuss techniques for pre-

paration of chitosan-based delivery systems, and strategies of controlled drug

release for potential biomedical and pharmaceutical applications, including tissue

regeneration, chemotherapy, and wound healing.

Polymeric Drug Delivery System

A drug delivery system is a device that can maintain effective drug levels in the body

over a desired time period. Current technical advances in drug delivery have enabled

drugs to be incorporated into a variety of devices such as an osmotic pump, a

transdermal patch, a liposomal encapsulation, and an implant [26, 68]. These delivery
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systems have been explored to optimize the therapeutic efficacy of drugs,

biomolecules, and growth factors for long-termdelivery regarding stability and safety.

One of the major considerations in drug delivery systems is biocompatibility.

Polymeric devices are implantable and have consistent contact with the local tissues

and body fluid; thus, polymers and their degradable products need to be nontoxic. In

particular, biodegradable delivery systems alleviate the need for surgical removal

of the implant, thereby increasing patient acceptance and compliance [31]. They

are disintegrated by hydrolysis of the polymer chains into biologically acceptable

polymer products over time. The biodegradable polymers have hydrolysable

linkages such as ester, amide, anhydride, orthoester, urea, carbonate, and urethane

linkages in their backbone [31]. They are absorbed or excreted from the body via

normal metabolic pathways without any complications. The biodegradation of the

polymers is attributed to factors such as chemical structure, composition, wettabil-

ity, surface morphology, molecular weight, shape, size, etc. [26, 45]. Drugs released

from biodegradable systems are governed by diffusion, initial drug loading, drug/

polymer interactions, drug solubility, and polymer degradation [31]. In contrast,

nonbiodegradable polymeric systems such as poly(methyl methacrylate) (PMMA)

used in trauma infection treatment need minor surgery to remove the implant. The

drug release is achieved by diffusion via pores in the nonbiodegradable polymer

matrix or between polymer chains [26].

Chitosan

The choice of an ideal drug carrier is of importance because it can significantly

affect the efficacy of therapeutics. A variety of materials have been studied as drug

carriers. Among them, polysaccharides have shown their outstanding properties for

being used as a drug carrier [11, 63, 77]. In particular, chitosan has been of great

interest among polysaccharides due to the presence of a nitrogen group, allowing

opportunities for chemical modification and beneficial biological properties. The

presence of functional groups in chitosan allows for several synthetic modifications

to improve specific properties of native chitosan [30, 48, 88, 109]. Chitosan exhibits

a variety of physicochemical and biological properties, which are very attractive in

diverse applications. The most studied biomedical applications include wound

healing, tissue regeneration, and drug/gene delivery [57, 79].

Properties of Chitosan

Physicochemical Properties

Chitosan is the fully or partially N-deacetylated derivative of chitin, which is the most

abundant natural amino polysaccharide, found in shellfish sources such as lobsters,
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crabs, and shrimp [57, 79]. Chitosan and chitin have structural similarity to cellulose in

plants, and they are copolymers consisting of N-acetyl-glucosamine and N-glucos-
amine units [14]. Chitin contains more than 50% of N-acetyl-glucosamine units, has

limited solubility in common solvents, and is chemically less reactive than chitosan. In

contrast, chitosan contains a higher proportion ofN-glucosamine units (above 50%) in

the polymer compared with chitin. It is soluble in dilute acids including hydrochloric,

lactic, and acetic acids and has better reactivity for chemical reactions [51].

Chitosan contains groups that favor hydrogen bonding such as hydroxyl (–OH),

amine (–NH2), amide (–NH-C), and carbonyl (–C ¼ O) groups [21]. Unlike other

polysaccharides such as cellulose and dextran, chitosan is a positively charged

polysaccharide in an acidic solvent along with its molecules, which causes electro-

static repulsion between chitosan molecules. The protonation (NH3
+) of amine

groups (NH2) of chitosan in acidic solution provides important physicochemical

properties. The parameters responsible for free amine groups of chitosan include

the degree of deacetylation (DDA), molecular weight, and environmental factors

such as pH, solvent, temperature, etc. [103]. An increase in the DDA significantly

lowers the protonation constant (pKa), influencing hydrophobic interactions and

hydrogen bonds between chitosan molecules [103]. An increase in the molecular

weight of chitosan also lowers the protonation constant pKa. Chemical modification

can provide specific functionality and alter physical properties of chitosan. For

example, the functional groups of the chitosan can be used for side group attach-

ment, affecting its crystallinity by increasing the amorphous structure. This modifi-

cation alters the mechanical strength and solubility of chitosan. In addition, a

sulfation process can make chitosan molecules anionic and water soluble, which

are reverse characteristics of the natural properties of chitosan [27].

Chitosan has an outstanding viscosity in acidic environments with high molecular

weight and behaves as a pseudoplastic material [104]. Its viscosity increases with an

increase in concentration and DDA. Viscosity influences mechanical properties such

as the elongation at break and the tensile strength of chitosan films [100, 104].

Viscous chitosan polymer produces significant biological activities in wound-healing

and osteogenesis development [29]. Solubility of chitosan can be controlled by

crosslinking reagents such as glutaraldehyde, which is commonly used for slow

drug release [46].

Biological Properties

Chitosan exhibits various beneficial biological properties such as biocompatibility,

biodegradability, nontoxicity, and low immunogenicity. It also exhibits anti-

bacterial, anti-fungal, and anti-viral activity [57]. These properties have been

used in numerous applications in pharmaceutical and biomedical fields. Chitosan

has also been used in the field of dentistry, ophthalmology, and orthopedics due to

its excellent mucoadhesive property [9, 52, 65]. It has been reported that after

implantation in vivo, chitosan films did not induce inflammatory reactions in the

surrounding tissues [14, 52, 100].
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Chitosan is a biodegradable polymer and is hydrolyzed by different enzymes

such as chitosanase and lysozyme [70, 76, 100]. Chitosanase is completely absent

in mammals, but lysozyme is mainly responsible for the degradation of chitosan in

human body. Lysozyme is present in tissues, saliva, blood, and tears, and it is used

by phagocytic cells during the inflammatory response [79]. Lysozyme hydrolyses

the glycosidic bonds of chitosan molecules, but it is less active on chitosans with

higher DDA [76, 94]. The hydrolysis reaction of the lysozyme includes proton (H+)

transfer from a carboxyl group of a glutamic acid (Glu-35) to the substrate and then

a hydroxyl group of a water molecule is added to a carbon atom in an amino sugar

group [70].

