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ABSTRACT
Translating cartilage engineering from a research concept to a clinical therapy is
presently hindered by an inability to create a neocartilaginous tissue that can functionally
replicate native articular cartilage. The main challenges are promoting the formation of a tissue
with the phenotypic and mechanical characteristics of articular cartilage in a clinically relevant
format. Tissue engineering technology utilizes a three-dimensional scaffold for the delivery of
cells and bioactive components in a coordinated fashion to promote tissue formation. The best
combination and delivery mechanism for these three components has not yet been determined.
The overall goal of my research was to incorporate the biological principles of cartilage
development into novel systems that could improve the functional outcome of tissue engineered
cartilage.
One objective was to address the biomechanical inferiority of neocartilage constructs
relative to articular cartilage. The operating hypothesis for this work was that non-native
assembly of the extracellular matrix in neocartilage constructs is a major factor contributing to
their lack of mechanical integrity. I took two separate experimental approaches to promote an
improved ultrastructural assembly of the cartilage matrix. The first was to develop a
bioresponsive scaffold with degradation specifically tailored to chondrogenesis and matrix
elaboration from the encapsulated cells. By characterizing chondrogenesis in poly(ethylene
glycol) diacrylate scaffolds I identified matrix metalloproteinase-7 (MMP-7) as a candidate
enzyme for modulating degradation. Mesenchymal stem cells (MSCs) encapsulated in scaffolds
with MMP-7 degradable peptides produced a more extensive collagen II matrix that resulted in an
increased dynamic compressive modulus. Furthermore, during the development of this
bioresponsive scaffold, I validated a visible light photoinitiator system that facilitated faster and
more complete formation of scaffolds using a technique that offers clinical advantages over
ultraviolet photoinitiators. The second approach was to apply mechanical stimuli to the hydrogel



constructs during MSC chondrogenesis to drive an anisotropic assembly of the extracellular
matrix. Preliminary evidence from this research indicated inhibition of MSC chondrogenesis with
compressive stimuli during development and the project was not pursued in depth.
In parallel, I also tried to identify methods to promote a more hyaline cartilage phenotype
from encapsulated mesenchymal stem cells following chondrogenic differentiation. This work
involved evaluating the temporal significance of bioactive factors in maximizing production of
the correct types of cartilage matrix molecules. I found that transforming growth factor-β (TGFβ) was essential to initiating MSC differentiation in scaffolds, and that its inclusion was required
for at least three weeks to maximize collagen biosynthesis. However, dexamethasone, previously
considered essential to MSC chondrogenesis, was dispensable in this culture format. Furthermore,
excluding dexamethasone from the medium promoted a more hyaline cartilage phenotype in the
neocartilage constructs. These data were used to design a bioactive scaffold with TGF-β tethered
directly to the scaffold in a system that would be amenable to in vivo cartilage engineering. In a
separate approach, I also developed a coculture system containing both MSCs and articular
chondrocytes to investigate whether these cells would influence chondrogenesis. I found
coculture promoted a synergistic relationship between the encapsulated cells and resulted in a
neocartilage constructs with a hyaline cartilage phenotype.
Taken together the work presented in this thesis provides the foundation for novel
approaches to improve cartilage engineered constructs. Bioresponsive and bioactive scaffolds,
such as those detailed in this research, aim to incorporate aspects of developmental biology into
system design to improve functional outcome of engineered cartilage. Furthermore, by
modulating the culture conditions through coculture and temporal regulation of bioactive factors I
have found ways to promote MSC-derived neocartilage constructs with a hyaline cartilage
phenotype.



CHAPTER 1:
INTRODUCTION & BACKGROUND
______________________________________________________________________________

1.1 TISSUE ENGINEERING FOR REPAIR OF ARTICULAR CARTILAGE DEFECTS
Knee osteoarthritis is the leading cause of disability in the United States. In a recent
government study it was estimated that approximately one in two adults (46 %) will develop a
symptomatic form of this disease1. Osteoarthritis is characterized by degeneration of the cartilage
that lines the articulating surfaces of diarthrodial joints. The etiology of this chronic condition is
unknown, but in many cases is initiated acutely from a focal lesion to the articular cartilage.
These partial thickness chondral defects have limited spontaneous repair due to the avascular
nature of the tissue and subsequent lack of inflammatory response to injury2-4. Furthermore, this
superficial damage to the articulating surface disrupts joint biomechanics and produces a
metabolic change in the cells, such that cartilage degeneration is most often irreversible5-8.
Presently there are very few therapeutic options available for the treatment of osteoarthritis.
Given the high impact of this disease it is essential that more effective therapies be developed,
especially those appropriate for early treatment and prevention of disease progression.
Tissue engineering is a form of regenerative medicine that may be appropriate for the
early treatment of osteoarthritis through localized repair of focal lesions in articular cartilage.
Cartilage engineering aims to provide a functional tissue regenerate to areas of damaged or
diseased tissue that is capable of restoring joint biomechanics and preventing further tissue
degeneration. The concept of tissue engineering arose in the early 1980s through a
multidisciplinary effort to integrate the fields of engineering, biology and medicine. An
application towards articular cartilage appeared in the literature approximately ten years later,
motivated by the clinical significance of cartilage degeneration and the perceived simplicity of
the tissue’s composition. In recent years the challenges associated with reproducing a loadbearing tissue have been realized and engineering approaches are now trying to incorporate key

attributes of cartilage development to promote tissue formation with more native form and
function.
The general approach for cartilage engineering is to use a three-dimensional scaffold to
deliver cells and bioactive factors in a coordinated fashion to promote tissue regeneration (Figure
1.1). Cartilage is an avascular and aneural tissue containing only a single cell type, the
chondrocyte, embedded within an extracellular matrix composed largely of collagen II and
aggrecan. The complexity of engineering cartilage tissue lies in generating a neocartilaginous
structure with biomechanical properties sufficient to withstand the high stresses associated with
joint motion. The strength in native articular cartilage is derived from the composition and
structural organization of this extracellular matrix. To date neocartilage has been unable to
correctly reproduce the extracellular matrix of articular cartilage and constructs remain
biomechanically inferior.
The inability of neocartilage constructs to functionally replicate articular cartilage is due
largely to the challenge associated with regulating the metabolic activity of the encapsulated cell.
More specifically, the engineered system needs to promote encapsulated cells to make ample
quantities of the correct type of extracellular matrix. These matrical components then need to be
assembled with the appropriate ultrastructural organization for biomechanical integrity.
Designing a scaffold that both facilitates tissue formation, but does not interfere with matrix
assembly, is a central problem in cartilage engineering. The shortcomings associated with
cartilage engineered constructs developed to date have prompted a new level of sophistication in
scaffold design: recent efforts are focused on incorporating bioactive and bioresponsive elements
into the scaffold to promote and/or modify cellular behavior. The overall goal of my research
was to incorporate the biological principles of cartilage development to create novel strategies
for improving tissue engineered cartilage.

(A)

(B)

FIGURE 1.1 – SCHEMATIC REPRESENTATION OF CARTILAGE ENGINEERING9, reproduced with
permission from Vinatier et al © 2009, Elsevier. (A) Interaction of cells, scaffold and bioactive
factors. (B) Schematic representation of the implantation of engineered scaffolds. A focal
cartilage lesion is depicted in the upper left insert, followed by two possible options for applying
cartilage-engineered scaffolds. In the first option (shown on the right), injectable scaffolds are
directly applied to the cartilage defect. In the second approach (shown on the left), engineered
scaffolds are synthesized ex vivo and after a variety of specialized culture protocols, scaffolds are
transplanted into the lesion.

1.2 SYNOVIAL JOINT FORMATION
Synovial, or diarthrodial joints, are the most common movable joint in the skeleton.
Structurally this joint is composed of two opposing bones, lined by articular cartilage and
enclosed in a synovial membrane. A variety of other tissue structures such as ligaments, tendons,
and muscles help facilitate motion. Synovial joints arise through coordination of two distinct
processes: (i) formation of long bones through endochondral ossification, and (ii) cavitation
during which the joint space is formed by physical separation of the long bone elements.
Surprisingly, to date, relatively little is known about the process of synovial joint formation
during embryogenesis, or how the various elements of the joint capsule become established
during fetal development.

1.2.1 Endochondral Ossification
The majority of details surrounding joint formation are understood in the context of long
bone formation during endochondral ossification (Figure 1.2). In this process mesenchymal cells
condense and undergo chondrogenic differentiation to form a cartilaginous outline of the future
bone. Chondrocytes within this anlagen organize into morphologically and functionally distinct
domains corresponding to their maturation state. Pools of proliferating chondrocytes are
distinguished by their flattened morphology and are responsible for elongating the bone. In a
complex regulatory process controlled in part by the feedback loop between Indian hedgehog
(IHH) and parathyroid hormone related protein (PTHrP), chondrocytes exit the proliferating pool
and transits towards a hypertrophic state (Figure 1.3). PTHrP expression from the perichondrium
is believed to be directly responsible for inhibiting maturation of chondrocytes in the proliferating
pool10,11, while IHH expression in the prehypertrophic chondrocytes acts through molecular
mediators Gli and Patch in a poorly understood manner to activate PTHrP in the perichondrial
cells. Hypertrophic chondrocytes represent the terminal maturation state of these cells; they are

characterized by their enlarged round shape and expression of type X collagen. Hypertrophic
chondrocytes undergo apoptosis and are replaced by bone and the marrow cavity.
The transient chondrocytes located in the epiphyseal cartilage of long bones are
phenotypically distinct from articular chondrocytes lining the distal end of long bones. Articular
chondrocytes are the single cellular component of articular cartilage and represent a stable
phenotype characterized by the production of collagen II, but not collagens I or X. The origin of
the articular chondrocyte and molecular mechanisms governing articular cartilage development
are not well-understood12-15.

1.2.2 Joint Specification at the Interzone
The location of the presumptive joint is the interzone, a distinct population of compact
cells that create a disruption in the mesenchymal condensate16 (Figure 1.4). The interzone is
believed to generate all the various structures of the synovial joint, including articular
cartilage13,17. The functional role of the interzone was identified in early experiments
demonstrating that microsurgical dissection of this region led to joint ablation in ovo18. It remains
unclear which cells form the interzone region. One model suggests that all the cells in the
mesenchymal condensate are competent to become interzone cells and that morphogenetic
gradients are locally established to direct cells towards the interzone phenotype. Alternatively,
some suggest that the interzone cells are a unique, pre-specified cell type. In support of this
Holden et al showed that if you remove the developing radius and ulna, the interzone will still
form18. More recently, Pacifici et al used DiI fate mapping in the embryonic chick to show that
the interzone region includes a population of peri-joint cells that migrate into the incipient joint
domain17. Together these data emphasize that the origin and phenotype of the interzone cells is
complex.

FIGURE 1.2 – ENDOCHONDRAL OSSIFICATION19, reproduced with permission from Kronenberg et
al © Nature Publishing Group. (a) Mesenchymal cells condense. (b) Cells of condensations
become chondrocytes (“c”). (c) Chondrocytes at the center of condensation become hypertrophic
(“h”). (d) Perichondrial cells adjacent to hypertrophic chondrocytes become osteoblasts, forming
bone collar (“bc”). Hypertrophic chondrocytes direct the formation of mineralized matrix, attract
blood vessels, and undergo apoptosis. (e) Osteoblasts of primary spongiosa accompany vascular
invasion, forming the primary spongiosa (“ps”). (f) Chondrocytes continue to proliferate,
lengthening the bone. Osteoblasts of primary spongiosa are precursors of eventual trabecular
bone; osteoblasts of bone collar become cortical bone. (g) At the end of the bone, the secondary
ossification centre (“soc”) forms through cycles of chondrocyte hypertrophy, vascular invasion
and osteoblast activity. The growth plate below the secondary centre of ossification forms orderly
columns of proliferating chondrocytes (“col”). Hematopoietic marrow (“hm”) expands in marrow
space along with stromal cells.

FIGURE 1.3 – REGULATION OF TRANSIENT CHONDROCYTE PHENOTYPE DURING EMBRYONIC
BONE DEVELOPMENT, reproduced with permission from Sandell & Adler © 1999 Frontiers in
Biosience. IGF-1 = Insulin-like growth factor 1, PTHrP = Parathyroid Hormone related protein,
Col IIA = Collagen IIA, Col IIB = Collagen IIB, BMPr = Bone Morphogenetic Protein receptor,
FGFr = Fibroblast Growth Factor receptor, Ihh = Indian Hedgehog, BMP = Bone Morphogenetic
Protein.

Although the origin of the interzone cells is not well understood a number of genetic and
molecular markers have emerged to distinguish these cells from the surrounding transient
chondrocyte population. As the interzone region becomes established within the mesenchymal
condensate these cells lose expression of chondrogenic markers collagen II and SOX9, and begin
to express a set of phenotypic markers now associated with the interzone: growth and
differentiation factor-5 (GDF5)20,21, Wnt9A (previously named Wnt14)22, chordin/noggin and
CD4423-25. In situ hybridization localizing GDF5 mRNA transcripts is perhaps the most classic
marker of the interzone, yet the role of GDF5 in joint formation is not clearly established.
Interestingly, although GDF5 is expressed at all synovial joints, only a subset of joints (carpals,
phalanges and tarsals) do not form in GDF5 knockout mice20. Furthermore GDF5 protein is not
localized specifically to the interzone, rather throughout the mesenchymal condensate suggesting
that GDF5 is unlikely to contribute directly to joint formation but rather acts indirectly through
paracrine signaling26. Canonical Wnt signaling plays a role in both the early specification of the
interzone22 and in maintaining joint cell fate13,27. Chordin and noggin are both bone
morphogenetic protein (BMP) antagonist required to suppress BMP activity in the interzone.
Chordin expression appears restricted to the interzone28 region in developing limbs, and joint
development is not initiated in noggin null mice29. Furthermore, overexpression of BMP using
BMP2/4 soaked agarose beads, prevented joint formation30. CD44 is the primary cell surface
receptor for hyaluronan, which is expressed by cells at the interzone during joint formation and
will be discussed further below.
Differential expression of matrix elements is also emerging as a technique for
distinguishing the interzone cells from the cartilaginous anlagen and may help to map the cells
that will continue to form articular cartilage. In the interzone, collagens type I, III and V are
synthesized, while collagen II is found only in the epiphyseal cartilage during limb development
or articular cartilage following joint formation31-33. Matrilin-1 is expressed only in epiphyseal
cartilage and not in either the interzone or articular cartilage34. Conversely, versican is found in

the interzone and articular cartilage but never in the transient cartilage of the epiphyseal plate35.
Doublecortin, a microtubule-binding protein originally noticed for its role in migration and
differentiation of neurons, has recently been described as a marker specific to articular
chondrocytes36.

