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Abstract

Tissue engineering scaffolds are used extensively as three-dimensional analogs of the extracellular matrix (ECM). Collagen-glycosaminoglycan
(CG) scaffolds have long been utilized as ECM analogs for the regeneration of skin and are currently being considered for the regeneration of
nerve, conjunctiva, and a host or orthopedic tissues. Recently a series of CG scaffolds with a uniform pore microstructure has been developed
with a range of sizes of equiaxed pores. Experimental characterization and theoretical modeling techniques have been used to describe the pore
microstructure, specific surface area, tensile and compressive mechanical properties, cell attachment, and permeability of these variants. Here we
describe the fabrication, and characterization, and modeling of a series of CG and mineralized CG scaffolds. We then discuss their use in vivo
to induce tissue regeneration following injury and in vitro as standardized 3D materials to study the influence of microstructural and mechanical

features on cell behaviors such as motility and contraction.
© 2007 Elsevier B.V. All rights reserved.
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1. Introduction

The extracellular matrix (ECM) is a complex organization of
structural proteins such as collagens and a wide variety of pro-
teoglycans that is found within tissues and organs. The ECM
forms a fibrillar network that acts as an insoluble regulator
of cell behavior; among other things, the ECM plays a sig-
nificant role in defining the overall mechanics of a tissue, is
responsible for conducting mechanical stimuli from the organ-
scale to individual cells, can influence cell behavior through
integrin-ligand complexes, and can influence delivery of solu-
ble regulators (i.e., cytokines, growth factors, hormones, other
paracrine and endocrine signals) through its fibrillar network to
target cells. With the understanding that in situ cells exist within
a complex, three-dimensional structure a wide variety of tissue
engineering scaffolds have been created for a multitude of appli-
cations. As an analog of the native ECM, the scaffold acts as a
physical support structure and insoluble regulator of cell activity.
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Scaffold microstructure (porosity, mean pore size, pore shape,
interconnectivity, specific surface area) [1-6] and mechanical
properties (Young’s modulus) [7-16] have been shown to sig-
nificantly influence cell behaviors such as adhesion, growth, and
differentiation. Scaffold microstructure and stiffness have also
been shown to affect the bioactivity of scaffolds used for in vivo
tissue regeneration applications [1].

The primary application of porous biomaterials has been
in vivo as a regeneration template to induce a modifica-
tion in the characteristic healing process following injury.
Increasing, scaffolds have also been used in vitro as a con-
trolled three-dimensional environment to probe cell-scaffold
interactions and the ways in which cell behavior may be
governed by its local environment. There are three major
classifications of chemical compositions (and composites
thereof) that have been utilized to produce scaffolds for tis-
sue engineering applications: synthetic polymers, inorganic
materials, and organic polymers. Inorganic—organic compos-
ites and naturally derived ECMs will also be briefly described
here. We will first describe these general material classifications
and then will focus on the in vivo and in vitro applications of
collagen-glycosaminoglycan scaffolds.
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1.1. Synthetic polymers

A wide range of synthetic polymers has been used to fabri-
cate porous scaffolds. These polymers include polylactic acid
(PLA, polylactide), its chiral derivative poly-L-lactide (PLLA),
polyglycolic acid (PGA, polyglycolide), its copolymer with
PLA poly(lactic-co-glycolic acid) (PLGA), e-caprolactone (&-
CPL) and polycaprolactone, polyethylene (PE), poly(ethylene
glycol) (PEG), and copolymers thereof [17-21]. A significant
benefit to using synthetic polymers is that a host of process-
ing techniques including those that utilize high temperatures
and pressures can be applied to produce porous biomaterials
with complex microstructures. These techniques include solid
free-form fabrication, electrospinning and other fibrillar mold-
ing techniques, as well as a variety of liquid state molding
techniques [22]. However, synthetic polymers do not express
surface ligands appropriate for cell attachment and therefore
require biologically relevant surface coatings. Another area
of concern is scaffold degradation; some synthetic polymers
are non-degradable while others have cytotoxic degradation
byproducts, making their use in vivo limited. Finally, like many
organic polymers (discussed below), porous biomaterials fabri-
cated from synthetic polymers are often too weak for high load
in vivo applications. Mechanical considerations can limit their
application to soft tissues and those not undergoing large-scale
deformation.

1.2. Inorganic materials

Calcium phosphates (CaP) are the primary inorganic mate-
rials that have been used to craft porous biomaterials for tissue
engineering applications. Calcium phosphates, specifically a
biological form of hydroxyapatite, are the major constituent of
bone, constituting approximately 75% of its dry mass [23] and
are responsible for providing much of its mechanical stiffness
and strength. CaP, their derivatives, and composites thereof are
often the main component of bone tissue engineering constructs
[24-26]. CaP were originally used to improve the chemical inter-
actions between a fixed implant and bone, and their extensive use
as bone substitutes has yielded a lucrative commercial market,
with products ranging from coatings [27,28] to porous implants
[29] to bioactive composites [30,31]. The past 15 years have
witnessed the emergence of a vast number of other CaP-based
products —including dense bone fillers [32—34], porous implants
[29,35], and advanced CaP-based composites [30,31]. When
combined with polymeric materials, CaP composites impart
high stiffness and compressive strength. As bone substitute
materials, they are biocompatible and have the unique capacity
to bond directly to bone.

Bioactive glasses are a second type of inorganic materi-
als commonly used to produce porous biomaterials. Bioactive
glasses are a group of surface reactive glass-ceramics and
include the original bioactive glass, 45S5 Bioglass, that is fab-
ricated from silicone oxide (SiO2) compounds [36,37]. These
materials are formed as a glass and then are partially crys-
tallized via heat treatment to increase their strength. The
biocompatibility of these glasses has led them to be investi-

gated extensively for use as implant materials to repair and
replace diseased or damaged bone. Porous glass-ceramic scaf-
folds are typically made as composites with other synthetic
materials and are then formed via high pressure and sintering;
more recently electrospinning approaches have been utilized to
produce fibrillar bioactive glasses that can be formed into a
porous composite material [38—40]. However, like CaP-based
biomaterials, these bioactive materials are relatively stiff, brit-
tle and difficult to form into complex shapes, particularly as
porous scaffolds, making their applications limited in vivo
[36,41-43].

1.3. Organic polymers

Organic polymers are perhaps the most intriguing materi-
als used to create scaffolds for tissue engineering applications.
Like synthetic polymers, scaffolds made from organic poly-
mers typically do not exhibit the requisite mechanical properties
for high-strength applications. However, as materials isolated
directly from the natural ECM, organic polymers contain a host
of surface ligands (i.e., fibronectin, laminin, and vitronectin)
and peptides (i.e., RGD) appropriate for the formation of cell-
scaffold complexes. Additionally, organic polymers typically
are degradable with non-toxic degradation products and with
a controllable degradation rate.

As the major organic component of the natural extracellu-
lar matrix of most vertebrate tissues, collagen is arguably the
most versatile substrate for supporting cell proliferation and dif-
ferentiation. While more than 20 genetically distinct collagen
types exist, type I collagen is the predominant form found as the
major structural component of the ECM in a wide variety of tis-
sues. The low antigenicity and immunogenicity of collagen, with
adverse immune responses occurring even less frequently than
nickel or latex allergies [44], make it an attractive component of
tissue engineering scaffolds. Additionally, the mechanical prop-
erties and degradation rate of collagen can be tailored by altering
the degree to which it is crosslinked. Furthermore, the abundance
of functional groups along its polypeptide backbone makes it
highly receptive to the binding of genes, growth factors and
other biological molecules.