Chitosan is degraded into amino sugar groups via the metabolic pathways of

glycosaminoglycans and glycoproteins [14]. The degradation rate of chitosan

polymers can be controlled by changing the DDA and molecular weight [61,

103]. The degradation rates of chitosan are inversely related to the DDA. Chitosan

polymers with higher than 85% of DDA exhibit the lowest degradation rates and

remain over several months in vivo [100].

The DDA of chitosan plays an important role in cell attachment and prolifera-

tion. These properties can be used for both soft and hard tissue regeneration [52].

Chatelet et al. investigated the effect of degree of deacetylation (DDA) on biological

properties of chitosan films in vitro [14]. It was observed that chitosan films with a

lower DDA induced better cell attachment, growth, and proliferation compared with

those with a higher degree of DDA. In the wound area, chitosan films with lower

DDA enhanced fibroblast attachment and provided a suitable environment for the

proliferation of keratinocytes, inducing epidermal regeneration. This result indicated

that chitosan films with a lower DDA are excellent candidates for wound healing

applications [14, 37, 71]. In their work, all chitosan films were cytocompatible with

culture cells such as keratinocytes and fibroblasts. Hoekstra et al. also demonstrated

that chitosan is a potential bio-sealant to achieve hemostasis at the puncture site

in vivo [39]. A created wound in dogs was sealed with the chitosan quickly without

inflammation, presenting anti-thrombogenic properties.

In addition, chitosan itself has shown anti-proliferative and anti-angiogenesis

effects on cancer cells [13, 69, 96]. Murata et al. investigated an inhibitory effect

of anti-metastatic sulfated chitin derivatives on lung tumor metastasis. In their

work, it was found that the sulfated chitin derivatives did not directly affect the

viability and the growth of tumor cells and endothelial cells in vitro. However,

the derivatives significantly reduced the number of vessels around tumor tissue,

indicating an anti-angiogenetic effect [69]. Hasegawa et al. investigated the effect

of chitosan on caspase-3 activity in human bladder tumor cells in vitro [35]. In their

work, the caspase-3 activity of the chitosan treated cells was significantly elevated.

The chitosan treated tumor cells showed nuclear fragmentation and chromatin

condensation, indicating apoptosis of the cancer cells. The results suggested that

the chitosan exhibited anti-canter properties by inducing apoptosis via the activa-

tion of caspase-3.

Chitosan is also considered a promising biodegradable carrier for controlled

drug release in the field of drug delivery systems [44, 80]. Its positively charged
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molecules interact with negatively charged therapeutic agents and biomolecules.

Generally, drugs are chemically attached or dispersed into the chitosan matrix and

released via slow and controllable diffusion or biodegradation [28, 42, 81]. There-

fore, chitosan delivery systems can carry a variety of therapeutics such as polar

drugs, peptides, proteins, vaccines, and DNA [2, 7, 9, 64, 77].

Preparation of Chitosan-Based Drug Carriers

Chitosan-based biomaterials have been developed in a variety of forms such as

powders, films, sponges, hydrogels, composite fibers, and beads. Chitosan itself has

an ability to form a 3D gelling structure, and it can be modified chemically or

physically via various crosslinking mechanisms such as covalent bonds, ionic

bonds, hydrogen bonds, hydrophobic interactions, etc. [103]. The chemical or

physical modifications have been widely studied to improve its water solubility,

control its drug release, and extend its applications [30, 48, 88, 109]. These

modifications influence physicochemical and biological properties of chitosan as

well as the efficacy of therapeutics. Therefore, designing a drug delivery carrier

depends on application areas and properties of bioactive molecules.

Chemical Crosslinking Methods

Chitosan can form covalently crosslinked irreversible networks using small mole-

cule crosslinking, secondary polymerization, irradiation, enzymatic reaction, pH,

temperature, etc. [5, 6, 38, 62]. The chemical crosslinking methods have been used

to control porosity, swellability, dissolution, degradation, and mechanical property

of the drug delivery systems. Most of chemical crosslinking molecules react with

amine groups of chitosan to form inter- or intra-molecular networks [5]. Alterna-

tively, photo-reactive molecules or enzymatic sensitive molecules have been

employed to form covalent crosslinks on the chitosan chains, followed by UV

exposure irradiation [36, 38]. Even though covalent bonds are the main forces for

the formation of the crosslinked polymer networks, secondary interactions such as

hydrogen bonds and hydrophobic interactions are also important in the formation of

the 3D polymer networks [36]. The covalent crosslinking density is affected by

various parameters such as the concentration of crosslinking agents, molecular

weight, and DDA of chitosan. Therefore, those parameters are important in deter-

mining properties of drug delivery systems such as controlled drug release and

mechanical strength.

The covalently crosslinked chitosan polymers can be divided into different

categories according to their structural differences [5, 36]: small molecule

crosslinked network, hybrid polymer network, and interpenetrating polymer net-

work (IPN). The simple covalent crosslinking method involves using small

crosslinking molecules such as glutaraldehyde, diglycidyl ether, diisocyanate,
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glyoxal, etc. [5, 36, 62]. Amino (–NH2) and hydroxyl (–OH) groups of the chitosan

are used to form the crosslinked chitosan network via various linkage mechanisms

such as the Schiff base formation [5, 12]. Aldehyde groups of the crosslinking

molecules such as glutaraldehyde form imine bonds with the amino groups of

chitosan via a Schiff base [12]. The crosslinking molecules can improve the

mechanical properties of the delivery system, but they also generate the main

drawbacks such as toxicity and limited application. Therefore, it is desirable to

investigate better crosslinking methods for chitosan as alternatives [5].