1.2.3 Cavitation
Separation of the long bone rudiments and formation of the synovial capsule occurs at the
interzone region through a process termed cavitation. A number of factors have been proposed to
contribute to the process of cavitation including cell death, differential synthesis of matrix
elements, and mechanical stimulation. Although frequently cited, evidence in support of
apoptosis during joint formation is limited and based on early studies identifying dead cells in the
joint space37,38. More recent reports claim the extent of cell death is minimal or non-existent14,15,
finding no TUNEL-positive cells at the time of cavitation39,40. Despite the scientific trend to
disregard the role of apoptosis in joint formation, it may be that the process of cavitation is not
conserved across all joints and/or all species (Johnstone Lab, unpublished data).
An alternative view of cavitation involves differential growth and remodeling of the
extracellular matrix at the presumptive joint. This model encompasses data citing an increase in
cell proliferation23,39, matrix remodeling through selective expression of metalloproteinase
enzymes32, and differential cartilage matrix synthesis to facilitate shaping the growing articular
cartilage25,33. Presently the strongest experimental data exists for that latter mechanism: multiple
groups have demonstrated a selective increase in the local cellular capacity to synthesize
hyaluronan23,25,41. As discussed above, CD44, the principal cell surface receptor for hyaluronan, is
preferentially localized to the interzone area. Expression of CD44 and hyaluronan is believed to
influence cell adhesion and separation during cavitation. Increased hyaluronan synthesis prior to
cavitation has been attributed to both selective activation of the MEK-ERK pathway42-44 and the
application of mechanical stimulation45-47.

FIGURE 1.4 – CAVITATION DURING SYNOVIAL JOINT MORPHOGENESIS12, reproduced with
permission from Khan et al © 2007, Elsevier. Within an initial mesenchymal condensation, an
unknown trigger stimulates wnt14 expression at the site of incipient joint formation. GDF5 is,
thereafter, expressed and the cells take on an elongated morphology and significantly reduce sox9
and collagen type II expression. BMP antagonists chordin and noggin are expressed in the
interzone cells and act to stabilize joint-inducing positional cues. The interzone adopts a threelayered structure (in the case of long bone elements) that undergoes separation or cavitation on
mechanically induced synthesis of hyaluronan. The morphogenesis of the functional joint organ
results in articular cartilage lining the ends of skeletal elements, which are bathed in synovial
fluid, produced by a synovial membrane, and encased within a fibrous capsule.



The importance of embryonic motion to joint formation in the skeleton has been
appreciated for a long time, primarily through paralysis experiments in the embryonic chick.
Experiments using surgical techniques or neuromuscular inhibitors to immobilize the joint in ovo
have demonstrated that blocking movement prior to, or during cavitation, prevents joint
formation48,49, while immobilization after cavitation causes paralysis due to cartilaginous fusion
of the articulating surfaces50,51. Similarly, ex vivo tests with 5-7 day old embryonic chick joint
explants demonstrated fusion in the absence of simulated movement52. Although these
experiments explore the temporal significance of motion during joint formation, details revealing
the molecular mechanisms associated with transducing mechanical stimulation remain limited. As
mentioned previously, data from Dowthwaite et al41,45,46 indicate that activation of hyaluronan
synthesis is one mechanism through which mechanical stimulation may contribute to joint
formation. More recently, Kahn et al have demonstrated that muscle contraction can regulate βcatenin activation (canonical Wnt) in the interzone during joint formation53. Using three murine
models that lack the ability to contract musculature, contrasted with a muscleless mouse, they
show that Wnt signaling is needed to maintain the plasticity and proliferative abilities of the
interzone cells prior to cavitations. Interestingly, loss of joint formation did not occur with 100 %
penetrance in the absence of motion. In some joints, such as the knee and metacarpophalangeal
(finger), β-catenin was elevated even without joint motion producing normally formed joints.
Together these data emphasize the complexity of joint formation and the difficulty in
determining the developmental origin of cells contributing to articular cartilage. Presently it is
unclear how the various signaling pathways and mechanical stimulation coordinate to contribute
to the formation of articular cartilage. Advancing this basic science will be useful for improving
cartilage engineering technology.

1.2.4 Metalloproteinases in Development
Remodeling of the cartilage matrix is an essential component for limb development and
articular cartilage maturation. During endochondral ossification the cartilage anlagen is replaced
by a vascular network and bony extracellular matrix following extensive remodeling. Similarly,
during postnatal development articular cartilage matrix acquires a specific anisotropic
architecture that confers biomechanical function (see section 1.3.2) and both new matrix synthesis
and matrix degradation are parts of this process. Metalloproteinases represent of a large family of
extracellular proteases capable of cleaving a number of the matrical components in cartilage. The
metalloproteinase family includes both matrix metalloproteinase (MMP) and a disintegrin and
metalloproteinase with thrombospondin motif (ADAMTS) enzymes. Metalloproteinase enzymes
can broadly be classified according to their substrate specificity: the activity of a few of these
enzymes with central roles in skeletogenesis will be highlighted below8,54.
Collagenases are a category of metalloproteinase enzymes capable of cleaving the triple
helical collagen fiber at a specific Gly-Leu/Gly-Ile bond. In human cartilage, this activity is
principally mediated by MMPs-1,-8, and -13. MMP-13 is synthesized almost exclusively by the
chondrocyte and is highly specific for type II collagen7,8. Although classically associated with the
hypertrophy of the chondrocyte, MMP-13 shows biphasic expression that is also observed during
the proliferative phase55. The critical nature of MMP-13 during skeletal development was
demonstrated by expansion of the hypertrophic cartilage zone and increased trabecular mass in
MMP-13 null mice56.
After the collagen fibril has been initially cleaved by the collagenases, the gelatinases
(MMP-2 &-9) are proteolytically active against denatured collagen. MMP-2 is perhaps the most
widespread of all MMPs and made at relatively high and constant levels by the chondrocyte57.
MMP-2 null mice present with skeletal defects, perhaps due in part to the role of MMP-2 in
activating proMMP-1358. Both MMP-2 and -9 also have substrate activity towards aggrecan59.

The ADAMTSs were first identified in 1997 (Kuno Nakashima Fujiki. 1997 JBC) for
their ability to cleave aggrecan (ADAMTS-1, -4, -5, -8, -9, -15), but are now recognized to have a
more broad activity7,60. The role of ADAMTSs in development and disease is slowly being
established, but progress has been made with respect to osteoarthritis pathogenesis. The cleavage
products of ADAMTS-4 and -5 have consistently been identified in human osteoarthritis tissue
samples61-63 and are the most active aggrecanases64. Significantly, mice with an inactive form of
ADAMTS-5 show decreased cartilage loss from osteoarthritis64. The spatiotemporal activity of
ADAMTS-4 and -5 during osteoarthritis have not been clearly established; however, the presence
of aggrecan protects collagen II from enzymatic cleavage in vitro65 and therefore aggrecanases
may have a critical role in early disease pathogenesis.
Another class of metalloproteinases involved in cartilage development are the N-terminal
procollagen proteinases, which include ADAMTS-2,-3,-14 and MMP-3,-9,-7,-13. Removal of the
both the N- and C-propeptides from fibrillar collagens (e.g. types I, II, and XI) is essential for
efficient collagen assembly in vivo59. Additionally, growth factors BMP-2 and transforming
growth factor-β1 (TGF-β1) have been shown to bind to the extra-helical region of the collagen
IIA propeptide, suggesting cleavage may also regulate availability of these bioactive factors in
cartilage66.
Metalloproteinase enzymes are tightly regulated at both the protein and gene level;
misregulation of these enzymes is associated with cartilage degeneration observed in diseases
such as osteoarthritis and rheumatoid arthritis8,54. Enzymatic activity is controlled at the protein
level by interfering with a conserved motif containing a catalytic zinc ion either through the
presence of a prodomain or by the endogenous tissue inhibitors of metalloproteinases (TIMPs).
Activation of the proenzyme for most of the cartilage related MMPs occurs in the extracellular
space following cleavage of the prodomain either by serine proteinases or other activated MMPs.
Proteolysis often occurs in the immediate vicinity of the cell to localize and concentrate the
activated enzyme towards a specific substrate8. TIMPs non-covalently bind to the activated

metalloproteinases in a 1:1 ratio to inhibit their activity. Four different TIMPs have been
identified and are spatiotemporally controlled during developments and disease to modulate
cartilage homeostasis67. MMPs are also tightly regulated at a transcriptional level to control gene
activity in a tissue-specific manner.

1.3 STRUCTURE & FUNCTION OF ARTICULAR CARTILAGE
1.3.1 Types of Cartilage
There are three main types of cartilage – elastic, fibrous, and hyaline - that serve a variety
of diverse structural roles throughout the body. The structural attributes of this tissue are the
product of an extensive extracellular matrix: the content and assembly of this matrix distinguish
the different cartilages from each other. Elastic cartilage is found in the outer ear, larynx and
epiglottis. It is defined by the large amount of matrical elastin, which provides a flexible/bendable
characteristic. Fibrocartilage resembles a mixture of fibrous, scar-like tissue and the classic
cartilage matrix. It is the only cartilage that contains type I collagen and is found in the meniscus,
annulus fibrosus of the intervertebral disc, temporomandibular joint, and pubic symphysis.
Hyaline cartilage is composed predominately of type II collagen and sulfated proteoglycans.
Articular cartilage is a hyaline-type cartilage located on the ends of bones in synovial joints.
Hyaline cartilage is also found in the rib cage, nose, bronchial tubes, and trachea.
The hyaline matrix of articular cartilage assembles with a distinct, anisotropic
ultrastructure to create a load-bearing surface capable of lubricating the articulating surfaces and
absorbing stresses produced during joint movement (Figure 1.5A). Collagens, predominantly type
II, provide a structural framework for articular cartilage and entrap both proteoglycans and
chondrocytes within a fibril matrix. Collagen accounts for approximately 75 % of the dry weight
of articular cartilage and 90 – 95 % of this collagen is type II68. Smaller amounts of types IX and
XI collagen are associated with the type II collagen fibrils and contribute to their assembly. Type

VI collagen is also present in the extracellular matrix of articular cartilage and is concentrated
around the chondrocyte in a domain referred to as the chondron. The chondron is postulated to
create a local microenvironment that protects the chondrocyte during load69.
Proteoglycans, specifically aggrecan, account for the majority of the remaining dry
weight in articular cartilage. Aggrecan, a large proteoglycan, is composed of a core protein that
is heavily glycosylated by the covalent attachment of glycosaminoglycan (GAG) chains.
Glycosaminoglycans are linear polysaccharides containing an amino and uronic acid or galactose;
most common to cartilage are hyaluronan, chondroitin sulfate, and keratan sulfate. Aggrecan
forms large aggregates with hyaluronan through non-covalent interactions that are stabilized by
link protein. Smaller proteoglycans such as biglycan, decorin, cartilage oligomeric matrix protein,
and versican are also present in articular cartilage with a much smaller frequency. Data suggest
these proteoglycans may serve specific roles in collagen fibrillogenesis and ultrastructural
organization of the cartilage matrix70,71, the details of which are still being established.

1.3.2 Anisotropic Assembly and Biomechanical Properties of Articular Cartilage
The protein components of the solid matrix are assembled with an anisotropic
ultrastructure that confers mechanically distinct properties onto the different domains of articular
cartilage72 (Figure 1.5A). The most superficial layer of cartilage, the surface zone, occupies 10 20 % of the tissue’s full thickness. The proteoglycan content of the superficial zone is relatively
low and collagen fibrils comprise close to 85 % of the total dry weight. In this zone the collagen
fibers are oriented parallel to the articulating surface to provide resistance to shear and tensile
strains73-75. Cartilage is strongest in tension and the tensile modulus of healthy human articular
cartilage has been measured between 5 - 40 MPa depending on the location of the tissue
specimen74-76. Superficial chondrocyte morphology is also unique in that the cells posses a flat
rather than rounded shape.

The middle, or transitional zone, of articular cartilage is characterized by a crosslinked
network of collagen fibers, random distribution of round chondrocyte and high concentration of
proteoglycans. Below the transitional zone, proximal to the subchondral bone, is the deep zone.
The deep zone occupies approximately 20 - 30 % of the total thickness or articular cartilage. Here
collagen fibrils are oriented perpendicular to the articulating surface and round-shaped
chondrocytes align into columns alongside the collagen fibers. Together the deep and middle
zones provide cartilage with its ability to resist compressive strains. Depending on joint
architecture, the compressive modulus may be a full one to two orders of magnitude smaller than
the tensile modulus75.
The compressive resilience of cartilage is a complex, dynamic relationship between the
assembly of the extracellular matrix and the fluid flow dynamics under load (Figure 1.5). The
high concentration of proteoglycans in the middle and deep zone of cartilage impart a large net
negative charge to the extracellular matrix due to the sulfate groups located in the GAG chains.
This negative charge creates a swelling pressure that draws a saline rich (Na+) interstitial fluid
into the collagen matrix to create a charge-balanced, thermodynamically favorable environment.
In an unstressed state, the equilibrium fluid content of cartilage is estimated at 65 - 85% of the
wet weight of the tissue76. Compressive loading pressurizes the interstitial fluid and causes flow
out from and laterally within the surface zone matrix. The collagen fibril orientation and high
proteoglycan concentration in the middle and deep zones make these regions impermeable to
fluid flow and provide cartilage with its compressive resilience. The distinct stress relaxation
behavior of cartilage is the result of this fluid redistribution and creates a non-linear viscoelastic
response77-80. Following removal of a compressive load, cartilage recovers by imbibition of fluid
to restore the equilibrium condition of the unstressed state. Full tissue recovery is a time
dependent process (creep). The continual stress of daily activity in highly loaded joints can cause
a volumetric change in the articular cartilage that can reduce thickness by up to 0.6 mm81.