Proteoglycans are another class of organic polymers that are
found in cells and that are a major component of the natu-
ral ECM. Glycosaminoglycans (GAGs) are long, unbranched
polysaccharides that are a significant component of proteo-
glycans, do not elicit an immune response on their own, and
have been used extensively for tissue engineering applications.
Copolymerization of collagen with GAGs has been observed
to increase the stiffness and toughness and decrease the degra-
dation rate of collagen [45]. While the precise mechanisms
leading to these effects have yet to be elucidated, collagen
copolymerization with GAG is used as an alternative to heavy
crosslinking of collagen which can often render the material
brittle. Scaffolds fabricated from type I collagen and a gly-
cosaminoglycan have been used to study cell migration and
contraction in vitro [14,46,47] as well as induce regenera-
tion of the skin, conjunctiva, and peripheral nerves in vivo
[1,6,48,49].
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1.4. Naturally derived ECM

A subgroup of organic polymer scaffolds is the naturally
derived ECM. Instead of relying on technologies to fabricate
a three-dimensional scaffold structure from either synthetic or
natural materials, native tissue can be processed and decellu-
larized, resulting in a biologically derived scaffold. Examples
of naturally derived ECMs include the small intestinal submu-
cosa (SIS) construct and the naturally derived collagen matrix
(NDCM). Both are decellularized ECMs that have been widely
used for in vivo tissue regeneration studies; the NDCM has been
primarily used for dermal regeneration applications [S0] while
the SIS has been studied for urinary bladder, urethra, ureter,
intestine, diaphragm, rotator cuff, and integument regeneration
applications [51].

1.5. Inorganic—organic hybrid materials

In addition to the wide variety of ECM analogs derived
from organic and inorganic materials, recent investigations
have also attempted to produce hybrid ECM analogs with an
inorganic and organic component in order to satisfy particu-
lar functional (often mechanical) requirements. Considerable
interest has been generated in collagen-CaP biocomposites
for their potential to mimic the composition, structure, and
mechanical properties of bone. Typically, collagen-CaP com-
posites have been produced from mechanical mixtures of
pre-synthesized CaP particles suspended in a collagenous
matrix [52-56] or via co-precipitation approaches [57-59].
Other Inorganic—organic hybrid materials include collagen-
apatite-silicon materials to promote osseointegration during
bone tissue engineering [60], calcium—silicon—poly(vinyl alco-
hol) hybrids for in vitro bone tissue engineering applications
[61], and polydimethylsiloxane—tetraethoxysilane biocompos-
ites for radial flow bioreactor studies [62]. Development and
application collagen-GAG-CaP hybrids for bone and osteochon-
dral tissue engineering applications will be described later in this
text.

In this review, we summarize the development and use of
collagen-glycosaminoglycan (CG) scaffolds for a variety of in
vivo and in vitro applications. We first describe the fabrica-
tion of CG scaffolds with distinct chemical compositions, pore
microstructures, and mechanical properties, the microstructural
and mechanical characterization of these scaffolds, and cellular
solids modeling tools that have been developed as a theoreti-
cal framework to describe these porous biomaterials. We then
discuss in vivo applications of CG scaffolds, specifically their
application as analogs of the extracellular matrix used as in vivo
regeneration templates for acute and chronic injuries to the der-
mis, peripheral nerves, and some orthopedic tissues. Mineralized
collagen-GAG scaffolds for regeneration of bone and bilayer
mineralized and unmineralized collagen scaffolds for the regen-
eration of osteochondral defects are also described. We conclude
with a discussion of the use of CG scaffolds for in vitro tissue
engineering applications, specifically studies of cell attachment,
gene expression, individual and cooperative cell contraction, and
cell motility.

2. Fabrication, structure, and characterization
2.1. Fabrication via freeze drying

CG scaffolds are primarily manufactured using a freeze dry-
ing, or lyophilization, process from a suspension consisting of
co-precipitated collagen and chondroitin 6-sulfate in a solution
of acetic acid [1]. In short, the CG suspension is solidified at
a specified freezing temperature [63], resulting in a continu-
ous, interpenetrating network of ice crystals surrounded by the
CG co-precipitate. Sublimation of the ice crystals produces the
highly porous scaffold structure that is defined by individual
fibers of CG, termed struts (Fig. 1). These scaffolds resemble
low-density, open-cell foams, with an interconnected network of
struts and relative densities typically less than 10%. Modifying
CG suspension solidification allows fabrication of CG scaffolds
with distinct pore microstructures. We have recently devel-
oped improved fabrication methods to produce a series of CG
scaffolds with experimentally controllable pore size, but each
with a uniform, equiaxed pore structure [2,63]. These scaffolds
have been engineered such that well-defined microstructural
environments can be presented to individual cells within the
scaffold. Termed the constant cooling rate technique, a con-
stant starting temperature of 20 °C paired with final freezing
temperatures of —10, —20, —30 and —40 °C along with homo-
geneous suspension cooling were used to produce scaffolds of
four different mean pore sizes (96—151 pm) but constant relative
density (p*/ps =0.006) (Table 1) [2]. These scaffolds have been
demonstrated to possess a uniform pore microstructure with
interconnected pores, and with no observed variation in pore size
in orthogonal directions across the entire scaffold, suggesting
an approximately equiaxed average pore [2,63]. An isothermal
coarsening model has been implemented that accurately predicts
CG suspension ice crystal size (and hence scaffold mean pore
size) based upon the local solidification time of the suspension
[64].

2.2. Peripheral nerve and spinning scaffold fabrication

Specific modifications of scaffold microstructure can be
made through thermal processing for particular applications.
Studies of peripheral nerve regeneration in particular have
led to the fabrication of tubular CG scaffolds as well as CG
scaffold plugs to insert within a tubular implant in order to
reconnected transected ends of a nerve (more extensive descrip-
tion of peripheral nerve regeneration and CG scaffolds will
be addressed later in the In vivo Applications section of this
article). Tubular CG scaffolds for nerve regeneration are tradi-
tionally fabricated using a tubular mold and mandrel, resulting
in scaffolds with a regular distribution of pores and pore sizes
throughout the tube wall [49,65-67]. More recently, a spinning
method has been developed for the production of tubular CG
scaffolds [68]. Here the CG suspension is spun in a cylindri-
cal copper mold about its longitudinal axis resulting in variable
relative sedimentation of the CG content toward the mold outer
edge; the spinning mold is then placed into a bath of liquid
nitrogen. Due to the rapid solidification that results, the CG
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Fig. 1. (A) ESEM image of the pore structure of the CG scaffold (77 = —40°C). Scale bar: 100 wm. Reprinted with permission [130]. (B) SEM image of the pore
structure of the tubular CG scaffold fabricated via spinning. Scale bars: 1 mm (tube), 100 wm (wall). Reprinted with permission [68,130].

content remains sedimented after the solidification and sublima-
tion steps. The tube walls of these scaffolds display a radially
aligned pore structure and a gradient of porosity along the tube
radius (Fig. 1).

2.3. Mineralized and osteochondral scaffold fabrication

Specific modifications of scaffold chemical composition can
also be incorporated to produce CG scaffolds for specific appli-
cations via variable mixing and thermal processing steps. Due
to their composition and mechanical properties, CG scaffolds
are typically used for soft tissue applications; addition of a min-
eral phase and incorporating variable microstructural properties
throughout the scaffold have allowed a class of CG scaffolds
to be developed for bone and osteochondral tissue engineering
applications.