In another approach, the functionalized polymer chains can be used to crosslink

chitosan to reduce the release of toxic chemicals during gelation. As an example of

the hybrid polymer network, Tan et al. recently developed a composite hydrogel

based on a water soluble chitosan and an oxidized hyaluronic acid for cartilage

tissue engineering applications [98]. In their work, an N-succinyl-chitosan and an

aldehyde hyaluronic acid (A-HA) were synthesized without the addition of chemi-

cal crosslinking agents for the preparation of composite hydrogels. N-succinyl-
chitosan, a water soluble chitosan, was prepared by mixing a chitosan solution and a

succinic anhydride solution, resulting in the addition of succinyl groups at the

N-position of the chitosan. Separately, the aldehyde hyaluronic acid (A-HA) was

prepared by adding a sodium periodate solution into a hyaluronic acid solution.

The crosslinked composite hydrogels were formed by a Schiff’s base reaction

(-C ¼ N–) between amino (-NH2) groups of the N-succinyl-chitosan and aldehyde

(-CHO) groups of aldehyde hyaluronic acid. The results demonstrated that the

biocompatibility of the composite hydrogel was improved, and that the crosslinking

density was dependent on the ratios of the N-succinyl-chitosan to the aldehyde

hyaluronic acid. Weng et al. reported a similar result using an oxidized dextran and

an N-carboxyethyl chitosan for controlled drug release [105]. In an attempt to

improve the solubility of chitosan, an acrylic acid was introduced into a chitosan

polymer to form a water soluble carboxyethyl chitosan. The chitosan polymer

formed the crosslinked networks via a Schiff base reaction between aldehyde

groups in the oxidized dextran and amino groups in the N-carboxyethyl chitosan.
The chemical crosslinking density was closely related to the ratios of the oxidized

dextran to the N-carboxyethyl chitosan, temperature, time, and the concentration of

the polymers.

Alternatively, the chitosan polymer can be crosslinked with the functionalized

polymer chains via the Michael-type addition reaction [53, 66]. The primary amino

groups in the chitosan chains can react with the vinyl groups on the other polymers

such as poly(ethylene oxide) (PEO) without any crosslinking agents. This

crosslinked network can be readily formed under physiological conditions. Kim

et al. recently reported a novel chitosan-poly(ethylene oxide) (PEO) hydrogel via

the Michael-type addition reaction [53]. The chemically crosslinked chitosan–PEO

network was formed using 2-carboxyethyl acrylate grafted chitosan and PEO with

hexa-thiol. The acrylate end groups in the soluble chitosan were chemically

crosslinked with thiol end groups in the PEO via the Michael-type reaction without

the addition of crosslinking agents. Therefore, this approach can be applied for

tissue engineering and drug delivery matrixes [66].
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Photo-crosslinked chitosan hydrogels can be formed by adding photosensitive

moieties to the chitosan chains with UV irradiation [43, 73, 75]. Ono et al. devel-

oped a photo-crosslinked chitosan hydrogel (Az-CH-LA) containing both lactose

moieties (LA) and photo-reactive azide groups (Az) through a two-step condensa-

tion reaction [75]. In their work, amino groups of the chitosan were replaced by

lactobionic acid moieties to form the lactose-linked chitosan (CH-LA), providing

better solubility in water. Subsequently, the azide moieties were introduced to the

lactose-linked chitosan (CH-LA) using azidobenzoic acid. As a result, the viscous

Az-CH-LA solution became the crosslinked hydrogel after UV irradiation. The UV

irradiation released N2 from the azide groups (–N3), which were converted into

reactive nitrene groups. The interaction between amino groups of chitosan and the

nitrene groups induced a gelation. The photo-crosslinked Az-CH-LA exhibited

excellent potential as a biological adhesive and a drug carrier for the controlled

release of growth factors [73, 75].

Similarly, the photo-crosslinked chitosan networks can be formed using

functionalized Pluronic or PEG for the sustained release of different types of

therapeutics [108, 110]. Yoo et al. developed a thermo-sensitive and photo-

crosslinkable hydrogel by employing di-acrylated Pluronic and acrylated chitosan

[110]. Pluronic chitosan, known as Poloxamer, is a nonionic triblock copolymer.

It is composed of a central hydrophobic chain of poly(propylene oxide) and two

hydrophilic chains of poly(ethylene oxide). It undergoes a sol–gel transition via

hydrogen bonds between poly(propylene oxide) blocks with an increasing temper-

ature above a lower critical solution temperature (LCST). In their study, Pluronic

and chitosan were separately functionalized by reacting with photosensitive

acryloyl chloride and glycidyl methacrylate, respectively. The functionalized

Pluronic/acrylated chitosan formulations physically underwent thermal gelations

with increasing temperature, and the concentration of the chitosan significantly

affected gelation temperature. After preparing the thermo-sensitive gels above

LCST, the Pluronic/chitosan hydrogels were photo-crosslinked by UV irradiation

to form covalently crosslinked networks between the di-acryloyl pluronic and

the glycidyl methacrylated chitosan. Swelling ratios and degradation rates of the

crosslinked hydrogels were dependent on UV irradiation time and concentrations

of the polymers. The hydrogels containing human growth hormone (hGH)

exhibited sustained release with long photo-crosslinking times and high chitosan

contents in the hydrogel.