The interstitial fluid component of articular cartilage not only facilitates shock
absorbance under load but also provides excellent lubrication properties to the articulating joint.
The interstitial fluid of the diarthroidal joint (synovial fluid) is a saline-based substance rich in
hyaluronan, a glycosaminoglycan, and lubricin. Together they give synovial fluid a viscous
consistency that significantly enhances lubrication. Synovial fluid components are made by
surface zone chondrocytes and also by fibroblasts in the intimal lining of the synovial membrane
that encases the joint. Production of synovial fluid by these fibroblast is essential to the
maintenance of healthy joint mechanics and can be adversely effected by rheumatoid diseases
that attack synoviocytes5.
During normal joint motion the interstitial synovial fluid flows out from the surface zone
of cartilage: due to the orientation of collagen fibers in the middle and deep zone of cartilage,
fluid dynamic models assume minimal flow laterally or deep within cartilage during compressive
loading. Since fluid can not exit cartilage directly beneath the contact point of load the fluid
“squeezes” out directly adjacent to the contact point and generates a thin film improving
lubrication82 (Figure 1.5B). Cyclic dynamic loading is most effective at producing this thin film
layer and therefore supports optimal joint lubrication. Under cyclic dynamic loading conditions
with a normal stress of 500 kPa, the coefficient of friction for articular cartilage is 0.002677,83.
This compares with 0.3 - 0.5 for oil lubricated metal, and 0.05 - 0.1 for Teflon.

FIGURE 1.5 – ARTICULAR CARTILAGE FORM AND FUNCTION. (A) Schematic diagram of depth
dependedant anisotropy in articular cartilage. (B) Squeeze film theory of lubrication during
articulation. Adapted with permission from 76Setton et al © 1999, Elsevier.

1.4 CELL CHOICES IN CARTILAGE ENGINEERING
The goal of cartilage engineering is to functionally replicate articular cartilage by placing
cells onto/in a scaffold to facilitate tissue growth. One strategy towards achieving this goal would
be to mimic the developmental pathway of articular cartilage. However, as described above,
neither the process of joint formation nor the precise origin of the articular chondrocyte are well
understood. Consequently, one could envision using either articular chondrocytes or known
chondrogenic progenitors such as the mesenchymal stem cell (MSC) in cartilage engineering
applications. The clinical history and limitations of each of these cell types will be discussed
further below. More recently embryonic stem cells (ESCs) and induced pluripotent stem cells
(iPS) have also become available for research purposes.

1.4.1 Articular Chondrocytes
Based on the unique phenotype of articular chondrocytes, and the limited capacity of
cartilage for repair, a surgical technique was developed in which autologous chondrocytes are
transplanted into chondral defects to facilitate cartilage repair84-86. The technical basis of this
procedure was first developed in a rabbit model of cartilage defects87 and later translated into
patients by Brittberg et al in 199488, where it has subsequently gone through three generations of
improvements. The 1st generation of this technique involved harvesting cartilage tissue in a first
operation, isolating resident chondrocytes (which represent only 2 – 5 % of the volume of
cartilage) and then expanding the cells in vitro to obtain the large number of cells requisite to
facilitating tissue repair. In a second operation the expanded chondrocytes are transplanted back
into the chondral defect of a patient and secured into place by a periosteal flap sewn over the
cartilage defect88. Although autologous chondrocyte transplantation (ACT) procedures have
reported to significantly reduce pain post-operatively89,90, there are a number of significant
drawbacks with both the procedure and the repair tissue91,92. These problems include the
requirement for two surgeries. In the first operation, chondrocytes are harvested for expansion

from a “non-weight” bearing location in the joint. Studies have subsequently shown that this
harvest site can alter normal joint biomechanics93, posing an increased risk of osteoarthritis94.
Additionally, in the majority of cases, the repair tissue that forms at the transplantation site
resembles a fibrous scar tissue, fibrocartilage, rather than native hyaline cartilage95-97. The
fibrocartilage repair tissue is estimated to be up to ten times weaker in compression than hyaline
cartilage68,98. Presently it is unclear what leads to the phenotypic change in the neotissue graft, but
it has been proposed that type I collagen production is due to the dedifferentiation of
chondrocytes that occurs during monolayer expansion in vitro99-102.
A 2nd generation of autologous chondrocyte transplantation technology was developed to
include scaffolds that replaced the need for the periosteal flap85 and provided a structural
framework for matrix elaboration. However, many of the initial limitations associated with cell
sourcing and two surgical procedures remained. Third generation therapies are less easily
summarized as they include the use of allogeneic chondrocytes, pre-culture and biomechanical
stimulation of chondrocyte-containing scaffolds, and matrices that may have chondro-conductive
and chondro-inductive properties84. There is very limited clinical data on the use of the 3rd
generation therapies. Cartilage repair with cell types other than chondrocytes, gene therapies, or
more sophisticated scaffolds such as bioactive or bioresponsive scaffolds are considered 4th
generation or ‘emerging’ therapies86,103.

1.4.2 Mesenchymal Stem Cells
Mesenchymal stem cells (MSCs) are chondroprogenitors that offer a potential alternative
to chondrocytes in cartilage engineering applications94,104-107. These cells represent an adult
derived multipotent cell population that can be isolated from multiple tissue sources including
bone marrow108,109, adipose tissue110, periosteum111,112, and the synovial lining113,114. The classic
definition of an MSC includes the ability to differentiate towards adipose, cartilage, and bone
tissues in vitro115,116. Differentiation towards other cell types including tendon/ligament117,



muscle118, cardiac119, neuronal120 and stromal121 have been reported, but it is unclear as to whether
the MSCs engraft and differentiate directly into these cell types, or stimulate a repair response
within these tissues122-124.
Part of this debate encompasses the controversy over the appropriate terminology to be
used when describing these adult tissue-derived stem cells, with disagreement over the ‘stemness’
of the subpopulations125-127. The basis for most studies is to first plate mononuclear cells and look
for colony formation, hence the original name of colony-forming unit-fibroblasts (CFU-F) given
by Friedenstein et al. Non-adherent cells are removed with media changes. Colony forming
efficiency (CFE) is one measure of the purity of this population. The population of MSCs in any
tissue is small and decreases with age: for example, the adherent population of cells represents at
most 1/1000 to 1/2000000 of the initial mononuclear cells of bone marrow128 and this population
is heterogeneous. With passage, a more homogenous population of cells is seen. This is the
population used by many groups, including ours, for stem cell-related tissue engineering. Caplan
et al popularized the term mesenchymal stem cell and this has become the most commonly used
term for the adult cells with differentiation potential found in many postnatal tissues104,129,130,
despite the strong argument that they may not be the same cell type in each tissue131. Recently,
there has been an international effort to define MSCs as plastic-adherent cells that express
CD105, CD73 and CD90, and lack expression of CD45, CD34, CD14 or CD11b, CD79alpha or
CD19 and HLA-DR surface molecules. This definition does not necessarily work for the cells in
vivo, or across all species, but is accurate for monolayer-passaged non-rodent cells.
The use of MSCs for cartilage engineering applications has been possible since a method
for in vitro chondrogenesis of bone marrow-derived MSCs was established by our group in 1998.
Chondrogenesis was accomplished by utilizing scaffold-free pellet culture and a defined medium
containing TGF-β1 and dexamethasone108,109. However, scaffold-free pellet culture has a size
limitation that precludes this technology from translating directly to use in human articular
cartilage defects. In 2003, Williams et al showed that goat MSCs could be photoencapsulated into

poly(ethylene glycol) scaffolds to facilitate chondrogenesis on a clinically relevant scale132.
Interestingly, chondrogenesis occurred within these scaffolds despite the loss of direct cell-cell
communication that was postulated to be very important to differentiation in the pellet culture
system108,109. However, the ability of a solitary, round progenitor cell to express cartilage matrix
markers confirms that the cell-cell interactions are not required for chondrogenesis133-135.
Presently it is unclear what developmental pathways are critical in enabling chondrogenesis given
the fundamental differences between pellet and hydrogel cultures. Common to both is the
spherical or rounded cellular conformation of MSCs critical for differentiation and
supplementation with bioactive factors TGF-β and dexamethasone.
The relative accessibility of MSCs from multiple tissue sources, and the ability to readily
expand these cell populations in vitro, offers a distinct advantage over autologous articular
chondrocytes94,106. Furthermore, MSCs themselves may be beneficial as transplant cells to the
host tissue. MSCs do not display major histocompatibility complex (MHC) class II cell surface
marker, rather only MHC class I without the co-stimulator molecules, indicating that they will not
illicit
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Additionally,

MSCs

secrete

immunosuppressive and anti-inflammatory cytokines such as interleukin-10137, nitric oxide138
and prostaglandins139 that can prevent host versus graft rejection through modulation of Tcells140,141. MSC regulation of T-cells appears to occur in an antigen-independent manner142
through the suppression of the primary and secondary T-cell response by inhibiting cell
proliferation143-145.
Interestingly, this immunosuppressive behavior juxtaposes a ‘trophic’ effect of MSCs on
host tissues122. It has long been appreciated that MSCs create a supportive microenvironment in
the bone marrow stroma that facilitates survival and differentiation of hematopoietic stem cells146.
A limited amount of research has been done to identify the secretory molecules of MSCs that are
responsible for their stimulatory effects. Measurable levels of bioactive factors such as TGFβ, stem cell factor (SCF), insulin-like growth factor (IGF), epidermal growth factor (EGF),

granulocyte and macrophage colony stimulating factors (G/M-CSF) have been identified in the
medium and could contribute to their influence on other cells145,147. More recent evidence
suggests that these trophic effects of MSCs are responsible for tissue repair observed from MSC
therapy in disease models such as stroke148,149 and myocardial infarct124, rather than the
mechanism where MSCs differentiate to replace these damaged tissues150-153.

1.4.3 Embryonic Stem Cells & Induced Pluripotent Stem Cells
Most recently the possible application of embryonic stem cells (ESCs) for cartilage tissue
engineering have been considered and preliminary evidence suggests that they may be a viable
source for generating cartilaginous tissues154-157. ESCs can be isolated from pluripotent cells of
an early preimplantation embryo and propagated indefinitely in vitro in an undifferentiated
state158. Similar to genuine pluripotent cells, ESCs retain their ability to differentiate into cells
representing the three major germ layers: endoderm, mesoderm or ectoderm or any of the 200+
cell types present in the adult body. Pluripotent cells resembling ESCs can also be derived
experimentally by reprogramming of somatic cells by somatic cell nuclear transfer159,160 (SCNT)
or direct reprogramming161,162 (iPS cells). Such pluripotent cells have an important role in cell
replacement therapies since the patient’s own somatic cells can be used for reprogramming
thereby eliminating immune based rejection of transplanted cells.
Successful use of ESC cells for regenerative medicine applications requires the tight
control of the differentiation process. The consequence of this has been demonstrated in
experiments demonstrating the formation of teratomas following the injection of undifferentiated
ESCs into the knee joint163-165. The use of growth factors may help consolidate resultant
phenotypes; however, the application of chondrogenic factors TGF-β and BMP still produced
heterotypic tissues following differentiation155-157. More recently the concept of generating
cartilage tissue from ESCs by first inducing differentiation along the mesodermal lineage has
been suggested166-168.

1.5 SCAFFOLD DESIGN
The scaffold is a critical component in a tissue engineering system as it creates a threedimensional structure that physically supports encapsulated cells and provides a framework for
tissue development. Scaffold design has a direct impact on cellular metabolism by providing both
biophysical and biochemical cues that can trigger differentiation and/or matrix elaboration.
Through polymer chemistry the mechanical properties and chemical composition of the scaffold
can be tuned to the desired cellular system to improve tissue engineering outcomes. This section
provides background on the photopolymerizable poly(ethylene glycol) diacrylate (PEGDA) based
scaffolds that were the foundation for this work. Furthermore it will discuss critical aspects of
scaffold design pertinent to building an improved system for cartilage engineering.

1.5.1 Hydrogels
Polymers are high molecular weight repeating subunits that represent a diverse class of
synthetic and natural materials that can be formed into three-dimensional structures suitable for a
variety of biomedical applications, including, scaffolds for tissue engineering, drug delivery
vehicles, implantable medical devices and biosensors. As one of the basic tenets of tissue
engineering, the scaffold plays a significant role in neotissue development. Technical
advancements in material science were fundamental to the emergence of tissue engineering as a
viable mechanism for regenerative medicine, but in recent years adding biological functionality
has generated a new era of “smart” biomaterials169-171. Adapting polymers towards biomedical
applications requires careful consideration of how the material will interact with cells both during
formation and afterwards during tissue development.
Hydrogels are a particular class of biocompatible, synthetic polymers that have become
especially important in tissue engineering applications. These aptly named polymers are created
by the covalent crosslinking of hydrophilic monomer subunits that can store a large amount of
water, yielding biophysical properties similar to soft tissues. Suitable for tissue growth, hydrogels

are highly permeable to oxygen, nutrients and other water-soluble metabolites. Additionally, the
physiochemical properties of hydrogels are readily tunable; making them amendable to
modifications that can control cellular behavior and promote tissue development. For example,
we and others have shown that the physical properties of the scaffold can have a significant effect
on differentiation172 and matrix elaboration173-177 from encapsulated cells.

More recently,

chemical modifications and co-polymerization techniques have been developed to impart
biological activity onto these otherwise inert biomaterials. This often involves incorporating
extracellular matrix derivatives or synthetic peptides with defined functionality into the hydrogels
through covalent or non-covalent additions. The design of such bioresponsive and bioactive
scaffolds will be detailed further in sections 1.5.3 and 1.5.4 respectively.
A number of different synthetic monomers have been used to generate hydrogel
scaffolds. The most commonly used materials include poly(ethylene glycol) (PEG), poly(vinyl
alcohol) (PVA), poly(lactic acid) (PLA), poly(lactic-co-glycolic acid) (PLGA), poly(hydroyl
ethyl methacrylate) (PHEMA), poly(N-isopropylacrylamide) (PNIPAAM), and poly(anhidride).
My work utilizes a acrylate-functionalized form of PEG, poly(ethylene glycol) diacrylate
(PEGDA), with which I explored a number of chemical modifications aimed at improving
neocartilage development.