The traditional chemical composition of the CG suspension
is augmented with calcium phosphate using a titrant-free, con-

Table 1
Mean pore size and relative density of the CG scaffold variants

T: (°C) Mean pore size Relative density
(wm) Mean £+ S.D. Mean £+ S.D.
—10 151 £ 32 0.0062 =+ 0.0005
—20 121 £ 23 0.0061 £ 0.0003
-30 110 + 18 0.0059 £ 0.0003
—40 96 + 12 0.0058 £ 0.0003

current mapping technique [41,69,70]. The concurrent mapping
technique allows the mineral:organic ratio (calcium phosphate
mass fraction) of the collagen-GAG-CaP (CGCaP) triple co-
precipitates to be varied from O to 80 wt%, a range that includes
the mineral content of natural (cortical) bone (75 wt% CaP)
[41,70]. When combined with established methods for fabri-
cating unmineralized CG (0 wt% CaP) scaffolds [6], a series of
CGCaP scaffolds can be fabricated whose composition mimics
the compositions of a wide range of natural orthopedic tissue
(heavily mineralized bone, non-mineralized cartilage, lightly
mineralized tidemark region). The triple co-precipitate solution
is freeze dried to produce a CGCaP scaffold with a homogeneous
microstructure (85 &= 3% porous), highly interconnected pores,
uniform distribution of mineral content throughout the scaf-
fold, and a controllable mean pore microstructure (mean pore
sizes: 56 £ 19to 1085 £ 83 wm) (Fig. 2) [69]. Once freeze dried,
the CaP phase chemistry within the CGCaP scaffold (initially
brushite) can be controlled via a hydrolytic conversion to either
octacalcium phosphate or apatite, two biologically relevant CaP
phases [69]. The resultant family of tissue regeneration scaffolds
combines the desirable biochemical properties and pore archi-
tecture of porous CG scaffolds with the three-dimensional rigid-
ity and direct bone-bonding properties of calcium phosphate
materials in a manner that can be tailored to meet the demands
of a range of applications in orthopedics and regenerative
medicine.

A recent application of mineralized CG scaffolds for ortho-
pedic applications involves production of multi-phase scaffolds
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Fig. 2. (A) SEM and microCT micrographs of the gross CGCaP scaffold morphology showing an open pore structure with interconnected pores. (B) EDX analysis of
CGCaP scaffold shows an even distribution of both calcium (Ca) and phosphorous (P) throughout the CGCaP scaffold. Scale bars: 1 mm. Reprinted with permission

[69].

with compartments that have distinct chemical composition and
pore microstructural features, but which lack hard interfaces
between these compartments. A “liquid-phase co-synthesis”
method enables the production of porous, layered scaffolds that
mimic the composition and structure of articular cartilage on
one side, subchondral bone on the other side, and — most signif-
icantly — the smooth, seamless (“soft”) interface between these
two tissue types found at the tidemark of articular joints [71,72].
The differential chemical composition, pore microstructure, and
elastic moduli of the osseous and cartilaginous compartments
enable these layered scaffolds to exhibit compressive deforma-
tion behavior that mimics behavior observed in natural articular
joints [72]. Currently, these CGCaP and layered scaffolds are
undergoing extensive in vitro and in vivo testing for a number
of orthopedic tissue engineering applications.

2.4. Crosslinking

Crosslinking increases the mechanical strength and decreases
the degradation rate of the collagen-based (CG, CGCaP, tubu-
lar) scaffolds regardless and independent of the chemical
composition or pore microstructure [49,73,74]. While many
crosslinking mechanisms are possible using collagen-based
materials, the two most prevalent crosslinking techniques are
a physical, dehydrothermal-based (DHT) process and a chemi-
cal, carbodiimide-based (EDAC) process. Both have been used

extensively for in vitro and in vivo applications. Details of these
crosslinking techniques and their applications have been previ-
ously described by these authors [74].

2.5. Microstructural analysis and modeling

The constant cooling rate approach allows the reproducible
fabrication of a series of CG scaffolds, each with a uniform
pore microstructure, constant relative density (p*/ps=0.006),
and pore interconnectivity (>99%), but variable mean pore
size (96, 110, 121, 151 wm). These standardized scaffolds have
undergone intensive microstructural and mechanical characteri-
zation and have facilitated development of modeling approaches
to more completely describe the local microenvironment of
individual cells within these scaffolds. Microstructural charac-
terization of CG scaffolds have used conventional stereology
techniques to measure scaffold pore size and the dimensions of
individual struts within the scaffold microstructure as well as
microCT analysis to measure scaffold mean pore size and pore
interconnectivity [2,63,75].

The complex geometry of foams (and scaffolds) is difficult
to model exactly; instead, dimensional arguments can be used
to model salient microstructural features without incorporating
exact cell geometries using the cellular solids modeling frame-
work [76]. The first microstructural feature that was modeled
using this framework was the scaffold specific surface area: the
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Fig. 3. Tetrakaidecahedral unit cell. d: pore diameter; [: strut length; 7 strut
thickness. Reprinted with permission [82].

total surface area of the scaffold divided by the volume of the
scaffold (SA/V). SA/V describes the relative amount of surface
available for cells to bind onto, and has been noted to be a critical
component in defining overall scaffold bioactivity [2]. Model-
ing microstructural features of CG scaffolds such as SA/V is
possible because the pore structure of a variety of low-density,
open-cell foams has been observed to have a number of con-
sistent features [76,77]: an approximate average of 14 faces per
unit cell, 5.1 edges per face, and vertices that are nearly tetra-
hedral. The tetrakaidecahedron is a polyhedron that packs to fill
space, approximates the structural features of many experimen-
tally characterized low-density, open-cell foams, nearly satisfies
the minimum surface energy condition, and is often used for
modeling such foams (Fig. 3) [76,78]. In addition, the value
of the dimensionless measure of total edge length per (unit
volume)'? for the tetrakaidecahedral unit cell is nearly iden-
tical to that observed for many random cellular structures [79],
suggesting that the tetrakaidecahedral unit cell gives a good rep-
resentation of the total edge length and can be used to model
features related to the strut geometry (i.e., SA/V, permeability,
strut flexural rigidity) of random cellular structures such as CG
scaffolds and many other tissue engineering scaffolds. For an
open-cell foam with an interconnected pore structure and edges
of circular cross-section modeled using a polyhedral unit cell,
SA/V is related to the mean pore size (d) and the relative density
(p*/ps, the density of the porous foam relative to that of the solid
it is made from) [2,76]:

SA  3.65(p*\'/? "
Voo \ps

2.6. Permeability analysis and modeling

The permeability of scaffolds used for tissue engineering
applications is important as it controls the diffusion of nutri-
ents and waste in and out of the scaffold as well as influencing
fluid pressure fields within the construct. The permeability of

CG scaffolds has been determined as a function of pore size
and compressive strain using both experimental and cellular
solids modeling techniques. The permeability of low poros-
ity foams (<90%), where a number of geometric factors such
as porosity, tortuosity (pore interconnectivity), pore size and
orientation, fenestration size and shape, and SA/V all can influ-
ence permeability, has previously been modeled and measured
experimentally [80]. In these cases, construct SA/V influences
permeability through frictional effects that disturb and impede
fluid flow through the construct. However, such models are not
applicable to highly porous materials (porosities greater than
90%) such as CG scaffolds (porosity >99%) as well as most
other tissue engineering scaffolds. An experimental device was
constructed to measure the permeability of CG scaffold variants
(mean pore size: 96—151 wm) at different levels of compressive
strain (0, 14, 29, and 40%). Additionally, a low-density, open-
cell foam cellular solids model utilizing a tetrakaidecahedral
unit cell was developed to accurately model the permeability of
each scaffold variant at all levels of applied strain. This model
describes the permeability (k) of the CG scaffolds in terms of
the scaffold mean pore size (d), percent compression (applied
strain: ¢), relative density (p*/ps), and a dimensionless system
constant (A") [81]:

o d 2 ) o 3/2
k=A (2'785> (1—¢) (1 - ps> )

The results of both the experimental and the mathematical analy-
sis revealed that scaffold permeability increases with increasing
pore size and decreases with increasing compressive strain
(Fig.4). The excellent comparison between experimentally mea-
sured and predicted scaffold permeability suggests that cellular
solids modeling techniques can be utilized to predict scaffold
permeability under a variety of physiological loading conditions
as well as to predict the permeability of future scaffolds with a
wide variety of pore microstructures.