Recently, the enzyme-catalyzed crosslinking method has gained significant

attention in the fields of tissue engineering and drug delivery [15, 50, 85]. There

have been numerous approaches using the action of natural tissue enzymes such

as transglutaminase (TG) [49, 87, 93], tyrosinase [15], and horseradish peroxidase

(HRP) with hydrogen peroxide (H2O2) [49, 50, 85]. For example, Sakai et al.

developed a novel chitosan derivative that was soluble at neutral pH and became

a hydrogel via a peroxidase-catalyzed reaction [85]. In their work, chitosan was

conjugated with 3-(p-hydroxyphenyl) propionic acid (pHP) using the carboxyl

groups of pHP and the amino groups of chitosan. This resulted in a formation of

chitosan derivatives with phenolic hydroxyl groups (Ph). This step made the
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chitosan soluble at neutral pH, and its solubility was dependent on the number of

Ph groups. The Ph groups in the chitosan chains induced a crosslinkable chitosan

hydrogel using HRP and hydrogen peroxide (H2O2). The crosslinked hydrogel was

formed either between Ph groups or between Ph groups and amino groups via an

enzyme-catalyzed oxidative reaction [15, 49, 50, 86]. The gelation time decreased

with increasing concentration of HRP and with decreasing concentration of H2O2.

The higher content of H2O2 deactivated HRP. Therefore, it is desirable to use lower

concentration of H2O2 for faster gelation and better biocompatibility.

In the other approach, the covalently crosslinked network can be formed by

adding non-reacting secondary polymers into the chitosan solution before

crosslinking. These non-reacting polymers form a physically entangled polymer

mesh, which is an interpenetrating polymer network (semi-IPN) [5, 32, 102]. If an

additional polymer is crosslinked to have two entangled crosslinked networks, a

full-IPN is formed. Several chitosan-based IPN hydrogels were studied [5, 9].

However, this technique has the limited applications because it requires the use

of toxic chemicals during crosslinking or polymerization.

Physical Bonding Methods

Physically crosslinked polymers are formed under mild conditions without the

addition of toxic crosslinkers [5, 36, 38, 62, 92]. They are biocompatible but exhibit

weak mechanical strength [38, 91, 92]. Therefore, external environmental factors

(e.g., ionic strength, pH, and temperature) can disrupt the polymer networks. Non-

covalent polymer networks can be formed with ionic molecules, polyelectrolyte

polymers, and neutral polymers [38]. The major physical interactions are electro-

static, hydrophobic, and hydrogen bonds between polymer chains [36]. The physi-

cally bonded polymers are suitable for short-term drug delivery.

The chitosan polymer can form ionic interactions with negatively charged

molecules due to its cationic amino groups. The chitosan polymer can bind

metal anions and anionic small molecules such as phosphates and sulfates with

its protonated amino groups [5, 63, 100]. The charge density of chitosan is depen-

dent on environmental pH, and the protonation constant pKa [89, 103]. Therefore,

small anionic molecules containing a high charge density can form strong ionic

interactions with the chitosan polymer. Secondary forces such as hydrophobic

interactions and hydrogen bonds can be formed between hydroxyl groups of

chitosan and the ionic molecules after neutralization of the cationic charges of the

chitosan [5, 89]. Similarly, chitosan can form polyelectrolyte complexes (PECs)

via electrostatic interactions with anionic macromolecules such as proteins, DNA,

polysaccharides, and the other polymers [5, 6, 11]. The PECs are stronger than

the other interactions including hydrogen bonds and van der Waals forces, but they

are reversible if there are changes in charge density, pH, temperature, etc. [6].

The PECs are networks physically bonded without the addition of toxic chemicals

such as catalysts, crosslinkers, and initiators under physiological conditions [5].
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In addition, chitosan can form a 3D gelling structure using a neutralizing

agent such as a sodium hydroxide (NaOH) [5, 56]. The neutralization reduces

electrostatic repulsion between chitosan molecules and enhances the formation of

hydrogen bonds and hydrophobic interactions [6]. Generally, chitosan molecules

in an acidic solution immediately form a hydrated precipitate by adding a strong

base due to the reduced charge density along chitosan chains, which subsequently

induces extensive hydrogen bonding and hydrophobic interactions between chains

[54, 62, 91]. This results in an inability to maintain chitosan molecules in a solution

at a physiologically acceptable pH [5]. Therefore, the increase in the concentration

of the neutralizing agent significantly affects the 3D chitosan network, resulting

in shrinkage and depletion of the gelling system [99].

Recently, the thermo-sensitive gels have gained special attention due to its

ability to deliver therapeutic agents, molecules or cells [4, 18, 67, 83, 96, 97].

The hydrophobic interactions and hydrogen bonds are essentially involved in the

mechanism of a sol–gel transition in response to the change of temperature. The

injectable gel system has several advantages over the implantable drug delivery

systems [23, 33, 82, 83]. An injectable gel formulation is liquid at room temperature

and becomes a gel at body temperature. It can be directly administered at the

targeted site by a simple injection without surgical intervention. In addition, a

variety of therapeutics can be encapsulated into the gel formulation. These include

hydrophobic drugs, various types of growth factors, and even cells [4, 18, 23, 33,

82, 96]. This delivery method can reduce costs and surgical complications.

The thermo-sensitive chitosan hydrogel can be prepared either by neutralization

of an acidic chitosan solution with various polyols such as glycerol, ethylene glycol,

and sorbitol or by aggregation of copolymers in aqueous media [3, 18, 47, 56, 107].

These polyols maintain chitosan as a liquid. Polyols form a shield of water around

chitosan chains in an acidic solution and maintain the solubility of chitosan at

higher pH values at lower temperatures [5, 19, 21, 82, 106]. b-Glycerophosphate
(b-GP) has attracted a lot of attention in forming thermo-sensitive chitosan-based

gel delivery vehicles [19, 21–23, 40, 106]. Several interactions reported during the

gelation process include the loss of electrostatic repulsion, hydrogen bonding, and

increased hydrophobic interactions. Chitosan is positively charged in an acidic

solution due to the protonation of the free amine groups, which causes electrostatic

repulsion between chitosan molecules. When a weak base of disodium b-GP
solution is added into an acidic chitosan solution, it increases pH and also induces

electrostatic attractions between positively charged chitosan (NH3
+) and negatively

charged phosphate molecules (�HPO4
� or �PO4

2�) of b-GP. It also reduces

electrostatic repulsion between the chitosan chains due to charge neutralization

by b-GP anions, which results in an increase in hydrogen bonding interactions

along chitosan interchains [21]. With increasing temperature, chitosan–chitosan

interactions become dominant resulting in a phase transition from a liquid to a gel,

while hydrogen bonding interactions are reduced [19, 106]. After breaking of

hydrogen bonding, phosphate groups function as a proton sink after chitosan chains

release protons [96]. The chitosan chains subsequently are brought close to precipi-

tation resulting in the gelation of the chitosan gel-forming solution (Fig. 12.1).
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Several studies have reported that phosphate groups of b-GP do not induce ionic

crosslinking with the chitosan molecules. Instead, the hydrophobic effect has been

considered the main force in inducing thermal gelation of the chitosan/b-GP system