1.5.2 Photopolymerization
The synthesis of crosslinked hydrogel structures requires a chemical reaction to induce
gelation through reactive groups on monomer subunits. Generally speaking there are three main
mechanisms of polymerization: physical, ionic, or covalent. Covalent polymerization offers the
advantage of stably formed gels with readily controllable properties such as permeability,
molecular diffusivity, equilibrium water content (swelling ratio), elasticity, modulus, and
degradation characteristics178. For covalent polymerization, gelation mechanisms are classified as
either chain growth or step growth. Step growth occurs when two multifunctional monomer

subunits with mutually reactive chemical groups (ex: A and B) combine to form low molecular
weight polymers (ex: A-B). These low molecular weight subunits continue to react with each
other in “steps” to form fully crosslinked scaffolds (-[A-B]n-). The Michael-type addition reaction
between acrylated star PEG and dithiol, pioneered by the Hubbell group179-181, and more recently
the use of sequential “click” chemistry, adapted for biological applications by the Anseth
group182,

are two step-growth polymerization techniques that have been developed as

cytocompatible methods for cellular encapsulation.
Chain growth polymerization requires the addition of an initiator molecule to activate
functional groups on the monomer subunits, creating growth centers that will produce long
kinetic chains. Photopolymerization has become a popular technique for chain growth
polymerization in tissue engineering. In this technique, photoinitiator molecules form a radical
when exposed to light at a specific wavelength. The rate of initiation depends on initiator
efficiency, concentration and light intensity. Initiator radicals can then react with unsaturated
bonds on the monomer subunits, typically a double or triple carbon bond such as the acrylate
groups flanking the PEG monomer in PEGDA, to propagate polymerization. Polymerization is
terminated by chain transfer or radical termination and is dependent upon the concentration of
radicals in the system. Understanding reaction kinetics is critical towards designing an
appropriate system for in situ photopolymerization: complete polymerization is almost never
reached in these systems due to diffusion limitations, yet unreacted monomer can have significant
effects on scaffold mechanics and immunoreactivity183.
Advantages of photopolymerization include spatiotemporal control over gelation, and fast
curing rates in a system that can be preformed at physiological conditions to enable non-toxic
encapsulation of cells184-186. This technique has a long clinical history in dentistry to form sealants
and dental restorations in situ187,188; it is also amendable to minimally invasive surgical techniques
appealing in cartilage engineering. Furthermore, Elisseeff et al has demonstrated that
photopolymerization can occur transdermally189-191 offering unique clinical benefits in tissue

engineering and drug delivery applications. Interestingly, these experiments were all successful
despite the use of a long-wave ultraviolet light initiating system, which is poorly transmitted
through the skin. It would be expected that transdermal polymerization would be more effective
with visible light or near infrared, which travels better through skin due to shorter wavelengths.
One concern with the use of photopolymerization is that free radicals created during this
process can have the unintended side effect of damaging cell membranes, proteins and DNA.
Considerable effort has been placed towards finding water soluble, cytocompatible photoinitiators
that allow cells to be mixed with a macromer solution and encapsulated into hydrogels to produce
constructs with a uniform distribution of cells. Chapter three of this thesis specifically deals with
validating a visible light initiator system for the non-toxic encapsulation of human MSCs in
bioresponsive hydrogels.

1.5.3 Bioresponsive Hydrogels
The concept of degradable polymers was suggested with the earliest material iterations
introduced for tissue engineering applications. The need for this function was driven by the
recognition that the artificial scaffold may interfere with the assembly of matrix components in
the neotissue. This consideration is of particular importance in cartilage engineering as current
scaffolds produce a mechanically inferior tissue regenerate. One factor contributing to the
weakness observed in neocartilage is a pericellular restriction of extracellular matrix elements,
presumably because the scaffold is preventing migration and assembly of the larger matrix
components. In optimizing a scaffold for cartilage development two design considerations are at
odds with one another. Initially there is need for a strong scaffold to support encapsulated cells
and protect them from the loads native to the synovial joint. A high hydrogel modulus can be
achieved with a tightly crosslinked scaffold, generated by either decreasing the molecular weight
of monomer subunits or increasing the weight percentage of macromer. However, this increased
strength is associated with decreased pore size and permeability in the scaffold, producing an

increased pericellular localization of cartilage matrix elements173,175. Consequently, as the
encapsulated cells begin to elaborate matrix it is necessary to have a looser scaffold to allow for
interterritorial matrix distribution and assembly. Degradable scaffolds may offer the ideal solution
for this problem, but there remains a significant challenge in engineering appropriate degradation
kinetics. The ideal scaffold for cartilage engineering would degrade at a rate that corresponds to
matrix production by the encapsulated cells (Figure 1.6).
A number of different strategies have been proposed to mediate hydrogel degradation
including hydrolytic and/or enzymatically driven mechanisms192,193. Hydrolytically degradable
scaffolds most commonly break down through hydrolysis of ester linkages located at the
crosslink or within the backbone. Examples of these degradable polymers include PVA, PLA,
PGLA, polyfumarates, and phosphoesters. In these systems the scaffold begins to breakdown
immediately when exposed to an aqueous environment. A significant effort has been made to
design controlled degradation rates into these systems by co-polymerization with non-degradable
subunits, for example PEG with PVA194 or PLA195. However, degradation rate remains an
inherent property of the chemical composition of the scaffold: dependent entirely on the number
and type of degradable linkages rather than developmental progression of the neotissue.
Enzymatic degradation is designed to be more specific and can be driven by either
endogenous or exogenous mechanisms. The concept of utilizing endogenous cellular behavior to
drive degradation was first introduced by our collaborator Jennifer West in 1999196. Such
scaffolds are now classified as “bioresponsive” hydrogels since the scaffold will change in
response to cellular activity197. Degradation in this scaffold was achieved by embedding
collagenase and plasmin specific peptide substrates into the backbone a PEGDA-based hydrogel
to facilitate cellular migration during wound healing. The peptide sequences and polymer
chemistry have subsequently been re-engineered for faster degradation kinetics to increase the
efficiency of fibroblast migration198. Park et al explored the utility of a collagenase sensitive
scaffold for cartilage engineering applications with encapsulated chondrocytes and suggested that

matrix was less constrained in the degradable hydrogel199. However, the peptide sequence they
incorporated into their hydrogels is reported to be cleaved by multiple matrix metalloproteinases
(MMP-1,-2,-3,-7,-8,-9)198,200, and therefore degradation was not optimized for cellular behavior.
In an effort to determine an appropriate degradation rate for cartilage engineering applications,
Rice and Anseth developed a lipase-sensitive PEGDA scaffold and demonstrated that degradation
during the early phases of chondrogenesis produced structurally compromised neocartilage
constructs201. This technology provides a tool for exploring the temporal impact of degradation on
the structural integrity of the system, but it is not practical for translational applications since
scaffold degradation requires exogenous addition of lipase enzyme. Similarly, the Anseth group
has also recently developed a novel photolytically degradable hydrogel chemistry that degrades
locally with exposure to specific wavelengths of light202. This technology is ideal for releasing
bioactive factors tethered to the scaffold or generating local microenvironments by lightpatterning the scaffold, but again is more of a tool for in vitro studies rather than clinically
relevant cartilage therapies.
Taken together, these data emphasize the need to optimize scaffold degradation to the
developmental processes specific to individual tissues. One aim of my thesis work, detailed in
Chapter Four, was to improve upon current biodegradable scaffolds used for cartilage
engineering by developing a bioresponsive scaffold with degradation linked directly to
chondrogenesis (Figure 1.6).

FIGURE 1.6 – CELL-MEDIATED, BIORESPONSIVE DEGRADABLE HYDROGEL FOR TISSUE
ENGINEERED CARTILAGE. Isolated cells are mixed with a PEGDA monomer containing a peptide
sensitive to endogenous enzyme activity. This mixture can be polymerized using non-toxic
photoinitiators and the application of light. Photoencapsulated cells differentiate into
chondrocytes and make matrix proteins as well as enzymes that cleave the scaffold and enable
interterritorial assembly of the matrix.



1.5.4 Bioactive Hydrogels
Providing instructive biological cues for tissue development is a facet of tissue
engineering that is being included in modern biomaterials. During embryogenesis both the
extracellular matrix and soluble signaling molecules are known to positively influence
chondrogenesis, but it is only recently that the technology has existed to incorporate this
bioactivity into synthetic biomaterials. Building bioactive features into scaffolds can be
accomplished by either directly embedding functional peptides into the backbone, as described
above, or by tethering them as pendant groups. Alternatively, substances can be non-covalently
trapped into the scaffold. Spatiotemporal control of these bioactive factors can further optimize
the scaffold towards development of a desired tissue. (Figure 1.7)
Growth factors play a significant role in regulating stem cell differentiation and matrix
elaboration. For in vitro studies soluble signaling molecules can easily be included in the culture
medium to determine their temporal requirement. However, translating tissue engineering into a
clinical relevant technology requires alternative delivery techniques for in vivo application. There
are a number of problems with systemic delivery of growth factors, or other bioactive molecules
such as steroids, for cartilage engineering in vivo. These include inefficient delivery to cartilage
tissue due to its avascular nature, short half-life, and the potential of serious systemic side effects.
Local, controlled release of soluble substances can be achieved by encapsulating growth factors
either into microporous nanoparticles or degradable microspheres203-205. Some success has been
achieved by placing these particles within cell aggregates205 but it remains a significant challenge
to design systems that can provide sustained delivery within a scaffold without disrupting its
mechanical integrity204.
An alternative solution would be to covalently attach growth factors directly to the
scaffold during the polymerization process. This technique has been used to deliver both TGFβ206 and epidermal growth factor (EGF)207 to cells directly from the scaffold; demonstrating that
biological activity can be maintained. The application of these bioactive scaffolds showed

improved matrix elaboration from vascular smooth muscle cells in the tethered TGF-β206
scaffold, and an enhanced survival advantage of MSCs when EGF was immobilized to the
scaffold207. Despite a well established role of chondrogenic factors such as TGF-β and
dexamethasone for in vitro chondrogenesis, bioactive scaffolds containing immobilized growth
factors have not been published for cartilage engineering applications. Chapter Five explores the
temporal requirement of both TGF-β and dexamethasone for chondrogenesis of human MSCs
encapsulated in PEG-based hydrogels, and provides preliminary data for developing a bioactive
scaffold for chondrogenesis of hMSCs.
The significance of the extracellular matrix in influencing cell migration, morphology
and differentiation has long been appreciated in biology and there is significantly more data in the
literature regarding the incorporation of these matrical elements into scaffolds for cartilage
engineering. Cellular recognition of the extracellular matrix occurs through integrins and this has
been suggested as one mechanism for mechanotransduction in cartilage6. Integrins are
heterodimeric cell-surface receptors composed of a variety of alpha and beta subunits that can
bind to a diverse range of extracellular matrix components. The indispensible nature of integrinmatrix interactions has been demonstrated by the early embryonic lethality of integrin β1208 and
laminin209 genetic mouse knock-outs. One mechanism for providing these interactions to tissue
engineered constructs is to incorporate purified matrix elements such as proteoglycans, collagens,
laminin or hyaluronan. However, this technique is complicated by the risk of pathogen
transmission and immunogenicity that has lead to a desire for a fully synthetic bioactive system.

FIGURE 1.7 – BIOACTIVE SCAFFOLDS, reproduced with permission from Place et al210. Clockwise,
from top: growth factors can be loaded into polymers with release rates determined by
degradation or diffusive properties of the polymer. Alternatively growth factors can be covalently
attached to the scaffold and released by cell-mediated cleavage of a protease-sensitive peptide
sequences within the tether. Bioactive components can also be non-covalently included in the
scaffold; inclusion of extracellular matrix components such as glycosaminoglycans (GAGs) can
not only have a bioactive function themselves but can also serve to adsorb growth factors and
potentiate their activity. Bioactive factors can also be immobilized by embedding directly in the
backbone of the scaffold or by attaching them using a non-releasable tether such as PEG.

The biological activity of the integrin-binding domain can be mimicked through small
functional peptides that replace the full sequence protein, the best known is sequence arginineglycine-aspartic acid (RGD) found on many extracellular matrix elements such as collagen,
fibronectin, or laminin. Hern and Hubbell were the first to incorporate the RGD into PEGDA
hydrogels and established that this addition could induce spreading of fibroblasts211. Work from
the West laboratory enhanced this basic application by comparing the effectiveness of a variety of
adhesion ligand mimics and demonstrated control of cellular migration in collagenase-degradable
hydrogels212,213.
The use of the RGD sequence to facilitate cartilage engineering has also been explored
since it is known that cells express fibronectin during the initial mesenchymal condensation and it
is therefore believed to facilitate chondrogenic differentiation214-216. By incorporating this
sequence into PEGDA hydrogels, Anseth et al found that it promoted survival of MSC217 and
induced the early stages of chondrogenic differentiation218. However, the sustained presentation
of RGD inhibits chondrogenesis219. Together these findings highlight the necessity for a temporal
modulation of ligand presentation that recapitulates the endogenous system. Anseth et al have
recently described two novel RGD-releasing mechanisms that provide the MSC with exposure to
the RGD binding domain only during the early stages of chondrogenesis. One system conjugates
RGD to a MMP-13 cleavable sequence found on aggrecan and tethers this moiety into a PEG
hydrogel via a thiol-acrylate polymerization220. The RGD sequence can be released from the PEG
backbone by the endogenous expression of MMP-13 and resulted in a ten-fold increase in
proteoglycan production. Temporal expression of MMP-13 is upregulated within the first week of
MSC chondrogenesis in micromass culture221 and is also activated very early in hydrogels (Thesis
Chapter Four). However it is important to note that this MMP-13 expression pattern is an
undesirable component of in vitro chondrogenesis as MMP-13 is involved in terminal
differentiation of chondrocytes during endochondral ossification56. Ultimately it would be
desirable to inhibit MMP-13 expression by MSCs since it is not expressed by healthy articular



chondrocytes, and appears to be highly activated only in patients suffering from osteoarthritis7,8.
In a second manuscript, the importance of temporal patterning for RGD was confirmed using
photoreleasable RGD to get increased proteoglycan production from human MSC exposed to
RGD only during early chondrogenesis202. Less is known about the requirement for RGD
interaction for other cells types undergoing chondrogenesis. Hwang et al have demonstrated
improved chondrogenesis from human ESCs encapsulated in PEG hydrogels with RGD ligand154;
however, the temporal exposure to this ligand has not been explored for ESC. Likewise the
interaction between RGD and chondrocytes is unclear in tissue engineered systems, but Bryant et
al suggests that RGD acts as a mechanoreceptor in hydrogels subjected to dynamic load 177.