2.7. Mechanical characterization and modeling

Scaffold mechanical properties (Young’s modulus) have pre-
viously been shown to significantly influence cell behaviors
such as adhesion, growth and differentiation in vitro as well
as influence in vivo scaffold bioactivity [1,7-16]. The rapidly
increasing use of scaffolds requires better understanding of the
significant role scaffold mechanical properties play in influenc-
ing cell behavior and overall scaffold bioactivity. To develop a
standardized and well-characterized series of constructs for in
vitro applications, the tensile and compressive behavior of CG
scaffolds fabricated using the constant cooling rate approach
(uniform pore microstructure; p*/pg: 0.006; Mean pore sizes:
96-151 pm) [2,63], as well as the elastic modulus of the indi-
vidual struts that define the scaffold network has been evaluated.

In addition to experimental characterization, cellular solids
modeling has again been incorporated to analyze the relation-
ship between scaffold microstructure and mechanical properties.
The stress—strain curve for a low-density, elastomeric open-cell
foam (such as the CG scaffold) in compression is characterized
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Fig. 4. Comparison between the experimental results (Kmeas, solid bars) obtained and the predicted values obtained from the mathematical model (Kcqic, striped bars)
for CG scaffold permeability (fluid mobility) under varying compressive strains (0, 14, 29, 40% strain, left to right for each pore size) for distinct pore sizes (96, 110,

121, 151 pm). Reprinted with permission [81].

by three distinct regimes: a linear elastic regime (controlled by
strut bending), a collapse plateau regime (struts buckling and
pore collapse), and a densification regime (complete pore col-
lapse throughout the material) (Fig. 5) [76]. In tension, the initial
linear elastic response is typically the same as is observed in
compression for small strains. However, as the strain increases,
the struts become increasingly oriented in the direction of
applied tension, increasing the stiffness until tensile failure
occurs.

The Young’s modulus (E*) and elastic compressive strength
(0}, also called the compressive plateau stress) of elastomeric
open-cell foams such as tissue engineering scaffolds depend on
the foam relative density, p*/pg, the Young’s modulus of the
solid from which the foam is made, Eg (termed the strut mod-
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Fig. 5. Schematic uniaxial stress—strain curve for an elastomeric cellular solid in
compression showing linear elastic, collapse plateau, and densification regimes
as well as the linear elastic modulus (E*) and elastic collapse stress (cr:l).
Reprinted with permission [76].

ulus), and a constant related to the cell geometry. The complex
geometry of foams (and scaffolds) is difficult to model exactly;
instead, dimensional arguments were used that rely on model-
ing the mechanisms of deformation and failure in the foam (edge
bending and buckling), but not the exact cell geometry [76]. For
elastomeric cellular solids, E* and 6;‘1 are:

p*\?
B = () E, 3)
Ps
2
o
ot = c2<> E, )
Ps

Cp and C, are constants of proportionality related to the cell
geometry. Data for a wide variety of open-cell foams indi-
cate that C1 ~ 1 and C> ~0.05 [76]. Both the Young’s modulus
(E*) and the compressive strength (o)) of elastomeric open-cell
foams vary with the square of the relative density so that the
strain at which cell collapse by buckling occurs, e;‘], is constant,
independent of Eg or p*/ps, and equal to C/Cy =0.05. Both E*
and o, are expected to be independent of the cell or pore size
[76].

Experimentally, the CG scaffold variants exhibited
stress—strain behavior characteristic of low-density, open-cell
foams with distinct linear elastic, collapse plateau, and densifi-
cation regimes (Fig. 6). The scaffolds with equiaxed pores were
found to be mechanically isotropic. The independent effects
of hydration level, pore size, crosslink density, and relative
density on the mechanical properties was also determined
(Tables 2 and 3) [74]. Further independent control over
scaffold Young’s modulus (via post-fabrication crosslinking
independent of scaffold microstructure) and microstructure
(scaffold pore size independent of Young’s Modulus) was
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are 07}, 5. (C) Characteristic stress—strain curve observed for the (hydrated) CG
scaffold variants under uniaxial tensile testing in the plane of the scaffold sheet.
Complete mechanical characterization results are displayed in Tables 2 and 3.

Reprinted with permission [74].

observed. The Young’s modulus (Es) of the individual scaffold
struts that define the scaffold microstructure was measured via
AFM (Fig. 7) [74]. Good agreement was observed between
experimental results of scaffold mechanical characterization

Table 2

Average (Mean £ S.D.) mechanical properties of the homogeneous CG scaffold
variants (96-151 pm; 0.006 relative density; DHT crosslinking at 105 °C for
24 h; hydrated)

Property Hydrated CG Scaffold
E* 208 + 41Pa

al 21 £+ 8Pa

& 0.10 £ 0.04

Ao/Ae 92 + 14Pa

Eg 5.28 £+ 0.25MPa

Table 3
Elastic moduli of individual scaffold struts within hydrated CG scaffolds
crosslinked via DHT and EDAC/NHS techniques [74]

Crosslinking treatment Scaffold strut elastic moduli Relative elastic

(MPa) Mean £ S.D. modulus
Uncrosslinked 3.9 +£0.20 0.74
DHT105/24 (Standard) 5.28 +0.25 1.0
DHT120/48 5.7 £0.30 1.08
EDACI:1:5 10.6 &+ 0.50 2.0
EDACS:2:5 11.8 + 0.56 2.24
EDAC5:2:1 38.0 £ 1.8 7.2

and low-density, open-cell foam model predictions for the scaf-
fold E* and o7; (Eqgs. (3) and (4)) for the standard CG scaffold
variants (p*/ps: 0.006; mean pore size: 96—151 pm). While
the open-cell foam model correctly predicted the relationship
between Eg and E* for the series of CG scaffolds with a uniform
pore microstructure, it over-predicted the measured moduli
(E*) at higher p*/ps, likely due to regions of microstructural
heterogeneities observed in these higher density scaffolds [74].

Besides further validating the use of cellular solids theory
to describe the materials and mechanical properties of this CG
scaffold system, the most significant aspect of this investigation
was that a homologous series of experimental substrates have
been fabricated and then structurally (mean pore size, SA/V,
permeability) and mechanically characterized. These scaffolds
represent a series of well-defined biomaterials appropriate for
quantitative experimental assays where the local microstructural
and mechanical properties of the extracellular environment sur-
rounding individual cells within these scaffolds can be defined
and modified in discrete increments. These characterized scaf-
fold variants provide a standardized framework for a series
of quantitative in vitro and in vivo tissue engineering studies,
notably an investigation of the independent and synergistic effect

(A) . AFM probe
cantilever
Super glue i vy
Scaffol: ' ,,,,,,, i
Glass Slide strut D
a;
(B) 600

1 2 3 d,

Fig.7. (A) Experimental arrangement to perform bending tests on individual CG
scaffold struts. (B) Characteristic load—unload curve for bending tests performed
via AFM on individual CG scaffold struts. Reprinted with permission [74].
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of the mechanics and microstructure of a 3D substrate on cell
migration and contraction [82] described later in this review, and
further development of scaffolds appropriate for mesenchymal
stem cell [83] and orthopedic applications [69].

3. In vivo applications

A primary use of CG scaffolds has been to induce regen-
eration of tissues following severe injury [1]. The typical
mammalian physiological reaction to both chronic and acute
severe injuries is characterized by a complex inflammatory
response, cell-mediated wound contraction, and scar tissue syn-
thesis termed repair. However, introduction of a suitable analog
of the ECM into the wound site has been observed to block
cell-mediated contraction of the wound site and induce regen-
eration of physiological tissue. Although several ECM analogs
have been studied, only those with a narrowly defined struc-
ture, specifically some CG scaffold variants, have been shown
to be capable of regeneration. The microstructural, chemical
compositional, and biodegradation rate specificity of these CG
scaffolds appears to be related to the requirement for inhibition
of wound contraction prior to the incidence of regeneration.