[3, 18, 21]. The gelation of the chitosan/b-GP system can be controlled by the DDA

of chitosan, concentration of chitosan, the amount of polyol salt, temperature, and

the final pH of the gel forming solution [21, 22, 97]. As shown in Fig. 12.2, the

crossover of the storage modulus (G0) and the loss modulus (G00) moved to the left

with increasing final pH of the gel forming solution.

The phase angle (d) of the chitosan/b-GP solution (final pH 6.98 or 7.23)

decreased gradually as the temperature increased. The phase angle reached 45�

where G0 ¼ G00 at which the temperature was 33�C for pH 6.98 and 26�C for pH

7.23, respectively. The rheological analysis indicated that the storage modulus (G0)
began to increase at lower temperature with the chitosan/b-GP solution at higher

final pH 7.23 compared with lower final pH 6.98. This study demonstrated that the

Fig. 12.1 Photograph showing the thermal gelation of the chitosan/b-GP solutions which were

placed (a) at 5�C and (b) at 37�C for 30 min. 5 mL of chitosan solution contained 0.088 M of b-GP
solution and the final pH was 7.23

Fig. 12.2 The gelation temperature of the chitosan/b-GP solution at (a) pH 6.98 and (b) at pH

7.23. The storage modulus (G0) and the loss modulus (G00) of the chitosan/b-GP solution were

evaluated with regard to the effect of the final pH on the gelation temperature. The elastic modulus

(G0) and the viscous modulus (G00) are equivalent in value at d ¼ 45� [54]
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gelation temperature was lowered with increasing final pH of the gel forming

solution. Figure 12.3 shows that the gelation time decreases exponentially with

increasing temperature. The chitosan/b-GP solution at pH 7.23 showed faster

gelation time (150 s at 37�C) compared with that at pH 6.98 (330 s at 37�C).
Alternatively, similar thermo-sensitive chitosan gelation has been reported using

a chitosan copolymer containing hydrophilic and hydrophobic moieties [10, 17].

The thermo-sensitive chitosan hydrogel can be formed by grafting a monohydroxy

poly(ethylene glycol) onto the chitosan backbone (PEG-g-chitosan) [10]. In this

study, PEG was covalently connected to chitosan chains to improve the solubility of

chitosan via a Schiff base reaction, and then the aqueous copolymer solution became

a semisolid hydrogel at body temperature. At low temperatures, hydrogen bonding

was formed between hydrophilic groups of PEG and water molecules. With increas-

ing temperature, hydrophobic interactions dominated between the polymer chains

[78]. To induce a sustained release of proteins, the second crosslinking can be

performed onto the PEG-g-chitosan gel with a chemical crosslinker, which

transforms it from a physical gel to an insoluble chemical gel [10].

Applications of Chitosan-Based Drug Carriers

Controlled Drug Release for Tissue Engineering
and Chemotherapy

Strategies of Drug Loading

The optimal function of a drug delivery system depends on both properties of the

delivery device and the drug. Therefore, the choice of the material and the strategy of

drug loading should be considered according to the characteristics of the drug such as

Fig. 12.3 The gelation time

of the DCh/b-GP solution as

a function of the temperature.

The DCh/b-GP solutions

were prepared with different

final pHs which were 6.98

and 7.23, respectively [54]
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solubility, charge, and size for controlled release. There are several approaches of

incorporating drugs into chitosan networks. Drugs can be directly added into chitosan

carriers via a permeation method [38, 92]. In this method, chitosan hydrogels are

placed into medium containing therapeutics, which slowly diffuse into the gels [91].

This method can be easily applied for small molecules and hydrophilic drugs, but is

not appropriate for large molecules such as peptides and proteins [62]. It takes a long

time to load drugs using this method. The drug release profile exhibits a rapid burst

release during initial swelling. To deliver large molecules, chemical crosslinking

methods can be used to encapsulate the drug agents into the delivery system [38].

A drug is directly added into the polymer solution with a crosslinking agent, inducing

the entrapment of the drug into chitosan gel networks [34, 46]. However, unnecessary

crosslinking between polymer chains and drug molecules decreases the therapeutic

activity of the drug during the formation of the polymer network. To improve

the crosslinking effect, a drug can be intentionally tethered to the polymer chains

physically or chemically before the formation of the polymer network [38, 62]. This

method can reduce the initial burst release of the drug from the delivery system,

resulting in improved therapeutic residence. However, linkages between the polymer

and drug should be broken down to increase drug exposure to the target tissue via

environmental factors such as enzymes, pH, and temperature.