1.6 OSTEOARTHRITIS: THE CLINICAL SIGNIFICANCE OF CARTILAGE ENGINEERING
Osteoarthritis is a degenerative joint disease characterized by degradation of the
extracellular matrix in articular cartilage. The lifetime risk of developing a symptomatic form of
this disease is presently estimated at 1 in 2, with 85 % of the population over 65 presenting with
physician-diagnosed osteoarthritis1. Despite accounting for the largest cause of disability in the
United States, there are very few therapeutic treatments available to address pain or prevent
disease progression. The etiology of osteoarthritis remains unclear but risk factors include age,
obesity, genetic predisposition and articular damage often by acute trauma222. Misregulation of
biomechanical stimuli appears to be a common factor underlying these various risk factors.
Inappropriate stresses on chondrocytes leads to an irreversible metabolic change in chondrocyte
biology such that degradation of the extracellular matrix proteins is not matched by matrix
synthesis.
The biomechanical integrity of articular cartilage during motion is maintained by the
gross morphological architecture of the synovial joint and the ultrastructural organization of the
extracellular matrix within articular cartilage. Damage to supporting structures in the joint such as
ligaments/tendons and the meniscus, can result in an imbalance of forces across the cartilage



surface during articulation. Acute trauma222,223 to these structures is a common source of disease
initiation in young, otherwise healthy patients, but genetic alterations in these structures and
obesity can also result in poor biomechanics. The importance of the composition and anisotropic
ultrastructure of the cartilage matrix in conferring mechanical integrity was detailed previously
(see section 1.3.2). Age related loss of collagen and proteoglycan from the extracellular matrix is
a significant cause of the late onset of osteoarthritis. Acute chondral defects contribute to the
early onset of the disease.
The articular chondrocyte is responsible for maintaining the production and assembly of
the cartilage matrix, albeit at a relatively low turnover rate. The half-life of proteoglycans is 3 to
24 years, while collagens can sustain close to 100 years in healthy tissue5. Chondrocytes are
mechanosensitive cells and motion is required both during early cartilage development48,50,51,53
(see section 1.2.3) and to maintain homeostasis of the extracellular matrix in the adult tissue5,6.
The molecular mechanisms underlying mechanotransduction in the chondrocyte are not well
understood. A number of genes involved in the turnover of the extracellular matrix proteins have
been shown to be mechanosensitive, including: collagen II, aggrecan, and matrix
metalloproteinases (MMPs)72,224. Growth factors (TGFβ, BMP2, FGF2, FGF4), cell cycle
proteins (cyclin, CDKs) and cytokines (IL-1,4,6) also respond to mechanical signals72.
Misregulation of these signaling pathways, most significantly the MMPs, contributes to the
elevated catabolism of cartilage matrix in osteoarthritis.
The mechanisms for sensing the mechanical signal and transducing it to the nuclease are
not clearly defined. In other organ systems integrins, stretch activated ion channels and primary
cilia are important mechanisms for mechanotransduction72,225-227. Stretch activated calcium
channels are capable of increasing intracellular calcium levels and initiating a well characterized
secondary messenger cascade; these calcium channels can be opened by tension on the
chondrocyte. Recently, the pathway for mechanotransduction through the primary cilium has
been appreciated. The non-motile primary cilium is a single cytoplasmic organelle found



protruding 3-30μm from the cell surface into the extracellular environment of nearly all
mammalian cells. The primary cilia of kidney epithelial cells are involved in flow sensation227.
Chondrocyte primary cilium have an integrin receptor located at the distal end and defects in the
cilium disrupts endochondral bone formation226. By analogy to the renal epithelial function, and
evidence for a functional role in bone formation, it has been proposed that the chondrocyte
primary cilium may also be central to mechanotransduction in articular cartilage225.
In designing a repair strategy for treating osteoarthritis early and preventing disease
progression, re-establishing proper biomechanics as a mechanism to restore chondrocyte
homeostasis is a governing concept behind cartilage engineering technology. Current
technologies for creating a cartilage engineered regenerate tissue are primarily limited to the
repair of focal lesions in articular cartilage rather than full tissue replacements or osteochondral
defects. How close to the native tissue the regenerate needs to be to sufficiently effect repair
remains to be defined, but generally neocartilage constructs aim to replicate the biomechanical
function of articular cartilage as closely as possible.

1.7 THESIS AIMS & OUTLINE OF WORK
The long-term goal of cartilage engineering is to create a functional cartilage regenerate
that can repair focal lesions in articular cartilage. This cell-based technology utilizes a scaffold
and the delivery of bioactive factors to facilitate tissue development. A number of unresolved
issues remain, including the type of cells and scaffold to use to best effect repair, and these
factors serve as barriers to clinical translation. Failure of present therapies is in part rooted in the
inability to replicate the metabolic and mechanical function of native cartilage. My thesis work
focused on specific aspects of these issues, with the long-term goal of developing novel strategies
that could improve neocartilage development and move closer to a clinically useful regenerate
tissue.



SPECIFIC AIM 1: To improve the extracellular matrix ultrastructure in neocartilage
constructs. Neocartilage constructs are mechanically inferior to native tissue. Pericellular
restriction of the extracellular matrix proteins in neocartilage constructs prevents them from
attaining biomechanical properties that approach those of native articular cartilage. Two separate
hypotheses were tested as mechanisms to address this limitation in cartilage engineering.
HYPOTHESIS 1: A bioresponsive scaffold with degradation kinetics tuned to chondrogenesis will
promote interterritorial assembly of cartilage matrix proteins (Thesis Chapters 3 & 4).
HYPOTHESIS 2: Mechanical stimulation of neocartilage constructs will drive anisotropic
assembly of matrix proteins (Appendix A).
SPECIFIC AIM 2: To create a bioactive scaffold that stimulates stem cell chondrogenesis.
Bioactive scaffolds are a strategy to deliver growth factors to encapsulated cells in a technology
appropriate for in vivo implantation. The temporal requirement of chondrogenic factors that will
promote chondrogenesis of MSCs in hydrogel scaffolds is not clear, but is required for the design
of a bioactive scaffold that can facilitate appropriate differentiation and cartilage matrix
elaboration.
Hypothesis: Requisite chondrogenic factors can be immobilized into a synthetic PEGDA scaffold
to promote chondrogenesis (Thesis Chapter 5).
SPECIFIC AIM 3: To promote a permanent cartilage phenotype from encapsulated,
differentiated MSCs. MSCs are considered a potential alternative to chondrocytes for cartilage
engineering applications. However, phenotypic markers of both fibrocartilage (collagen I) and
hypertrophic cartilage (collagen X & MMP-13) persist in MSC-derived neocartilage constructs
cultured in vitro. This has led to the concern that the endochondral ossification will be the
outcome of the in vivo application of cartilage engineered constructs with MSCs.
Hypothesis: MSCs can be stimulated to differentiate into chondrocytes with a hyaline cartilage
phenotype by manipulating the culture conditions (Thesis Chapters 5 & 6).



CHAPTER 2:
MATERIALS & METHODS
______________________________________________________________________________
2.1 PREPARATION OF HYDROGEL SCAFFOLDS
2.1.1 Semi-Interpenetrating Networks
Poly(ethylene glycol) diacrylate (PEGDA, 6 kDa) was synthesized in the laboratory of
Dr. Jennifer West (Department of Bioengineering, Rice University, Houston TX) as previously
described206. PEGDA was prepared by combining 0.1 mM dry PEG with 0.4 mM acryloyl
chloride and 0.2 mM triethylamine in anhydrous dichloromethane and stirred under argon
overnight. The mixture was then precipitated in cold ethyl ether, vacuum dried overnight,
lyophilized, and stored at 4 °C.
PEGDA-based semi-interpenetrating networks (sIPN) were made by mixing a noncrosslinking PEG-n-dimethyl ether (PEG, n=2000, MW 88kDa) with the crosslinking PEGDA
such that the final concentration was 16 % (w/v) PEGDA and 32 % (w/v) PEG dissolved in
PBS173.

2.1.2 Peptide Synthesis
Peptides for bioresponsive hydrogels were synthesized in the laboratory of Dr. Hans
Peter Bächinger on an ABI 433A peptide synthesizer (Applied Biosystems, Foster City, CA).
Couplings were carried out on a H-L-trans-4-hydroxyproline-2-chlorotrityl resin (AnaSpec, San
Jose, CA, USA).

Fmoc-amino acids, (Fmoc-Gly-OH, Fmoc-Pro-OH (Applied Biosystems),

Fmoc-4(R)Hyp(tBu)-OH (Novabiochem, EMD Biosciences, Inc., San Diego, CA) were
purchased, and used without further purification. HATU (O-(7-azabenzotriazol-1-yl)-1.1.3.3tetramethyluronium hexafluorophosphate (Perseptive Biosystems)) and diisopropylethylamine
were used as the coupling reagent. The peptide was cleaved from the resin with Reagent R
(trifluoroacetic acid-thioanisole-1,2-ethanedithiol-anisole (90:5:3:2) at room temperature for 3



hours. Peptides were isolated by precipitation from the cleavage cocktail with diethyl ether at 4
°C, and diluted with 0.1 % TFA, and purified by preparative HPLC (Vydac® C18, 5 μm, 300 Å,
218TP101550 50 x 250 mm, and the guard column, 218TP15202503, W.R. Grace & Co., MD,
USA) with a flow-rate of 36 ml/min and elution with 0 % to 50 % acetonitrile gradient in 0.1 %
trifluoroacetic acid.

The peptide was characterized by electrospray/quadrupole/time-of-flight

mass spectrometry (Q-tof micro, Waters), and amino acid analysis. The peptides were stored at 20 °C before making stock solutions.

2.1.3 Bioresponsive Hydrogels
To generate bioresponsive hydrogels, peptides containing either a MMP-7 substrate
(PLE-LRA228 and VPLS-LTMG229, dash indicating cleavage point), or a non-degradable
scrambled peptide control (MLLVTPSG), were synthesized with short linker domains GGWGG
and GGK at the N- and C- termini respectively to both facilitate enzyme accessibility to the
substrate sequence and to enable degradation testing using the spectrophotometric release of
tryptophan (W). Peptides were conjugated to acrylate-PEG-succinimidyl carboxymethyl (a-PEGSCM, 3,400 Da; Laysan Bio Inc, Arab, AL) individually at a 1:2.1 (peptide/PEG) molar ratio in
DMSO (Sigma-Aldrich, Milwaukee, WI) for 24 hours at room temperature to form an ABA block
polymer (Figure 2.1). Diisopropylamine (DIPEA, Sigma-Aldrich, Milwaukee, WI) was added as
a base catalyst at a 2:1 (DIPEA/PEG) molar ratio into the reaction. The resulting solution were
then diluted in 10 ml of ultrapure water and purified by dialysis (MWCO 3500 Da; Fisher
Scientific, Pittsburg, PA) against deionized water for 24 hours. The purified polymers were then
lyophilized and stored under argon at -20oC. The conjugation products were analyzed by gel
permeation chromatography (GPC, Polymer Laboratories, Amherst, MA) with UV-vis and
evaporative light scattering detectors and the presence of the acrylate groups was verified using
nuclear magnetic resonance (NMR).



FIGURE 2.1 – SCHEMATIC DIAGRAM OF PEPTIDE-CONTAINING PEGDA. Peptides (boxed) are
conjugated to acryloyl-PEG-SCM through the primary amine at the N-terminal and lysine (K)
residue at the C-terminal. Bolded peptide sequences represent MMP-7 substrates (PLE-LRA and
VPLS-LTMG), with the dash indicating the cleavage site, or the scrambled control MLLVTPSG.
Tryptophan (W) residue in flanking sequence was inserted for use in the quantification of
degradation by measuring its release spectrophotometrically.



2.1.4 Degradation Testing
Degradation of the bioresponsive scaffolds was detected by tryptophan release from cellfree scaffolds exposed to recombinant human MMPs. Macromer was dissolved at 10 % (w/v) in a
sterile phosphate buffered saline (PBS) solution containing a photoinitiator system of 0.75 %
triethanolamine (TEA), 0.1 mM eosin Y, and 37 mM 1-vinyl-2 pyrrolidinone (NVP). Droplets
(10 ml) were photopolymerized and then swollen in PBS overnight at 37 °C. Hydrogels were then
incubated in protease solution at 37 °C for up to 48 hrs and spectrophotometric measurement of
tryptophan in the solution taken at intervals. Degradation by recombinant human MMP-1, -2, -7,
and -13 (AnaSpec, Freemont CA) was tested against negative control (Tris Buffer), or positive
control (0.2 mg/ml proteinase K). All MMP enzymes were activated by incubating with 1 mM 4Aminophenylmercuric acetate (APMA) at 37 °C prior to testing with hydrogels. Percentage
tryptophan release was normalized to complete dissolution (proteinase K digestion, 24 hrs).
Values represent the mean ± standard deviation.

2.1.5 Bioactive Scaffolds
Recombinant human TGF-β1 (Peprotech, Rocky Hills NJ) was conjugated to PEG
through a reaction with an excess of acryloyl-PEG-SMC (synthesized in the laboratory of
Jennifer West, Rice University TX) in 50 mM sodium bicarbonate buffer (pH 8.5) at room
temperature overnight. The resulting solution was then purified by dialysis (MWCO 3500 Da;
Fisher Scientific, Pittsburg, PA) against deionized water for 24 hours to remove unreacted PEGSMC. The purified monomer were then lyophilized and stored under argon at -20oC. Polymer
solutions were sterilized via filtration (0.2 μm filter; Gelman Sciences, Ann Arbor, MI) prior to
use.
The integrin binding substrate RGDS (American Peptide, Sunnyvale CA) was conjugated
to PEG through a reaction with acrylate-PEG-succinimidyl valerate (aPEG-SVM, Laysan Bio,
Arab AL) at a molar ratio of 1.2:1 (peptide/PEG) diluted in PBS at pH 8.0. The reaction was



allowed to proceed for 12-16 hours, then the pH was restored to 7.0 and the resulting solution was
purified by dialysis (MWCO 3500 Da; Fisher Scientific, Pittsburg, PA) against deionized water
for 24 hours. The purified polymers were then lyophilized and stored under argon at -20oC. The
conjugation product was analyzed by GPC with UV-vis and evaporative light scattering detectors
and the presence of the acrylate groups was verified using NMR. Polymer solutions were
sterilized via filtration (0.2 μm filter; Nalgene #180-1320) prior to use.