3.1. CG scaffolds for dermal regeneration

The dermal regeneration template (DRT) is a CG scaffold
whose microstructural and materials properties have been opti-
mized to produce a bioactive ECM analog that, when implanted,
induces sequential regeneration of the underlying dermis and
resultant regeneration of the basement membrane and epithelial
layers of the skin. The DRT is fabricated from CG copolymer
with a 98:2 ratio of microfibrillar, type I collagen to chondroitin
6-sulfate. The microstructure of the DRT has been optimized
with both a lower and upper pore size bound of 2044 and
125 £+ 35 pum, respectively. The biodegradation rate of the DRT
has been optimized with lower and upper bounds of residence
time in the wound bed of 5 and 15 days, respectively [1,6].

The DRT is typically used as an acellular implant that
induces regeneration of the dermis, thereby providing the essen-
tial substrate for spontaneous regeneration of the epidermis
and basement membrane layers. Following dermal regeneration
by the unseeded DRT, epidermal cells from the wound edges
migrate into the center of the wound and form a mature epi-
dermis and basement membrane in a process termed sequential
regeneration [1]. The resultant regeneration of appropriate tis-
sue layers (tissue triad) along with associated structures (i.e.,
rete ridges) has indicated that the DRT is capable of inducing
regeneration of mature skin in a full-thickness skin wound model
[84]. The effectiveness of the DRT has been demonstrated clin-
ically with a population of massively burned patients [1] and in
animal experiments utilizing a full-thickness (anatomically well
defined skin wound) skin wound [1,6].

3.2. CG scaffolds for peripheral nerve regeneration

The anatomy of peripheral nerve injuries requires a multi-
part implant for in vivo regeneration applications: a tubular

scaffold used to reconnect the transected nerve stumps and a
second material that is placed within the lumen of the tube
which enhances the quality of peripheral nerve regeneration.
Collagen-based scaffolds play a role in both parts of this com-
bination. Peripheral nerve regeneration is not observed in the
absence of a tubular device if the gap between the two tran-
sected stumps is greater than a few millimeters [85]. While it
has been observed that a tube is sufficient to induce regeneration
across a gap of modest length following complete transection,
the physical parameters of the tube and any material in the tube
lumen significantly affect the kinetics and quality of regeneration
[1].

Conduits (tubes) fabricated from ECM components, specif-
ically collagen, fibronectin, and laminin, have been generally
shown to enhance the quality of peripheral nerve regeneration.
Type I collagen tubes in particular have been observed to induce
the highest quality of regeneration, as defined by both mor-
phological and electrophysiological methods [1,85]. Protein and
cell permeable tubes exhibited significantly superior quality of
peripheral nerve regeneration and significantly reduced wound
contraction and scar synthesis compared to protein-permeable,
cell-impermeable as well as non-permeable tubes [1,85]. The
quality of peripheral nerve regeneration was observed to vary
significantly with tube degradation rate as well, with the highest
quality of regeneration observed for tubes with a degradation
half-life (1) of 2—-3 weeks (Fig. 8) [49].

A wide variety of solutions, ECM analogs, and cell suspen-
sions have been introduced into the tube lumen in an effort
to improve the quality of peripheral nerve regeneration. Use
of ECM macromolecules in the form of solutions or gels has
no significant effect on peripheral nerve regeneration; however,
an insoluble structure (scaffold) within the tube lumen leads
to the highest quality of regeneration [85]. The ECM analog
that induces the highest quality of regeneration is the Nerve
Regeneration Template (NRT) [1,86]. The NRT is fabricated
from CG copolymer with a 98:2 ratio of microfibrillar, type I
collagen to chondroitin 6-sulfate. Like the DRT, the pore struc-
ture of the NRT significantly influences its effectiveness. Unlike
the homogeneous pore microstructure of the DRT, the NRT is
fabricated with axially (extending between the proximal and
distal stumps) elongated pore tracks defined by axially oriented
ellipsoidal pores with pore sizes of order 10-20 wm that pro-
vide directional guidance to the formation of linear Schwann
cell columns between the transected nerve stumps which act as
tracks for eventual axon elongation [1]. The degradation rate of
the NRT significantly affects the quality of regeneration, with
a half-life of degradation on the order of 6 weeks found to be
optimal [1,86]. The long-term morphological structure and elec-
trophysiological function of nerves regenerated using the NRT
has been observed to be at the level of an autografted nerve,
the current gold-standard for peripheral nerve injury treatment
[66,87].

3.3. CG scaffolds for cartilage, meniscus tissue engineering

CG scaffolds have been used for in vivo and in vitro studies of
regeneration of a host of orthopedic materials, namely articular
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Fig. 8. Histomorphometic, cross-sectional images of the nerve trunk regenerated using collagen tubes with distinct degradation rates. The devices are arranged in
order of lowest to highest crosslink density, or most rapid to slowest degradation rate from A to E. Nerves trunks regenerated in devices C and D, characterized by
intermediate levels of the crosslink density and degradation rate (device half-life: 2-3 weeks), showed superior morphology, with significantly larger axons, a more
well-defined myelin sheath, and a significantly larger N-ratio. Scale bar: 25 wm. Reprinted with permission [49], S. Karger AG, Basel, Switzerland.

cartilage, meniscus, and the intervertebral disk. The effect of
crosslinking density, chemical composition, and pore size of CG
scaffolds, as well as the use of gene- and growth factor-seeded
CG scaffolds, have been studied extensively in the context of
articular cartilage regeneration [8§8-93]. Recently, CG scaffolds
have also been applied to meniscus [94] and intervertebral disk
[95] tissue engineering applications, with further promise for
optimization.

3.4. CGCaP scaffolds for bone, osteochondral regeneration

Single phase and layered, multi-phase CG-based scaffold
have recently been developed for in vivo bone and osteo-
chondral tissue engineering applications [41,42,69-72]. These
CGCaP-based scaffolds were developed to mimic the composi-
tional and structural requirements of bone and osteochondral
injuries. Microstructural, chemical, and mechanical analysis
of the osteochondral scaffold suggests that it possesses dis-
tinct regions characterized by differential pore microstructure,

mechanical properties, and chemical composition with a soft
interface between the regions that mimics that seen in the
natural osteochondral region. Currently these scaffolds are
undergoing extensive in vivo testing as stand-alone bone plugs
(in the monolithic CGCaP form) and as full osteochondral
scaffolds.

The family of bone regeneration scaffolds is fabricated from
type I collagen, glycosaminoglycans (chondroitin 6-sulfate),
and CaP. These scaffolds have been fabricated with a homo-
geneous, interconnected pore structure with high porosity
(85+3% porous) whose pore architecture (mean pore size:
56+ 19 to 1085 % 83 um), mineral content (0-80 wt% CaP),
CaP phase chemistry (brushite, octacalcium phosphate, apatite),
and crosslinking density can be independently controlled. Pre-
liminary results suggests that the monolithic CGCaP scaffolds
for bone tissue engineering integrate rapidly into bone defects
and show preliminary bony substitution and direct bone-mineral
apposition within the implant as early as 6 weeks post implan-
tation [96].
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Fig. 9. (A) Structure of the articular joint. (B) X-ray microCT image of the layered osteochondral scaffold showing distinct cartilaginous and osseous compartments
(scale bar 1 mm). (C) SEM micrographs of the osteochondral scaffold showing the complete scaffold microstructure (left; scale bar 500 wm), and the interfacial
region (middle; scale bar 200 wm) showing continuity between the osseous (tan dashed arrow) and cartilaginous (blue solid arrow) compartments including collagen
fibrils extending across the transition (white arrows). No regional areas of delamination or debonding are observed between the compartments. Distribution of Ca
mineral (P similar but not shown) content (red shading) superimposed over an SEM image of the osteochondral scaffold showed distinct mineralized (high CaP
content, tan dashed arrow) and unmineralized (low/zero CaP content, blue solid arrow) layers (right; black scale bar 400 wm) [72].