In another strategy, the polymer solution can be mixed with some additives such

as amphiphilic molecules to load hydrophobic molecules or molecules with the same

charge as the polymer components [62, 84]. For example, paclitaxel is one of popular

anti-cancer drugs used to treat various cancers such as ovarian and lung cancer, head

and neck carcinoma, acute leukemia, and breast cancers [72, 84]. However, it is

hydrophobic and less soluble in water. To improve its therapeutic efficacy, several

delivery strategies have been applied. Ruel-Gariepy et al. encapsulated paclitaxel into

an injectable chitosan gel containing b-glycerophosphate (b-GP) for the sustained

release of paclitaxel and investigated its in vivo anti-tumor activity using an EMT-6

murine mammary carcinoma model [84]. Addition of b-glycerophosphate (b-GP) to
a chitosan solution induced a sol–gel transition at body temperature. The results

showed the controlled release of paclitaxel from the injectable chitosan gel over

1 month in vitro. These experiments demonstrated that an intra-tumoral injection of

the chitosan hydrogel containing paclitaxel was four times more effective compared

with intravenous injections of Taxol. Similarly, camptothecin, an insoluble anti-

cancer drug, was also loaded into the chitosan/b-glycerophosphate (b-GP) hydrogel
for sustained intra-tumoral release into mouse tumor model (RIF-l) [8]. In vitro

release profiles exhibited zero order release kinetics for 4 weeks with low initial

burst effects (less than 5%). This injectable chitosan hydrogel maximized the thera-

peutic efficacy of camptothecin without toxicity. In another application, the chitosan/

b-glycerophosphate (b-GP) hydrogel was prepared and evaluated as a potential

delivery system for living cells and therapeutic proteins in tissue engineering

applications [18]. In those studies, hydrophobic interaction was the main force that

induced thermal gelation of the chitosan and affected drug loading rates in the

chitosan/b-GP system [5, 21, 54, 106].
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Alternatively, Obara et al. reported similar results using photo-crosslinked

chitosan hydrogels [72]. In their work, Azide (p-azidebenzoic acid) and lactose

(lactobionic acid) were added to amino groups in the chitosan via a condensation

reaction prior to the drug loading [72, 75]. The addition of lactose induced a water

soluble chitosan at neutral pH values. The chitosan (Az-CH-LA) solution

containing paclitaxel became an insoluble hydrogel after UV irradiation. In vitro

release profiles showed a slow release of paclitaxel molecules from the chitosan

(Az-CH-LA) hydrogel via both diffusion and biodegradation. These results

demonstrated that the paclitaxel loaded Az-CH-LA induced significant necrosis

on tumor tissue and inhibited angiogenesis compared with control groups, which

included delivering the drug or Az-CH-LA hydrogel alone.

In another strategy, a separate drug carrier is incorporated into another delivery

system for long-term applications. Therapeutic agents are initially loaded into small

vehicles such as micro/nanoparticles prior to encapsulation by another main deliv-

ery system such as hydrogels and scaffolds [41, 58–60]. Lee et al. encapsulated

TGF-b1 loaded chitosan microspheres into a collagen/chitosan/glycosaminoglycan

(GAG) scaffold for cartilage formation [59]. In their work, TGF-b1 was loaded into
chitosan microspheres using an emulsion crosslinking method. The TGF-b1 loaded
microspheres in 90% aqueous ethanol were then introduced into the scaffold and

lyophilized. The results showed that the chitosan microspheres released TGF-b1
over 1 week in a controlled manner with an initial burst effect. However, the initial

burst release of TGF-b1 was reduced due to additional encapsulation by the

scaffold.

Strategies of Drug Release

The release mechanism of drug delivery systems varies according to the

characteristics of the materials such as hydrophilicity, swellability, solubility,

degradability, and crosslinking density [62]. Generally, different mechanisms are

involved in the release profile of the therapeutics encapsulated in the polymer

network, including diffusion, swelling, and degradation. In polymeric materials,

diffusion is the most well-known mechanism of drug release. The porous structure

of the delivery matrix significantly affects the rate of the drug release. Diffusion

rate is highly related to the pore size of the delivery matrix in a similar manner as

drug molecular size [62]. Small molecular drugs are released faster than

macromolecules such as proteins and peptides from the delivery system. The

diffusion of small molecules is not significantly affected by swelling of the polymer

network, but the diffusion of large molecules can be controlled using the swelling

behavior of the delivery system [62, 90]. Swelling of the delivery matrix accelerates

the diffusion of drugs by opening pores of the polymer network. In addition, drugs

can be chemically crosslinked to the polymer matrix for controlled and sustained

drug release. In this case, polymer chains are broken down via hydrolytic or

enzymatic degradation. The release of encapsulated or crosslinked drugs is

accelerated via surface erosion, degradation of the polymer chains, and bulk
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degradation of the polymer backbone [62, 90]. However, diffusion, swelling, or

crosslinking mechanisms generate a nonspecific release profile of drugs.

In another strategy, environmental or biological stimulations such as pH, tem-

perature, and enzymes are used to effectively control drug release for selective

treatments. These methods can maintain therapeutic levels at local specific target

sites without increasing toxicity for a designed time period [6, 62]. pH stimulation

is one of the most promising methods for controlled drug release and effective

treatment. The pH sensitivity is dependent on the presence of functional groups on

the polymer backbone. Neutral and anionic polymers are less sensitive to the

change of pH under acidic conditions. However, cationic polymers such as chitosan

are very responsive to low pH (3–5), but they become insoluble at higher pH.

As an example of pH responsive release, Dai et al. developed an N-succinyl
chitosan/alginate hydrogel crosslinked by Ca2+ ions for the controlled delivery of

nifedipine [25]. In their work, the shrinkable characteristic of alginate at low pH

was used to induce pH sensitive drug release. Ca2+ ions provide ionic crosslinks of

alginate, inducing the formation of microencapsulated beads. Soluble N-succinyl
chitosan was also crosslinked by Ca2+, resulting in entangled alginate on the N-
succinyl chitosan gel. The Ca2+ crosslinked hydrogel beads were sensitive to the

changes in pH due to carboxylated groups (–COO–) in the polymer network. The

results showed that the drug release from the beads was relatively slow (11.6%) at

pH 1.5, while the release rate was increased to 76% at pH 7.4. This result indicated

that the system is sensitive at higher pH and has a site specific property which

makes it a potential drug carrier in the intestinal tract. At neutral pH, the release of

nifedipine from the hydrogel beads was significantly increased due to enhanced

swellability of the hydrogel network. At pH 1.5, hydrogen bonding between the

alginate and the N-succinyl chitosan dominated, and the hydrogel beads were in a

shrunken state. The ionization of carboxylic groups in the beads induced the best

swelling characteristic and pH sensitivity at pH 7.4.