2.2 CELL CULTURE
2.2.1 Isolation and Expansion of Human Mesenchymal Stem Cells
Human mesenchymal stem cells (hMSCs) were isolated and expanded from iliac crest
bone marrow aspirates as previously described108,109,173. Briefly, human bone marrow was
obtained from the iliac crests of consenting donors. Marrow aspirates were fractionated on a
Percoll density gradient and plated in Dulbecco’s Modified Eagle’s Medium (DMEM) with 10 %
fetal bovine serum (FBS, Invitrogen, lot selected for optimal cell growth and differentiation).
Adherent cells were cultured at 37 °C, 5 % CO2 with medium changes every four days. Once
primary cells were confluent, serum-containing DMEM was supplemented with fibroblast growth
factor (FGF-2, 10 ng/ml) to facilitate expansion with retention of chondrogenic potential.
Expanded hMSCs at passages 1 to 3 were used for all experiments.

2.2.2 Isolation and Culture of Human Articular Chondrocytes
Human articular chondrocytes (ACs) were obtained from the discard tissue of fresh
osteochondral allografts (donor tissue supplied by The Joint Restoration Foundation, Centennial,
CO: age range 12-35). Chondrocytes were isolated by digesting finely minced cartilage tissue in 1
% pronase for 1 hour (37 °C, 5 % CO2), followed by 1-3 hours in a 0.4 % collagenase II
(Worthington Biochemical Corporation, Lakewood NJ) solution.



Isolated chondrocytes were either encapsulated directly into hydrogels or cultured as
floating aggregate cultures230. To make aggregate cultures, 1 x 106 cells/per well were added to
the Corning ultra-low attachment 24-well plates and cultured in Opti-MEM® I Reduced Serum
Medium (Invitrogen). Chondrocyte conditioned medium (CCM) was harvested twice weekly and
frozen at -80 °C until needed. Prior to using CCM all batches were combined and filter sterilized.
Chondrocyte aggregate cultures were also used to condition the medium for co-culture
experiments using transwell plates. In these experiments 5 mm diameter hydrogels were placed
into the transwell insert (0.4 µm polyester membrane, Corning Catalog #3470) and chondrocytes
were grown in floating aggregate culture in the Corning ultra-low attachment plates either with
Opti-MEM® or defined chondrogenic medium.

2.2.3 Photoencapsulation using Ultraviolet (UV) Light
The water-soluble UV light photoinitiator IrgacureTM 2959 (1-[4-(2-Hydroxyethoxy)phenyl]-2-hydroxy-2-methyl-1-propane-1-one, “I2959”, Ciba®, Tarrytown NY) was used to
initiate photopolymerization for macromer solutions that did not contain peptides. I2959 has a
peak absorbance of 280 nm (Figure 3.1A) but remains an effective photoinitiator for PEGDA at
365 nm

231,232

. Disk-shaped hydrogels were formed by mixing filter-sterilized macromer (0.2 μm

filter; Nalgene #180-1320) at twice the desired concentration with an equal volume of cells and
0.06 % I2959 dissolved in PBS. Macromer solutions were placed into a custom-built stainless
steel mold and exposed to 6 min UV light (Spectroline UV lamp: 365 nm, 6 mW/cm2).

2.2.4 Photoencapsulation using Visible Light
The visible light initiating system included the photosensitizer eosin Y, initiator
triethanolamine (TEA), and catalyst 1-vinyl-2 pyrrolidinone (NVP).

Eosin Y has a peak

absorbance at 510 nm (Figure 3.1B). To establish the effective limits of the visible light initiator



system, concentrations of both eosin Y and TEA were systematically adjusted and polymerization
characterized (Figure 3.2). Macromer was dissolved in TEA to twice the final concentration and
filter sterilized before being diluted with an equal volume solution containing either 25 or 50 x
106 hMSCs/ml, eosin Y, and NVP. Disk-shaped hydrogels were fabricated following 2-minute
exposure to visible light (Bartels & Stout V-LUX 1000). Following experiments to determine
cytocompatible conditions for hMSCs (Thesis Chapter Three) 0.1 mM eosin Y and 0.75 % TEA
was used for all subsequent experiments.

2.2.5 In vitro Hydrogel Culture
Hydrogels were cultured at 37°C, 5% CO2 for up to 12 weeks in a defined chondrogenic
medium 108,109. Complete (aka “control”) defined medium consisted of high-glucose DMEM with
ITS+ Premix (Collaborative Biomedical Products), sodium pyruvate (1 mM), ascorbate-2phosphate (37.5 μg/ml), dexamethasone (10-7 M), TGF-β1 (10 ng/ml, recombinant human,
Peprotech, Rocky Hills NJ) and l-glutamine (4 mM). For some experiments, dexamethasone or
TGF-β1 was excluded from the culture medium initially, or withdrawn after defined periods of
culture (1, 2, 3, or 4 weeks). For comparison, control hydrogels were fabricated with the same
human cell preparations and continuously exposed to the complete chondrogenic medium
containing both TGF-β1 and dexamethasone.
2.3 LIVE-DEAD STAINING
Cellular toxicity of the photoinitiator system was visualized following 48 hours of in
vitro culture using a Live-Dead Viability/Cytotoxicity Kit (Invitrogen, L-3224). This kit
distinguishes live cells by the conversion of the non-fluorescent calcein AM to the green
fluorescent calcein through intercellular esterase activity. Dead cells are stained with ethidium
homodimer-1 (EthD-1), which is excluded by live cells, but fluoresces red upon uptake and
binding to the intercellular nucleic acids in dead cells. Hydrogels were rinsed twice with PBS and
then exposed to a mixture of 0.25 mM calcein AM and 0.5 mM EthD-1 in PBS for 40 minutes in



the incubator (37°C, 5% CO2). Hydrogels were removed from the mixture, placed into PBS and
fluorescence visualized immediately using confocal microscopy (Zeiss LSM-710, 20X objective,
0.80 apopart).

2.4 BIOCHEMICAL ANALYSIS
Hydrogels for biochemical analysis were removed from the culture media, washed twice
with PBS and digested in 0.1 N sodium hydroxide overnight at 60 °C. Samples were neutralized
with 0.1 N hydrochloric acid and then digested for and additional 18 hours at 60 °C with 125
μg/ml papain in 10 mM EDTA, 2 mM cysteine, pH 6.0 (Sigma, St. Louis, MO). Sulfated
proteoglycan content of the digested cell-polymer construct was assessed spectrophotometrically
using the 1,9-dimethylmethylene blue (DMMB) dye assay (Polysciences, Warrington PA, pH
3.0)233. Sample proteoglycan content was compared to shark cartilage chondroitin sulfate
standards (Sigma-Aldrich, Oakville, Ontario, Canada). Proteoglycans released from the hydrogels
into the medium were similarly quantified by comparing DMMB spectrophotometric shift from
undiluted medium aspirates to the chondroitin sulfate standards diluted in DMEM medium
containing phenol red.
DNA content was determined spectrofluorimetrically using the PicoGreen fluorescent
DNA binding dye assay according to manufacturer’s instructions (P11496, Invitrogen-Molecular
Probes); sample fluorescence was compared to DNA standards included in the assay kit.
Hydroxyproline content was used as a measure of total collagen content

234

. This was

determined by oxidation of hydroxyproline residues in collagen with chloramine T trihydrate
(ICN Biomedicals, Aurora, OH), developed with p-dimethylaminobenzaldehyde

(Ehrlich’s

reagent, ICN Biomedicals) 234. Sample concentrations were compared to hydroxyproline standard
solutions made from trans-4-hydroxy-L-proline (Fluka). All biochemical values represent mean ±



95 % confidence; statistical difference was tested using an ANOVA with significance set at a pvalue of 0.05, followed by a pairwise comparison using Dunnett’s Test.

2.5 GENE EXPRESSION ASSAYS
Hydrogels were harvested into 1 ml TRIzol reagent (Invitrogen) and homogenized using
the Ultra-Turrax® IKA-T10 basic homogenizer. Homogenates were left at room temperature for
5 minutes to facilitate mRNA extraction and then centrifuged at 12,000 x g for 15 minutes. The
supernatant was removed and stored at -80 °C until all samples had been collected. mRNA was
extracted per manufacturer’s instructions. cDNA was reverse transcribed using Quanta qScriptTM
cDNA SuperMix (Quanta Biosciences, 95048) with 1 mg mRNA per 20 μl reaction. Quantitative
real time RT-PCR analysis was done on the BioRad MyiQ iCycler with cycle number set to 40.
Taqman Assay primer/probes designed to exclude

TABLE 2.1 – TAQMAN PRIMERS.

genomic DNA by crossing the inton-exon border were
used with TaqMan PCR master mix (ABI) (see TABLE
1 for summary of primer IDs). mRNA from cells
harvested prior to encapsulation was used for
comparison. Relative gene expression was calculated
for

each

experiment

by

normalizing

to

the

housekeeping gene (18S) and “day zero” gene
expression of cells prior to encapsulation,

(ΔΔCT).

Graphs represent mean ± 95 % confidence.

2.6 HISTOLOGY AND IMMUNOHISTOCHEMISTRY
Hydrogels were fixed in 10 % neutral buffered formalin, embedded in paraffin and 5 μm
sections cut onto silane coated slides. Representative slides were deparaffinized through a xylene



to PBS rehydration protocol: three washes in xylene (5 minutes), two washes in 100 % ethanol
(EtOH, 10 minutes), two washes in 70 % EtOH (10 minutes), one wash in water (5 minutes), and
a final wash in PBS (5 minutes).

2.6.1 Toluidine Blue Staining for Hydrogels
Toluidine blue staining (0.04 % toluidine blue in 0.1 M Sodium Acetate, pH 4) was used
to visualize sulfated proteoglycans using 2 minute exposure to dye followed by four rinses in deionized water for 1 minute each. Sections were then re-dehydrated with sequential washes in 70
% ethanol (1 minute), 100 % ethanol (3 x 1 minute), xylene (4 x 1 minute). Coverslips were then
mounted in xylene based CytosealTM XYL mounting medium (Richard-Allan Scientific, #8312-4.
Kalamazoo, MI).

2.6.2 Collagen I Immunohistochemistry
For all immunohistochemical procedures slides were deparaffinized as described above
and then blocked in 5 % bovine serum albumin (BSA) solution for 1 hour at room temperature.
An antigen retrieval step was added prior to blocking with BSA to unmask collagen I epitoptes.
Slides were incubated in either sodium citrate buffer (10x stock: 2.94 g sodium citrate + 1L
DDH2O, pH 6.0) or a commercial antigen retrieval solution (Dako Target Retrieval Solution) for
1 hour in a 75°C water bath. Following the normal blocking protocol, sequential matrix digestion
steps were taken: 15 minutes at 37°C in a 1 % hyaluronidase followed by 15 minutes at 37°C in
pronase (1 mg/ml) solution. The primary collagen I antibody, a kind gift of Dr. Anthony
Hollander (University of Brisol, UK), was diluted 1:400 in 1 % BSA and sections were incubated
overnight at 4 °C. Detection was done using a goat-anti-rabbit AlexaFluorTM 594 linked secondary
antibody. Coverslips were mounted using ProLong® Gold Antifade containing blue-fluorescent



nuclear counterstain DAPI (Invitrogen, P36934). Images were converted to grayscale in
Photoshop.

2.6.3 Collagen II and X Immunohistochemistry
Following the blocking step described above, sections were washed with PBS and
exposed to a pronase (1 mg/ml in PBS, 20 minutes at room temperature) digestion step. Sections
were washed again with PBS and then incubated with the collagen II (II-II6B3, NIH Hybridoma
Bank, University of Iowa) or collagen X, kindly provided by Dr. Gary Gibson (Henry Ford
Institute, Detroit MI), mouse monoclonal antibodies diluted 1:200 in 1 % BSA and incubated
overnight at 4 °C. Detection was done using the goat-anti-mouse AlexaFluorTM 594 linked
secondary antibody. Coverslips were mounted using ProLong® Gold Antifade containing bluefluorescent nuclear counterstain DAPI (Invitrogen, P36934). Images were converted to grayscale
in Photoshop.

2.6.3 MMP-7 Immunohistochemistry
MMP-7 in hydrogels was detected with a pre-diluted mouse monoclonal MMP-7
antibody recognizing both the pro- and active form of human MMP-7 (GeneTex, GTX17B54).
Detection was done using goat-anti-mouse AlexaFluorTM 594 linked secondary antibody. Images
were converted to grayscale in Photoshop.
To detect MMP-7 in embryonic mouse limbs, frozen sections were briefly fixed in cold
acetone, blocked with 5 % BSA for 1 hour, and then treated with 2 mg/ml type V hyaluronidase
for 30 minutes at 37 °C. Sections were exposed to a 1:200 dilution of rat monoclonal anti-MMP7
antibody, kindly provided by Dr. Lynn Matrisian (Vanderbilt University, clone 338)235,236.
Detection was done using a 1:100 dilution of goat-anti-rat HRP and peroxidase substrate DAB
plus nickel (Vector Laboratories, SK-100). Staining of a colon tumor metastasis in liver was used
as a positive control and was consistent with the literature 237-239.