The family of osteochondral scaffolds is fabricated from
collagen (type I and II), glycosaminoglycans (chondroitin 6-
sulfate), and CaP (brushite, octacalcium phosphate, apatite).
The layered design of these scaffolds mimics the compo-
sition and structure of the natural articular joint, in which
mineralized (type I collagen-GAG-CaP) and unmineralized
(type II collagen-GAG) layers are joined at a smooth, stable
(“soft”) interface (Figs. 2 and 9). The technologies and meth-
ods used to produce the scaffolds enable a number of key
parameters (including CaP mass fraction, CaP phase, organic
phase, pore architecture, and crosslink density) to be accu-
rately and reproducibly controlled over ranges relevant to the
in vitro and in vivo performance of biomaterials and tissue
regeneration scaffolds. Under mechanical loading, the osteo-
chondral scaffolds perform as expected for a biphasic materials,
with the majority of deformation confined to the cartilage-
nous compartment; further, no evidence of delamination or
debonding of the layers was observed during or following load-
ing [72]. In vivo testing of these osteochondral scaffolds is
ongoing.

4. In vitro applications
4.1. CG scaffolds to study cell attachment

The biological activity of scaffolds used in tissue engineering
applications hypothetically depends on the density of available
ligands, scaffold sites at which specific cell binding occurs. Lig-
and density is characterized by the composition of the scaffold,
which defines the surface density of ligands, and by the specific
surface area of the scaffold, which defines the total surface of
the structure available to cells. The surface area per unit volume
(SA/V), or specific surface area, of each scaffold was estimated
using a cellular solids model utilizing a polyhedral unit cell
to determine the effect of mean pore size on the CG scaffold
SA/V. To study the relationship between cell attachment and
viability and scaffold microstructure, the CG scaffolds with a
constant composition and solid volume fraction (p*/ps =0.006),
but with four different pore sizes (96—151 pm) corresponding to
four levels of specific surface area were seeded with MC3T3-
El mouse clonal osteogenic cells [2]. The cells and scaffold
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Fig. 10. Attached cell number plotted against specific surface area showing a
strong linear relationship at 24 (solid line) and 48 h (dashed line) post-seeding.
Reprinted with permission [2].

were maintained in culture and the number of viable cells that
remained attached was counted. The results of the cell attach-
ment/viability assay were then considered in the light of cellular
solids modeling tools used to describe scaffold specific surface
area. The fraction of viable cells attached to the CG scaffold
decreased with increasing mean pore size, increasing linearly
(R2=0.95, 0.91 at 24 and 48 h, respectively) with the scaffold
SA/V (Fig. 10). The strong correlation between CG scaffold
SA/V and cell attachment indicates that cell attachment and via-
bility are primarily influenced by scaffold specific surface area
over this range (96151 pwm) of pore sizes for MC3T3 cells.

4.2. CG scaffolds to study gene expression

The CG scaffold system has been used to probe the role
ECM surface topology plays in influencing gene expression
profiles. Cell remodeling of its local extracellular environment
and induced-angiogenesis are two critical features to study (and
eventually control) for many tissue engineering applications.
Gene expression profiles for genes involved in angiogenesis
(i.e., VEGF, HMOX, and HGF) and ECM remodeling (i.e.,
matrix metalloproteinases, ECM components) were compared
for fibroblasts cultured within CG scaffolds fabricated via a
phase separation method versus fibroblasts cultures on deposited
2D CG surfaces. Differential expression of these genes was
observed for cells in 3D constructs versus on 2D surfaces. Genes
for some matrix metalloproteinases (i.e., MMP-2, MMP-12,
MMP-19), ECM component synthesis (i.e., COL1A2, COL3A2,
COL2A1, COL4A4, COL4AS), and pro-angiogenic factors
were upregulated while some MMP inhibitors (i.e., TIMP1,
TIMP3) were downregulated for cells cultured in the 3D CG
constructs versus on the 2D CG surfaces [97]. These results sug-
gested that the 3D presentation of ECM components is a critical
feature in stimulating differential gene expression profiles.

4.3. CG scaffolds to study cell contraction

Cell-mediated contraction plays a critical role in many
physiological and pathological processes, notably organized
contraction during wound healing. Improved understanding of
cell contraction represents an important area of study in tissue

engineering. Traditionally, studies of cell contraction in vitro
have been performed using two-dimensional substrates. Cells
are seeded onto a two-dimensional substrate or onto a semi-
3D substrate such as the microfabricated post array detector
(mPADs) system and the deformation of the substrate or individ-
ual posts by the cell is measured; the value of the contractile force
is then determined using the modulus of the substrate [98—104].
This technique also allows correlation of substrate deformation
(and force) with observed cell processes such as pseudo-
pod extension and cell migration via microscopy techniques
[99,105-107] and have shown substrate modulus significantly
modifies cell behaviors such as DNA biosynthesis, differen-
tiation, migration speed, directional persistence, and applied
traction forces [13,102,103,107-115]. Using these methods,
fibroblasts are estimated to be capable of generating contrac-
tile forces in the hundreds of nanoNewtons [103,104,114].
However, the fact that the shape (and likely cytoskeletal orga-
nization) of cells on two-dimensional and mPAD substrates
(amorphous, spread polygonal) is significantly different than
that of fibroblasts observed in wound sites, within the natural
ECM, and in 3D materials such as CG scaffolds (elongated
spindle-shaped) suggests that the contractile capacity of cells
on/in these different substrates/constructs might be significantly
different [75,116-118].

CG scaffolds have been used to study the macroscopic
contractile behavior of cell populations, the contractile behav-
ior of individual cells within the CG scaffold network, and
the relationship between the cell/cytoskeletal organization and
cell contraction in 3D materials. The average contractile force
generated by a cell population can be calculated from the
gross deformation of the CG scaffold by a known popula-
tion of cells as well as the Young’s modulus of the scaffold.
During contraction within the CG scaffold, dermal fibrob-
lasts are observed to undergo morphological reorganization.
After seeding, initially rounded fibroblasts (diameter 20 wm)
then attached to the CG scaffold and elongated over time into
spindle-shaped cells. The average cell aspect ratio (maximal
cell length/maximal cell thickness) increased from 1.4 to 2.8
during the first 15h in the scaffold (Fig. 11) [119]. Scaffold
deformation occurs simultaneously with this cell elongation
and presumably cytoskeletal reorganization [14,119]. The force
generated by a population of dermal fibroblasts within the CG
scaffold tends to reach an asymptote after approximately 12h
[14]. The average cell contraction force generated by dermal
fibroblasts with these CG scaffolds was calculated by measur-
ing the gross dimensional change of the rectangular scaffold
sample (58 mm x 28 mm x 3 mm) when seeded with millions
of cells (2.3-10 x 100 cells), to be 1.4 £ 0.2 nN, independent of
the number of cells seeded [14]. When the stiffness of the sys-
tem was changed, fibroblasts applied differential levels of strain
but a constant average force to the CG scaffold, suggesting that
cells apply contractile forces independent of the local microenvi-
ronment (Fig. 11) [120]. However, two significant assumptions
are made when measuring cell contraction in this manner. The
dimensional changes of the rectangular scaffold sample were
measured in only one direction and the fraction of contractile
cells versus the total cell population within the scaffold was not
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Fig. 11. (A) Plot of the fibroblast aspect ratio and generated contractile force
with time in the CG scaffold. The average cell aspect ratio increased up to 15h
post-seeding in a manner similar to the total force generated by the cell popu-
lation. (B) Plot of force per cell over time for different system stiffnesses. The
displacement developed per cell increased as the system stiffness decreased but
the force developed per cell was independent of the system stiffness. Reprinted
with permission [119,120].

characterized. So, the average force per cell was calculated using
the assumptions that all cells were contracting in the direction
that dimensional change was measured and that all cells were
contracting at the same time: F,=1.4£0.2nN is therefore a
lower bound.