In a comparative study, the swelling behavior of the chitosan polymer can be

controlled by adjusting the ratio of hydrophilic to hydrophobic groups and the

crosslinking density in the polymer network [1, 32]. Recently, Guo et al. reported

similar results using a semi-IPN hydrogel by combining a natural carboxymethyl

(CM)-chitosan and a synthetic poly (N-isopropylacrylamide) (PNIPAm) to induce

pH and temperature sensitivity [32]. They found that the cumulative release of

coenzyme A (CoA) was 22.6% at pH 2.1 and 89.1% at pH 7.4 within 24 h. At pH

2.1, carboxyl groups (–COOH) formed hydrogen bonds between –OH groups in the

CM-chitosan and –NHCO groups in the PNIPAm. The hydrogen bonds became

dominant and made the gel shrink. However, at pH 7.4, carboxyl groups (–COOH)

were negatively charged and the hydrogen bonds were dissociated, resulting in

swelling of the hydrogel. In addition, the release rate of CoA was higher at 37�C
than 25�C at pH 7.4 because the swelling ratio of the hydrogels decreased with

increasing temperature at both pH 2.1 and 7.4. The decreased swellability of the

polymer network was attributed to the collapse of the PNIPAm chains at 37�C.
Hydrophilic groups (–NHCO) in the PNIPAm polymer formed intermolecular

hydrogen bonds with the surrounding water at 25�C. With increasing temperature,
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the water molecule gained an enthalpy, and the hydrophobic force of the PNIPAm

became dominant. Consequently, the water molecules inside the hydrogel were

released, resulting in a decreased swelling ratio of the hydrogels at 37�C. As a

result, the crosslinking density of the semi-IPN hydrogel was reduced due to the

precipitation of PNIPAm, and the porous size of the hydrogel became enlarged,

thereby accelerating the CoA release.

In another study, Ahmed et al. reported pH-sensitive IPN microspheres, which

were prepared by combining a chitosan polymer and an acrylamide-grafted

hydroxyethylcellulose (AAm-g-HEC) using glutaraldehyde as a crosslinker [1].

The crosslinked chitosan was used as a pH-sensitive hydrogel due to its swellability

in acidic conditions. Hydroxyethylcellulose (HEC), a nonionic polymer, was

modified with acrylamide (AAm) to improve the mechanical strength. In their

work, diclofenac sodium as a drug was encapsulated into the IPN microspheres,

and its release profile from the microspheres was investigated at pH 1.2 and 7.4.

The results showed that the swellability of the microspheres was higher at pH 1.2

than at pH 7.4 due to the protonation of amine groups in chitosan chains, leading to

structure relaxation and dissociation. The higher amounts of AAm-g-HEC induced

higher swelling due to the hydrophilicity of the AAm-g-HEC matrix, leading to

higher water uptake.

Chitosan-Based Devices for Wound Healing

Chitosan-based biomaterials have been used in the area of wound healing due to its

ability to enhance the healing process, decrease treatment time, and protect wound

surface areas without pain [14, 37, 71, 95]. Biodegradability and biocompatibility

of chitosan are excellent characteristics for wound healing materials to activate host

defenses, prevent infections, and accelerate healing process [14, 71, 100]. Chitosan is

degraded by enzymatic hydrolytic processes, especially by lysozyme, resulting in the

release of glucosamine,N-acetylglucosamine monomers, and oligomers. Its degraded

products influence macrophage activation, cytokine production, anti-inflammatory

reactions, angiogenesis, granulation, and scar formation [37, 71, 95]. Chitosan

oligomers promote the synthesis of hyaluronan, which is an anionic glycosaminogly-

can spread in epithelial, connective, and neural tissues [71]. The hyaluronan promotes

cell adhesion, movement, and proliferation. It is involved in such processes as

morphogenesis, inflammation, wound repair, and tissue reorganization. The released

chitosan monomers after degradation are phosphorylated and incorporated into

hyaluronan, keratan sulfate, chondroitin sulfate, and others [71].

Wound healing includes a variety of biochemical process regulated by humoral

factors and anti-inflammatory mediators [71]. First, inflammatory cells from

surrounding cells move into a wound area and fibroblasts appear to form collagen

and connective fibers. Subsequently, many capillaries form to supply oxygen and

nutrients, after which epithelial cells begin to grow under the scab, resulting in

the formation of new epithelium. Chitosan-based materials have been shown to
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facilitate fast wound healing and smooth scar formation because it enhances

vascularization and continuously releases chito-oligomers to the wound area

[37, 71]. Chitosan induces migration and proliferation of fibroblasts and vascular

endothelial cells by stimulating fibroblasts to release interleukin-8, an important

mediator of the immune reaction [71, 74, 101]. Therefore, chitosan promotes the

formation of granulation tissue with angiogenesis and organization. As a result,

using chitosan to treat wounds induces excellent deposition and orientation of

collagen fibrils as well as its incorporation into extracellular matrix (ECM)

components [37, 74].

In conventional therapies, irradiation and administration of drugs are com-

monly performed to treat wound areas. There are several types of chitosan-based

biomaterials used in wound healing applications, including powders, filaments,

granules, hydrogels, composite non-woven fabrics, and sponges [20, 24, 43, 52,

55, 75]. For example, Ono et al. investigated the feasibility of photocrosslinkable

chitosan (Az-CH-LA) to induce an insoluble and flexible hydrogel using UV

irradiation [43, 75]. The results demonstrated that the photocrosslinkable chitosan

hydrogel completely stopped bleeding from a cut mouse tail after UV irradiation.

The chitosan hydrogel significantly affected wound contraction and accelerated

wound healing. The chitosan hydrogel-treated wounds exhibited the formation of

granulation tissue and epithelialization. In addition, it was found that the binding

strength of the chitosan hydrogel was higher than that of fibrin glue. Therefore, this

study suggested that the photocrosslinkable chitosan (Az-CH-LA) hydrogel could

be used as an excellent wound healing biomaterial in hemostasis conditions [43].