2.6.4 Fluorescence In Situ Hybridization (FISH)
FISH staining was performed following immunohistochemistry to identify the
cytogenetic source of extracellular matrix staining in hydrogels containing a coculture of human
mesenchymal stem cells and human articular chondrocytes of opposite gender donors.
Immunohistochemistry was done as described previously until after the secondary antibody step,
where coverslips were non-permanently mounted with Vectashield® mounting medium
containing DAPI (Vector Laboratories, #H-1200. Burlingame CA). Matrix staining was then
photographed on a Nikon Eclipse E800 photoscope using CytoVision software from Applied
Imaging at 600X. Coverslips were then removed by soaking in 2X saline sodium-citrate buffer
(SCC) + 0.15 % Tergitol® NP-40 (Sigma, # MFCD00132411) and FISH staining for human
chromosomes X and Y was performed. Slides were incubated in 2X SCC for 30 minutes at 37˚C,
followed by 0.005 % pepsin in 0.01N hydrochloric acid digestion for 13 minutes at 37 ˚C. Slides
were rinsed in PBS for 5 minutes at room temperature and then further fixed in 1%
formaldehyde/0.45% MgCl2/PBS for 5 minutes at room temperature. Slides were again rinsed in
PBS for 5 minutes at room temperature followed by sequential 2-minute washes in 70%, 80%,
and 90% ethanol at room temperature to dehydrate the slide. Slides were allowed to air dry and
the CEPX Spectrum Green/CEPY (Alpha) Spectrum Orange probe set was added to slide
(Abbott). Coverslips were then applied and sealed by rubber cement. Slides were put on a
HyBrite apparatus (Abbott) programmed for 80 ˚C for 5 minutes and 37 ˚C overnight. Following
incubation, slides were post-washed in 2X SSC + 0.3 % NP-40 at 72 ˚C for 2 minutes, placed in
2X SSC + 0.15 % NP-40 for 30 seconds at room temperature, and coverslips were mounted with
DAPI II (Abbott). Samples were analyzed for presence of X and Y chromosomes using DAPI,
green and orange filters on a Nikon Eclipse E800 photoscope. Photographs were taken using
CytoVision software from Applied Imaging. The cytogenetic score for co-culture slides was
calculated by determining gender of 200 cells on three different sections, the presence of a single



Y chromosome was considered male, while visualization of only a single X chromosome was
considered “unknown” gender.

2.7 ZYMOGRAPHY
Casein zymography was preformed to semi-quantitatively access MMP-7 activity present
in the hydrogel constructs and released to the media. Hydrogels and conditioned medium were
harvested into sample buffer (2x sample buffer: 20 % glycerol, 2 % SDS, 0.02 % bromophenol
blue, 20 mM Tris, 2 mM EDTA, pH 7) and stored at -80 oC until all time points had been
collected. Conditioned medium was mixed equal volume with the sample buffer. Two large
hydrogels per time point were harvested into a 1:2 dilution of sample buffer in water and then
homogenized using the Ultra-Turrax® IKA-T10 homogenizer. Precast casein gels (BioRad,
#8800718. Hercules CA) were pre-run for 4 hours to remove excess casein. Samples were loaded
as well as a molecular weight protein ladder (BioRad Kaleidoscope Prestained Standards,
Hercules CA), and recombinant human pro- and active-form MMP-7 (AnaSpec, Freemont CA).
Electrophoresis of gels was performed in a Running Buffer (Biorad, Hercules CA) at 100 volts
for approximately 2 hours, or until the bands reached the end of the gel. Gels were washed twice
for 30 minutes in a Renaturation Buffer (2.5% Triton X-100) to remove SDS and then incubated
18 hours at 37 oC in Development Buffer. Gels were stained with 0.5 % coomassie brilliant blue
in 40 % methanol and 10 % acetic acid for 1 hour, and then destained in 40 % methanol and 10 %
acetic acid. Gels were preserved in cellophane and 1 % glycerol with 25 % ethanol.

2.8 MECHANICAL TESTING
Material properties of the hydrogels were measured with a custom apparatus designed
and built by Drs. Trevor Lujan and Michael Bottlang and the Legacy Biomechanics Laboratory.
The testing unit imposed unconfined compression to cell free scaffolds. Specimens were



compressed by a voice-coil force actuator (Model Cal36, SMAC, Carlsbad, CA) that was
controlled using data acquisition software and hardware (National Instruments, LabVIEW 8.0,
PCI 6221, Austin Texas). The actuator applied an upward force to a rigidly connected plunger to
compress specimens into an impermeable aluminum platen (15 mm diameter). Compressive
forces were measured by connecting the platen to a rigidly fixed load cell (Model 31, Sensotec,
Morristown, NJ; resolution 0.005 N). Specimen displacement was measured with a glass-scale
encoder integrated into the voice-coil actuator (resolution = 1 μm). The actuator was powered
with a linear current amplifier (Model LCAM Quanser, Markham, Ontario) and the load cell was
powered by a signal conditioner with a low-pass filter (PMD-465WB, Omega, Standord, CT). In
the absence of a testing specimen, the test system yielded a dynamic stiffness of 1N/⎧m, which is
over two orders of magnitude greater than the dynamic stiffness of standard hydrogels240. This
force-controlled testing system was selected to ensure that the platen would not lift-off the
specimen during testing241.
For each material test, specimens were centered in a culture dish filled with 1 ml
phosphate buffered saline (PBS), and loaded into the testing apparatus. To establish a consistent
reference position for all samples, a 0.1 N preload was applied and specimen thickness was
recorded (lo). The samples were then loaded to 0.4 N and allowed 90 seconds to creep.
Sinusoidal force waves were then applied for 30 cycles at 1 Hz to an amplitude of 0.5 N (peak-topeak). These forces resulted in an average dynamic compression between 5% and 20% strain 242.
Dynamic modulus was calculated as the ratio of the first Piola-Kirchhoff stress (force in
the present configuration to area in the reference configuration) and engineering strain ((l-lo) / lo,
where l is the current thickness and lo is the reference thickness). These values were extracted by
fitting the final three cycles of stress and strain data to a four-parameter sine function in
LabVIEWTM

243

. Data measurements represent means ± standard deviation; data was analyzed

using an ANOVA with significance set at 0.05, followed by a pairwise comparison to the control
using Dunnett’s test.



2.9 SWELLING RATIO CALCULATIONS (Q)
Cell-free scaffolds were fabricated as described above and swollen to equilibrium in PBS
(minimum of 60 hours) at 37° C and 5% CO2.

After reaching equilibrium scaffolds were

weighed (Weq) and then dried in a vacuum chamber (Thermo Vacuum Oven Model #19:
minimum of 48 hours at 37° C, 25 mmHg) to determine dry weight (Wdry). The volumetric
swelling ratio (Q) was determined as the ratio of (Weq- Wdry) over (Wdry). Data measurements
represent mean ± standard deviation; statistical significance was tested using t-test with
significance set at 0.05.
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3.1 ABSTRACT
The ideal scaffold for tissue engineering should be uniquely tuned to self-sufficiently
generate the physical and biological cues that facilitate development of a neotissue with
properties as similar to the native tissue as possible. Recently, a wide variety of sophisticated
biomaterials have advanced the field towards this goal by incorporating peptides that serve as
enzyme-mediated degradation sites, cell adhesions sites that mimic the extracellular
microenvironment or bioactive factors. One complication with the addition of these peptides is
that aromatic amino acids absorb light at 285 nm and compete with the UV-sensitive
photoinitiator IrgacureTM 2959 (I2959), which is the most commonly used initiator for
photoencapsulation of cells into synthetic scaffolds. In this study we define non-toxic conditions
for photoencapsulation of human mesenchymal stem cells using a visible light photoinitiator
system composed of eosin Y, triethanolamine (TEA) and 1-vinyl-2 pyrrolidinone (NVP). Using
dynamic modulus and swelling ratio to measure the physical properties of the scaffold, we
establish very low concentrations of both eosin Y and TEA that can be used to avoid cytotoxicity
while creating hydrogels that crosslink more quickly and completely than with the I2959
photoinitiator.

3.2 INTRODUCTION
Tissue engineering is an experimental concept that has been in the literature for
approximately 25 years, with an application to cartilage first introduced in the early 1990s244. A
principle of cartilage engineering is to utilize three-dimensional scaffolds to support
chondrogenic cells and facilitate the development of a neocartilaginous construct that can
functionally replace damaged or diseased tissue in vivo. Since tissue engineering was first
introduced, the role of the scaffold has evolved towards an instructive microenvironment that can
facilitate cell migration, differentiation, adhesion, and cell-mediated degradation245-247. In many
cases adding these biological activities to the scaffold requires the spatiotemporal incorporation



of peptides. As we advance our understanding of what biological functionality needs to be added
to scaffolds for improved neotissue formation, it becomes essential to expand our range of
techniques for scaffold development, specifically with respect to the impact of scaffold formation
on the cells.
Synthetic scaffolds such as poly(ethylene glycol) diacrylate (PEGDA) are popular
biomaterials for tissue engineering because their physical and chemical properties can be easily
tailored to suit the individual needs of developing tissue. For example, we, and others, have
previously demonstrated that physical modifications to the scaffold can result in significant
changes to matrix production and distribution in cartilage engineering applications173,175,248,249.
Furthermore, the inclusion of cell adhesion ligands154,213,250, growth factors206, and enzymatic
cleavage sites196 can chemically modify scaffolds to make them bioactive and bioresponsive.
Another specific advantage of PEGDA scaffolds is that they can be formed under
physiological conditions through the process of photopolymerization, which allows for the
uniform encapsulation of cells184-186. Photopolymerization uses light to dissociate initiator
molecules into free radicals that can react with macromers functionalized with double or triple
chemical bonds (i.e. the acrylate groups in PEGDA) to propagate radical chain polymerization.
One problem with this system is that free radicals created during this process can have the
unintended side effect of damaging cell membranes, proteins and DNA. Consequently,
considerable effort has been made into finding cytocompatible photoinitiators. The most well
established initiator for photoencapsulation is IrgacureTM 2959 (1-[4-(2-Hydroxyethoxy)-phenyl]2-hydroxy-2-methyl-1-propane-1-one, “I2959”). I2959 is tolerated by many cell types at a
concentration of 0.03 – 0.1 %231; however, it has been shown that different cell types will display
variable degrees of cytocompatibility251. This photoinitiator reacts in the ultraviolet (UV) range
with a peak absorbance of ~280 nm (Figure 3.1A), but remains effective at initiating
polymerization at the longer wavelength 365 nm, which is better tolerated by cells232.



Both the direct incorporation of peptide sequences into the monomer backbone and
tethering of peptides is central to the design of the bioactive and bioresponsive scaffolds
discussed above. However, aromatic amino acids absorb at 285 nm, thus competing with I2959
during photoinitiation (Figure 3.1D). High concentrations of I2959 can outcompete the effect of
the peptide, however cellular toxicity is documented at concentrations above 0.1 %

231,251,252

. One

potential solution is to use a photoinitiator effective at a much different wavelength, such as those
that operate in the visible light range. In this study, we explored the cytotoxicity of the
photosensitizer eosin Y, which has peak absorbance at ~510 nm (Figure 3.1C), used with initiator
TEA and accelerator 1-vinyl-2 pyrrolidinone (NVP) for use with human mesenchymal stem cells
(hMSCs). This photoinitiator system has previously been studied in regards to islet cell viability
and encapsulation efficiencies using an argon ion laser253 and visible light photoencapsulation of
a fibroblast cell line MRC-5254. However, we found the photoinitiator concentrations used in
those studies to be toxic for the photoencapsulation of hMSCs.

Here we demonstrate

significantly lower concentration of both eosin Y and TEA can be used to effectively facilitate
polymerization while avoiding the cytotoxicity of these reagents.



FIGURE 3.1 – SPECTROPHOTOMETRIC ABSORBANCE OF PHOTOINITIATORS AND MACROMER
FORMULATIONS. (A) IrgacureTM 2959 UV sensitive photoinitiator. (B) 10 % (w/v) PEGDA
macromer. (C) Eosin Y photosensitizer. (D) 10 % (w/v) peptide containing PEGDA macromer.



3.3 RESULTS
IrgacureTM 2959 (I2959) is a commonly used photoinitiator for encapsulation of cells
within hydrogels due to its well-established cytocompatibility below a concentration of 0.1 %
(w/v). When we incorporated peptides into PEGDA scaffolds to impart biological activity we
found that I2959 could not effectively initiate photopolymerization at concentrations below 0.3
%, well above the cytotoxicity point for hMSCs. A number of peptide sequences were tested, but
common to them all was the presence of the aromatic amino acid tryptophan. Since aromatic
amino acids absorb energy at 285 nm we hypothesized that their presence in the macromer was
competing with I2959 during the polymerization reaction (Figure 3.1A, D) and were motivated to
develop a photoinitiator effective in the visible light spectrum for encapsulation of hMSCs within
peptide containing PEGDA hydrogels.
Eosin Y is a photosensitizer with peak absorbance of 510 nm (Figure 3.1C) and is used in
conjunction with initiator TEA and catalyst NVP for photopolymerization under bright white
light. In preliminary experiments we found the published concentrations of eosin Y (≥ 0.1 mM)
and TEA (≥ 1.5 % w/v), but not NVP (37.5 nm), to be toxic to hMSCs. Cytotoxicity was tested
by exposing confluent, monolayer-plated hMSCs to each initiator components for 5 minutes, both
with and without exposure to visible light. Using fluorescently activated calcein, live cells were
visualized both immediately following treatment and 24 hours later. Eosin Y, at a concentration
of 0.1 mM, was toxic to hMSCs only when activated by white light, presumably due to the
presence of free radicals that could not be adequately quenched by the polymerization reaction. In
contrast, TEA was toxic to the hMSCs both with and without exposure to light at a concentration
of 1.5 %.
To determine lower concentrations of eosin Y and TEA that were still effective in
initiating photopolymerization of a 10 % (w/v) PEGDA, we created a fractional factorial test
design that measured dynamic modulus and swelling ratio for hydrogels formed with 0.001 – 0.1
mM eosin Y and 0.01 – 1.5 % TEA (Figure 3.2A). We reasoned that by establishing this