CG scaffolds have also been used to study the contractile
capacity of individual cells within a model 3D environment.
Time-lapse images of individual cells within the scaffold can
be taken using a phase contrast microscope; individual cells are
observed migrating through the scaffold network or contract-
ing the scaffold network, resulting in buckling of the strut(s)
to which the cell is attached (Fig. 12) [14,119,120]. Cellular
solids theory was applied with conventional column buckling
relationships in order to quantify the magnitude of individual cell
contraction events within the CG scaffold [75]. This technique
can be used to study cell contraction and cell-scaffold interac-
tions within a wide variety of porous scaffolds provided that
they resemble low-density, open-cell foams. This method also
extends previous methods for analyzing cell buckling of two-
dimensional substrates to three-dimensional constructs because
it allows individual cell behavioral and contraction events to be
observed and quantified.

The magnitude of the cell-mediated contraction forces gen-
erated by individual dermal fibroblasts within the CG scaffold is
calculated from the strut characteristics ([, d, E5) and is termed
the individual cell contraction assay [75]. This calculation uti-
lizes detailed mechanical characterization of the CG scaffolds
[74] and previous experimental and theoretical work describ-
ing the mechanics and collapse of open-cell foams [76]. The
buckling load applied to an individual strut within the scaffold
network was calculated by incorporating the restraining effect
of the surrounding strut network in order to most appropriately
model the boundary conditions of the buckling strut. When an
elastomeric cellular solid is loaded such that the cell edges (i.e.,
CG scaffold struts) are under compression, the edges first bend
and then buckle [76,121]. When a cell-generated contractile
force is applied to the local strut network, the strut most nearly
aligned with the axis of compression buckles but is restrained at
its ends by the other struts; the surrounding strut network tends
to reduce the rotation of the buckling strut ends. This restoring
moment per unit rotation is most closely modeled by a rotational
stiffness applied at the ends of the buckling strut by the three
restraining struts (Fig. 12) [76]. The effect of individual fibrob-
lasts buckling the CG scaffold struts can be similarly described
using these previously developed open-cell foam models for
isotropic materials. The critical load (F,) at which a scaffold
strut of length [, average diameter d, Young’s modulus Es, and
second moment of area / (strut geometry was approximated
as a cylindrical fiber, I =wd*/64) buckles can be calculated by
Euler’s formula and the hydrostatic compression end restraint
(n*=0.34) [75,76,121]:

n?m? Eql
Fo= =05 )

The contractile force generated by individual dermal fibroblasts
that were able to buckle a CG scaffold strut was calculated to
range between 11 and 41 nN, with an average contractile force
(F.) of 26 £ 13nN (Mean =+ S.D.) [75]. In one instance a cell
was unable to buckle the strut it was attached to because that
strut was significantly thicker (~10 pwm versus 3.9 pm) than the
average strut, thereby increasing its flexural rigidity (Es/) and
buckling load (F,). The buckling load of this strut provides an
upper bound of the contractile capacity of the cell. Analysis of
the local strut microstructure from these images determined that
this particular strut was approximately 10 wm in thickness and
130 pwm in length, indicating that the force required to buckle the
strut was approximately 450 nN. These results suggest that while
dermal fibroblasts can easily develop the ~25 nN force required
to buckling conventional CG scaffold struts, fibroblasts within
a fibrillar collagen network are unable to develop contractile
forces at the level of 450 nN [75].

4.4. CG scaffolds to study cell motility

Cell migration is a complex process governed by many fac-
tors including extracellular ligands and intracellular signaling
[122,123]. Cell motility plays critical roles in a number of such
processes, notably organized wound contraction and fibroblast
and vascular endothelial cell migration during wound healing
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Fig. 12. (A) Time-lapse images of an individual dermal fibroblast within the CG scaffold. The sequence of images shows a dermal fibroblast (arrow A) elongating and
deforming the scaffold surrounding struts (arrows B). Several struts are deformed over time (arrows C). The number in the top right corner of each image indicates
the time, in hours and minutes, after cell seeding. Scale bar: 50 wm. Reprinted with permission [119]. (B) Schematic of a single cell applying a critical buckling load
(F.) to a scaffold strut within an idealized CG scaffold network (left). The surrounding struts inhibit rotation of the ends of the buckling strut (middle). A simplified
model of CG scaffold strut buckling with the appropriate boundary conditions: the scaffold strut is restrained at its ends by a rotational spring that represents the

surrounding strut network (right). Reprinted with permission [75,119].

[1], metastatic tumor cell migration [124], stem cell mobiliza-
tion and homing [125,126], and tissue remodeling [1]. Studies
of cell motility on 2D substrates have led to an improved
understanding of how surface features and especially substrate
stiffness affect migration through changes in cytoskeletal orga-
nization and applied traction forces [107,108,113]. While these
experiments have begun to probe cell-substrate interactions
on two-dimensional surfaces, understanding the critical bio-
chemical and biophysical parameters that affect cell motility

in three-dimensional constructs such as scaffolds and gels is
an important new avenue of research. Cell motility into and
within 3D tissue engineering constructs is a useful model sys-
tem for studying cell migration relevant to both physiological
and pathological conditions with applications in many areas
such as tissue engineering and cancer biology. In particular,
understanding extracellular influences on cell motility within
physiologically relevant three-dimensional constructs can aid
the design of future bioactive constructs since an initially acel-



116 B.A.C. Harley, L.J. Gibson / Chemical Engineering Journal 137 (2008) 102-121

lular scaffold must be rapidly cellularized either in vitro or in
vivo.

Quantitative study of individual cell behavior within a
three-dimensional scaffold construct requires understanding
the local extracellular environment of the individual cells
through accurate compositional, microstructural, and mechani-
cal characterization. The series of CG scaffolds with uniform,
well-characterized, and independently controllable mechanical
and microstructural properties are an ideal platform for in vitro
studies of the effect of the extracellular matrix environment on
cell behavior. The CG scaffold pore sizes are significantly larger
than the characteristic dimension of the fibroblasts; hence, cells
are not exposed to steric hindrance as in a dense network of thin
ECM fibers. Rather, cells are forced to migrate along scaffold
struts, a phenomenon known as contact guidance. To specifi-
cally address the question of how scaffold pore size affects cell
migration behavior, NR6 mouse fibroblasts were seeded into
CG scaffolds with pore sizes ranging from 96 to 151 pm; the
migratory behavior of all cells within the imaging field of view
was then tracked using 3D time-lapse confocal microscopy [82].
Tracks generated from 10 h experiments show that cells migrat-
ing in scaffolds with larger pore sizes exhibit less cell dispersion
(Wind-Rose plot, Fig. 13A) and are less motile (Fig. 13B). Fur-
ther quantification of these tracks shows that cell speed of the
motile fraction significantly decreases with increasing scaffold
pore size (Fig. 13B); cell speed is reduced almost by half over
the range from 96 to 151 wm, from about 12 to 6 wm/h. Further,
as cell speed was calculated (and compared) for only the motile
population, which also decreased significantly with mean pore
size, scaffold pore size has an even more significant influence
on overall cell motility than is suggested by Fig. 13B alone.