In another study, Kojima et al. evaluated tissue reactions in rats after implantation

of a polyester non-woven fabric impregnated with chitin or chitosan [55]. This

study investigated that the effect of the dose of chitin or chitosan on inflammatory

reactions resulted in the formation of granulation tissue in vivo. The results

indicated that excessive amounts of chitin and chitosan induce excessive forma-

tion of granulation tissue and inflammatory reactions. However, with suitable

doses of chitin and chitosan, the synthesis of collagen was enhanced without

scar formation around non-woven fabric, indicating an accelerated healing process

[55, 74].

In an attempt to improve the water solubility of the healing agents, Cho et al.

investigated the effect of water soluble chitin (WSC) on wound healing in rats by

comparing it with chitin and chitosan [20]. In practical applications, it is required to

improve interactions between the wounded sites and the healing agents. In their

work, WSC was prepared by adjusting the DDA and molecular weight of chitin

using alkaline and ultrasonic treatment. They found that the WSC was more

efficient than chitin or chitosan as a wound healing accelerator. In addition, the

WSC-treated wounds were completely reepithelialized and formed granulation

tissues. Similarly, water soluble carboxymethyl (CM)-chitosans were investigated

regarding their activities on the wound healing acceleration. Chen et al. found that

CM-chitosan promoted the proliferation of normal skin fibroblasts significantly but

inhibited the proliferation of keloid fibroblasts [16]. The results also proved that the

water soluble chitosans play an important role in wound healing.
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In another study, chitosan was combined with sodium alginate to form a

complex sponge, which was evaluated as a potential wound healing material in

rats [24]. In this study curcumin, a therapeutic agent, was loaded into the chitosan-

alginate sponge to prevent wound infection. The results indicated that the sponge-

treated wounds exhibited better formation of the granulation tissue and collagen

alignment compared with cotton gauze-treated wounds. In addition, the sponge

loaded with curcumin enhanced the therapeutic healing effect.

Summary

A major challenge in the drug delivery system is to control drug release in an

appropriate dosage and sequence over an appropriate time period. Extensive study

on controlled drug delivery has been executed for successful tissue regeneration

and chemotherapy. Recently, a variety of new techniques and strategies have

utilized the beneficial properties of chitosan, but few have shown its feasibility

for long-term clinical applications. However, many studies are still continuing on

new delivery systems based on chitosan polymers due to its excellent physicochem-

ical and biological properties. It is also capable of accelerating wound healing and

tissue regeneration. These properties of chitosan are significantly affected by its

molecular weight and DDA. In addition, its functional groups such as amino and

hydroxyl groups offer opportunities for chemical or physical modification via

various crosslinking methods.

Chitosan can form covalently crosslinked networks via Schiff base formation

reactions and Michael-type reactions using small molecule, functionalized polymer

chains, photosensitive moieties, natural tissue enzymes, and UV irradiation. In

contrast, non-covalent polymer networks can be formed with ionic molecules,

polyelectrolyte polymers, and neutral polymers via several interactions, including

electrostatic, hydrophobic, and hydrogen bonding between polymer chains. The

physically bonded networks are formed under mild conditions without the addition

of toxic chemicals such as crosslinkers, photo-initiators, and organic solvents.

Hence, they are biocompatible, but may be disrupted or reversed by environmental

factors such as pH, temperature, and others. The physically bonded polymers are

suitable for short-term drug delivery. On the other hand, chemically crosslinked

networks enhance mechanical strength and increase stability, but may be non-

biocompatible. There are numerous approaches to controlling drug release and

improving therapeutic efficacy at specific target regions. As discussed, drug release

from the chitosan-based delivery system is triggered by several different

mechanisms including diffusion, swelling, degradation, pH, temperature, and others.

Therefore, the unique properties of the chitosan polymer should be applied to

develop controlled drug release systems by modulating the release mechanisms.

As such, a new approach combining both advantages of chemical and physical

crosslinking strategies should be considered for tissue engineering and drug delivery.
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Chapter 13

Conclusion: Translating Tissue Engineering

into Successful Therapies

Sujata K. Bhatia

Abstract This volume has highlighted major advances in the design of

biomaterials for regenerative medicine. Increasingly, tissue engineering is being

recognized as a beneficial strategy for alleviating the global burden of disease.

While significant progress has been made in the field of tissue regeneration, a

number of scientific and engineering issues must be addressed before tissue-

engineered scaffolds can be translated into clinical usage.

Going forward, biomaterials scientists must:

(1) Rigorously evaluate the short-term and long-term biocompatibility of

engineered scaffolds;

(2) Determine the biological fates of both scaffolds and exogenous cells following

implantation of engineered constructs;

(3) Track the function of native cells, and confirm that functional tissue is being

generated;

(4) Find the best combinations of growth factors to promote the growth, differen-

tiation, and proliferation of desirable cells;

(5) Discover the biochemical and biophysical stimuli that enable tissue

engraftment;

(6) Thoughtfully address the bioethical issues arising from tissue regeneration;

(7) Weigh the risks versus benefits of implantable biomaterials for regenerative

medicine;

(8) Cooperate with process engineers to ensure cost-effective scale-up and pro-

duction of engineered scaffolds;

(9) Understand the shelf life of engineered matrices, and its impact on cost and

safety;
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(10) Join with mechanical engineers to create convenient delivery systems for

biomaterials;

(11) Collaborate with clinicians to develop systems that are optimal for physician

and patient use;

(12) Ensure that engineered biomaterials can be consistently and reliably produced

to satisfy regulatory requirements;

(13) Convincingly demonstrate the value of tissue-engineered scaffolds in clinical

trials.

Translation of regenerative medicine into widespread clinical use will not only

require the concerted efforts of biomaterials scientists and physicians but also

chemical engineers, mechanical engineers, bioethicists, and regulatory authorities.

The technological developments described in this book reveal the potential of

regenerative medicine as well as future research priorities. Continued progress in

biomaterials science, along with the early involvement of physicians, surgeons, and

patients, will allow the possibilities of regenerative medicine to become realities.
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