Migration of NR6 fibroblasts in a series of DHT- and EDAC-
crosslinked scaffolds of constant pore size (96 m) but variable
strut modulus (Eg: 5.3-38 MPa) was tracked and the average
cell speed was plotted against scaffold strut modulus (Fig. 13B).
The migration speed exhibited a subtle biphasic behavior with
strut modulus, increasing (significantly) from 11 to 15 pm/h
for strut moduli (E5) between 5 and 12 MPa and then decreas-
ing (significantly) back to 12 wm/h for strut moduli of 38 MPa.
The subtle biphasic dependence of scaffold strut modulus (Ej)
on cell migration speed correlates well with previous exper-
imental and computational studies of cell motility in dense,
three-dimensional materials (high degree of steric hindrances)
[16,127]. However, while the influence of scaffold strut elastic
modulus (E) on cell motility was expected, since cells were not
exposed to steric hindrance in these porous, CG scaffolds, the
strong dependence of cell motility on pore size was not expected.
To this end, potential local variations in the micromechanical and
microstructural environment of individual cells within the scaf-
fold network were considered using experimental and cellular
solids modeling tools in order to better explain the experimental
results.

While the strut moduli (Es) and scaffold relative density
(p*/ps) are constant for the scaffolds of different pore size,
considering the CG scaffold geometry using cellular solids argu-
ments suggests that scaffolds with a larger pore size contain
slightly longer and thicker struts (Fig. 3). While the moduli (Es)

of these struts is identical, the moment of inertia (/) increases
with increasing pore size due to the slight increase (taken then
to the fourth power) in strut thickness, translating to a larger
strut flexural rigidity (EsI) with increasing pore size. Cells have
been observed to apply a constant contractile force to the CG
scaffold regardless of the system stiffness [120] which suggests
that cells probe their local mechanical environment by applying
a constant traction force and measuring the resultant substrate
deformation [128]; strut flexural rigidity is expected to be the
more relevant mechanical cue to cells rather than strut modulus
alone. Even though the struts have a constant Young’s modu-
lus, they may ‘feel’ stiffer in scaffolds with larger pore sizes
because of an increased resistance to buckling. The flexural
rigidity (E,]) of the scaffold with the largest pore size (151 pm)
was calculated to be greater than the scaffold with the smallest
(96 pum) pore size by a factor of 6.1 (data not shown). Thus,
if a mechanosensitive hypothesis, that posits the influence of
scaffold pore size on motility as being due to changes in the
strut flexural rigidity, were true, it would further predict that cell
motility would be reduced as scaffold elastic modulus increases
independent of microstructure (modifying Eg rather than I to
change the overall flexural rigidity, EsI). However, considering
the results of the second experiment examining the independent
influence of strut Eg on cell motility rejected this hypothesis.
Strut modulus (E) was increased over a range (between 5.3
and 38.0 MPa; Factor: 7.2; Table 2) closely approximating the
change in strut flexural rigidity with mean pore size (Factor: 6.1)
[74]. However, cell speed did not decrease with increasing scaf-
fold strut stiffness (Fig. 13B): instead cell speed exhibited the
subtle biphasic dependence on strut stiffness (Fig. 13B). There-
fore, the pore size-dependent changes in cell speed does not arise
due to changes in apparent scaffold strut stiffness [82].

After exploring the predictions made by the cellular solids
modeling regarding local scaffold mechanics, geometric insights
of the cellular solids model were then used to provide potential
local contact guidance cues that may explain the influence of
pore size on cell motility [82]. Strut junctions, points in the
scaffold microstructure where two or more struts meet, are dis-
crete areas of significantly different extracellular morphology
compared to an individual strut. With the average strut length
for the different scaffolds used in the cell motility investigation
of order 30-60 pwm, motile cells as well as sessile cells extend-
ing processes are expected to regularly encounter strut junctions
(likely multiple junctions during the 10 h imaging period used in
this experiment). Two particular measurements of strut junctions
were explored: strut junction spacing (Djy,) and density (0jx,, the
number of strut junctions per unit cell divided by the volume of a
unit cell). Djy, and pjy, of the different CG scaffold microstruc-
tures (mean pore size: 96—-151 pwm) can be described using the
scaffold mean pore size (d) assuming a tetrakaidecahedral unit
cell [76]:

d

= 2785 ©

Djxnzl

6(jxns/UC) 11459
11.31 - (d/2.785)3(vol/UC) ~ d?

Pjxn =

(N
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Fig. 13. (A) 3D Wind-Rose plots of randomly chosen cell tracks showing cell dispersion; cell dispersion decreases as scaffold mean pore size increases from left to
right. (B) Motile fraction and mean cell speed decreases as scaffold pore size increases. Cell speed shows a biphasic relationship with scaffold strut modulus. (C)
Cell speed increases proportionally with scaffold strut junction density. Cell persistence time increases with pore size (increasing distance between strut junctions).

Reprinted with permission [82].

Replotting the pore size-dependent cell speed data strut junc-
tion density, an exceptionally strong correlation between cell
speed and strut junction density was observed (Fig. 13C);
further exploration of the potential influence of this local
microstructural cue was pursued. Cells migrating in scaffolds
with larger pore sizes, therefore larger Dj,, and lower pjy,
were observed to exhibit greater persistence times, indicat-
ing more directional motion along a scaffold strut (Fig. 13C).
In contrast, persistence times of cells migrating in scaffolds
with smaller pore sizes and greater pjy, are significantly lower,
representative of erratic movement that likely occurs more
often at junctions when cells can probe their local environ-
ment along multiple struts. These results provided a mechanistic
explanation for our initially counter-intuitive observation that
cell motility decreases as scaffold pore size increases and
provide a link between junction density and cell migration
behavior [82].

5. Conclusions

Porous, three-dimensional scaffolds have been used exten-
sively for a variety of tissue engineering applications. A primary
application is use as an analog of the ECM capable of inducing
regeneration of damaged tissues and organs, while an important
evolving application is their use as constructs to quantita-
tively study cell behavior and cell-scaffold interactions. Scaffold
material and microstructural properties have been observed to
significantly affect scaffold bioactivity and regenerative capac-
ity [2,49]. However, the specific influence of scaffold parameters
such as mechanical properties, composition, degradation char-
acteristics, pore microstructure, and release of drugs or other
soluble regulators during degradation, as well as environmental
parameters such as soluble regulator (growth factors, cytokines)
content, cell culture conditions, and exogenous loading is cur-
rently unknown and under investigation.
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CG scaffolds are comprised of naturally derived ECM and
allow investigations of highly porous and fibrous ECM sys-
tems relevant to physiology and tissue engineering applications.
Fabricating CG scaffolds via freeze drying allows independent
modulation of scaffold mean pore size [2], pore shape and orien-
tation [63,129], relative density [74], mechanical properties [74],
chemical composition [41,49,63,69], and available ligands. CG
scaffolds have demonstrated their applicability for in vivo tissue
regeneration in skin and nerve models and triple co-precipitated
CGCaP nanocomposite scaffolds are currently being studied
for bone and osteochondral applications. Additionally, uniform
scaffolds with well-characterized and controllable chemical,
mechanical, and microstructural properties are an ideal plat-
form for in vitro studies of the effect of the extracellular matrix
environment on cell behavior such as the ongoing investiga-
tion of the relationship between cell motility and cell-mediated
contraction and the scaffold microenvironment. Finally, as CG
scaffolds as well as many other tissue engineering scaffolds
resemble low-density, open-cell foams due to their intercon-
nected network of struts, they can be modeled as cellular solids.
Implementation of such modeling techniques only increases
the relevance of CG scaffolds for tissue engineering appli-
cations because it motivates further scaffold characterization
and provides insight into the complex relationship between
scaffold microstructural and mechanical properties. To date,
cellular solids modeling have been utilized to describe CG
scaffold specific surface area, permeability, mechanical prop-
erties, and have been used to aid studies of cell contraction
and motility. Further applications of these techniques extend
into finite element modeling of the cell-scaffold systems as
well as potential modeling applications of the cell cytoskele-
ton.
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