relationship we could decrease the concentrations of both eosin Y and TEA without significantly
impacting polymerization. Scaffold properties such as dynamic compressive modulus and
swelling ratio after hydrogels have reached equilibrium conditions can be used as a functional
output of crosslinking density. We found that dynamic modulus was not a linear function of either
eosin Y or TEA (Figure 3.2B). Rather, any hydrogel that polymerized completely formed
scaffolds with an equivalent dynamic compressive modulus (Figure 3.2C) or swelling ratio
(Figure 3.2D). Polymerization was considered incomplete if greater that 25 % of the original
macromer volume did not react (Figure 3.2A, groups G-I). Neither extending the time of light
exposure from 2 to 10 minutes, nor doubling the concentration of the catalyst NVP, was sufficient
to carry the polymerization reaction to completion at these initiator concentrations.
To test cytocompatibility during photoencapsulation of hMSCs in a 10 % PEGDA
scaffold we chose both a “high” (0.1 mM eosin Y & 0.75 % TEA) and “low” (0.01 mM eosin Y
& 0.1 % TEA) concentration of eosin Y and TEA from our previous screen to compare with
I2959 as a control (Figure 3.3). Although there were lower concentrations of eosin Y and TEA
that were effective in initiating polymerization (Figure 3.2A, groups D-F) we chose not to test
boundary conditions (Figure 3.2A) since the high density of cells can interfere with the
polymerization efficiency. Scaffolds formed by either visible light photopolymerization reaction
had significantly higher crosslinking density than those formed with I2959 and UV-light as
demonstrated by a stronger dynamic compressive modulus (Figure 3.3A) and smaller swelling
ratio (Figure 3.3B). Cytotoxicity was assessed by quantifying DNA content in the hydrogels from
day 1-14 (Figure 3.3C) and through live-dead staining of hMSCs 48 hours after polymerization
(Figure 3.3D-F). Testing hMSCs toxicity after photoencapsulation is a more appropriate method
than monolayer exposure since the reaction of the initiator components with the acrylate groups
during photopolymerization will significantly affect the presence of free radicals. When cell
content was normalized to the number of cells initially encapsulated into each of the hydrogels,
I2959 polymerized hydrogels had a lower relative number of cells at all times than either of the



eosin-TEA polymerized hydrogels (Figure 3.3C). However, this is likely due more to cell loss
from the scaffold as a consequence of lower crosslinking (Figure 3.3A,B) than increased toxicity
(Figure 3.3D).
We next tested if hMSC chondrogenesis was differentially affected by the UV versus
visible light polymerization process in 10 % PEGDA scaffolds. Following six weeks of in vitro
culture we found that the lower concentration of eosin-TEA (0.01 mM eosin Y & 0.1 %)
accumulated significantly more sulfated proteoglycans (GAG) than the I2959 hydrogels, and total
collagen production, as measured by hydroxyproline content, was significantly decreased at high
concentrations of eosin-TEA (Figure 3.4A). The impact of the higher concentration of eosin-TEA
photoinitiators on chondrogenesis was amplified on a per cell basis considering DNA content was
higher in these scaffolds throughout culture (Figure 3.3C, 3.4B). We also looked at GAG release
to the media from each of the scaffolds: significantly more GAG was released from the I2959
scaffolds between weeks 1-4 (Figure 3.5C), again, presumably due to the lower crosslinking
density (Figure 3.3B,C). GAG release from the lower concentration of eosin-TEA reached the
same levels at the I2959 scaffold by weeks 5 and 6 (Figure 3.4C), consistent with the higher
crosslinking density (Figure 3.3B,C) and higher GAG accumulation (Figure 3.5A), while GAG
release from the higher eosin-TEA scaffold remained consistently lower.
This visible light photoinitiator was also effective in initiating polymerization of
scaffolds containing peptides with aromatic amino acids (aPEG-peptide-PEGa); polymerization
of this scaffold was not possible with I2959 at a concentration below 0.1 % (w/v). Live-dead
staining

of

hMSCs

encapsulated

in

the

aPEG-peptide-PEGa

hydrogel

confirmed

cytocompatibility with minimal cell death observed at 48 hours (Figure 3.5C). The dynamic
compressive modulus of the aPEG-peptide-PEGa scaffold was significantly lower than that of the
10 % PEGDA due to the increased molecular weight of the monomer subunit as a result of the
addition of the peptide (Figure 3.5A). We next evaluated chondrogenesis of hMSCs in the 10 %
PEGDA, aPEG-peptide-PEGa and a PEGDA-based semi-interpenetrating network (sIPN) in



which we have previously shown improved matrix production and distribution during hMSC
chondrogenesis due to the increased pore size in the sIPN scaffold173. Chondrogenesis was
improved in both of these scaffolds as measured by accumulation of extracellular matrix proteins
(Figure 3.5B) and visualized with toluidine blue (Figure 3.5D-I) and type II collagen
immunohistochemistry (Figure 3.5G-J).

3.4 DISCUSSION
Synthetic hydrogels, such as PEGDA, are useful biomaterials for tissue engineering
applications because their physical173,175,249 and chemical154,220,255,256 properties can be optimized
for the tissue of interest. Techniques now exist to impart biological activity to these scaffolds
through the addition of peptides that can be tuned to facilitate a variety of cellular functions.
However, we found that when peptides containing aromatic amino acids were incorporated into
the macromer design they interfered with photopolymerization using the most commonly applied
UV initiator, I2959. A specific advantage of hydrogels scaffolds is the uniform and non-toxic
encapsulation of cells. In this study we established cytocompatible conditions for
photoencapsulation of hMSCs using a visible light photoinitiator that would not compete in the
UV spectrum at which both aromatic amino acids and I2959 absorb (Figure 3.1A,D).



FIGURE 3.2 – SCREENING DESIGN FOR LOWER VISIBLE LIGHT INITIATOR CONDITIONS. (A) Table
of input parameters. (B) Dynamic modulus response model. (C) Dynamic compressive modulus.
(D) Swelling ratio.



FIGURE 3.3 – SCAFFOLD PARAMETERS AND CYTOTOXICITY OF VISIBLE LIGHT INITIATION
COMPARED TO UV LIGHT INITIATION. (A) Dynamic compressive modulus. (B) Swelling ratio.
(C) DNA content normalized to initial seeding density. Live (green) – Dead (red) staining of
hMSCs 48 hours after photoencapsulation in a 10 % PEGDA scaffold with (D) I2959, (E) 0.75
% TEA & 0.1 mM eosin Y, (F) 0.1 % TEA & 0.01 mM Eosin Y.



FIGURE 3.4: MSCS CHONDROGENESIS IN 10 % PEGDA SCAFFOLDS POLYMERIZED WITH VISIBLE
VERSUS UV LIGHT. (A) GAG and total collagen accumulation of eosin-TEA polymerized
hydrogels normalized to I2959-scaffolds. (B) DNA content measured after 6 weeks. (C) GAG
release to the medium.



FIGURE 3.5 – MSCS CHONDROGENESIS IN SIPN AND PEPTIDE CONTAINING PEGDA SCAFFOLDS.
(A) Dynamic compressive modulus. (B) GAG and total collagen accumulation normalized to 10
% PEGDA. (C) Live (green) – Dead (red) staining of hMSCs in peptide containing PEGDA
scaffold. Toluidine blue staining for proteoglycans in (D) 10 % PEGDA, (E) sIPN, (F) peptide
containing PEGDA. Collagen II immunohistochemistry in (G) 10 % PEGDA, (H) sIPN, (I)
peptide containing PEGDA; scale bar = 100 μm.



The use of cells, such as MSCs106,244 and embryonic stem cells247,257, for tissue
engineering applications is becoming increasingly popular as mechanisms to control
differentiation towards a desired phenotype are being established. An important part of validating
scaffold design for differentiation of stem cells is the consideration of photoinitiator toxicity. The
most commonly used photoinitiator for hydrogel polymerization is I2959 and its cytocompatible
range has been established as ≤ 0.1% (w/v), with both a time and temperature dependency in the
reaction231,251,252. However, different cells exhibit variable degrees of cytocompatibility251 and the
impact on differentiation should be considered when working with progenitor cells252. A number
of visible light initiators have been described to have a cytotoxic effect, including 9-ﬂuorenone
and camphorquinone (CQ) used with either ethyl 4-N, N-dimethylaminobenzoate or
triethanolamine (TEA) and the photosensitizer isopropyl thioxanthone231,258.
We chose to test a system comprised of the photosensitizer eosin Y, initiator TEA, and
accelerator NVP that has previously been described for encapsulation of pancreatic islet cells
using an argon laser253 and visible light photoencapsulation of a fibroblast cell line MCR-5254. In
preliminary experiments we found the concentration of eosin Y and TEA used for those cell types
to be cytotoxic to hMSCs. To determine if lower concentrations of eosin Y and TEA could be
used effectively for hMSC encapsulation we used dynamic modulus to efficiently screen for
polymerization conditions that minimized photoinitiator concentration (Figure 3.2). Physical
properties such as dynamic modulus and swelling ratio correspond to crosslinking density and
can be used as a measurable output parameter to validate the polymerization reaction. In our
screen we identified a number of groups in which greater than 25 % of the macromer solution did
not polymerize (Figure 3.2A). Under these conditions we looked to see if a longer light exposure
could complete the polymerization reaction, but found no change in the reaction even after 10
minutes, suggesting that the problem was insufficient concentrations of initiator components.
Based on a model generated from this screen (Figure 3.2B) we chose to evaluate
cytotoxicity and chondrogenesis of hMSCs at both a high (0.1 mM eosin Y & 0.75 % TEA) and



low (0.01 mM eosin Y & 0.1 % TEA) concentration of initiator. Although there were lower
concentrations of both eosin Y and TEA sufficient to complete polymerization of cell-free 10 %
PEGDA scaffolds, we chose these concentrations to avoid the boundary conditions of the reaction
because the high density of cells at encapsulation can interfere with polymerization efficiency.
Cytotoxicity during polymerization reactions has previously been tested predominantly using
exposure of monolayer-plated cells to initiator components and light231,251. Using this technique to
screen for toxicity of eosin Y and TEA in preliminary experiments we found that free radicals
generated during light-activation of eosin Y were very toxic to cells at a concentration of 0.1 mM.
TEA had a toxic effect both with and without light exposure at a concentration of 1.5 % (v/v).
However, this method for establishing toxicity does not adequately account for quenching of
radicals that occurs during the process of radical chain polymerization of functionalized
macromers. Consequently, our toxicity experiments examined DNA content and cell viability
following photoencapsulation of hMSCs within a 10 % PEGDA hydrogel (Figure 3.3). Confocal
images of live-dead staining after 48 hours indicates hMSC viability in the visible-light formed
hydrogels is no different than photoencapsulation with I2959 (Figure 3.3D-F). Interestingly, there
was an initial increase in the DNA content following photoencapsulation in the visible light
system indicating proliferation (Figure 3.3C). It is unclear if the decrease in cell number in I2959formed hydrogels is due to a lack of proliferation or due to a loss of cells from the more loosely
crosslinked system (Figure 3.3A,B). These results further suggest that the eosin-TEA visible light
initiator system is significantly more efficient at photopolymerization than I2959 within
cytocompatible ranges for each initiator. Improved efficiency of the photoinitiator translated into
significantly faster photopolymerization with the visible light system: 2 minutes, as compared to
6 minutes with UV light and I2959 at concentrations at 0.06 % 132,173.
We next investigated whether the visible light initiator system affected differentiation and
matrix elaboration during hMSCs chondrogenesis. Our results show that at the lower
concentration of eosin Y (0.01 mM & 0.1 % TEA) GAG production was increased relative to



I2959, while the higher concentrations (0.1 mM eosin Y & 0.75 % TEA) lead to a significant
decrease in collagen accumulation (Figure 3.4A). The reduced production of matrix molecules
with the higher eosin Y concentration is more significant given the trend towards increased cell
numbers (Figure 3.3C, 3.4B) and reduced GAG release (Figure 3.4C). I2959 formed scaffolds
resulted in a significantly increased loss of GAG to the medium during weeks 1-4 of matrix
elaboration (Figure 3.4C), presumably due to the increase in pore size (Figure 3.3A-B). However,
GAG released from the scaffold polymerized with 0.01 mM eosin matched that of the I2959 by
week 4, consistent with the higher total GAG accumulation at 6 weeks (Figure 3.4A).
Since the visible light initiator did not appear to have any immediate impact on
cytotoxicity (Figure 3.3C-F) it is difficult from these data to distinguish whether the impact on
chondrogenesis was due to the different chemistries of the photoinitiator (Figure 3.4) or the
change to the scaffold properties (Figure 3.3A-B) as has been suggested previously173,175,249
Consequently, we next chose to examine chondrogenesis of hMSCs in both a PEGDA-based
sIPN and a aPEG-peptide-PEGa scaffold. The aPEG-peptide-PEGa scaffold was representative of
bioresponsive hydrogels196,198,199,213, but we chose a peptide with no known biological activity200.
The PEGDA-based sIPN scaffold was included because we have previously published an
improved extracellular matrix production and distribution during chondrogenesis of hMSCs due
to the larger pores formed by the inclusion of a non-crosslinking PEG component173. The larger
pore size in the sIPN is illustrated by the significantly reduced dynamic compressive modulus as
compared with 10 % PEGDA (Figure 3.5A). The 10 % (w/v) peptide-containing scaffold (aPEGpeptide-PEGa) showed a similar reduction in modulus (Figure 3.5A). By inserting the peptide
into the PEGDA backbone the molecular weight of the aPEG-peptide-PEGa monomer subunit
was 8.27 kDa. Molecular weight has previously been shown to have a significant impact on
crosslinking density176,249,259,260, explaining the reduction in modulus of aPEG-peptide-PEGa
relative to the 10 % PEGDA scaffold made from a 6 kDa monomer. Chondrogenesis in these
three scaffolds was compared following six weeks of in vitro culture and we found significantly



improved proteoglycan accumulation (Figure 3.5B) and distribution (Figure 3.5D-F) in both the
sIPN and PEGA-peptide-PEGA scaffold as compared with 10 % PEGDA, all polymerized with
the visible light initiator. Collagen accumulation was significantly higher in the aPEG-peptidePEGa scaffold (Figure 3.5B) but distribution did not change (Figure 3.5G-I). Together these data
suggest that pore size has a more significant impact on cartilage matrix deposition than initiator
chemistry provided both are cytocompatible, but also highlights that efficiency of photoinitiators
can produce significantly different mechanical microenvironments for the cells by changing
scaffold modulus.

3.5 CONCLUSION
This study validates a visible light photoinitiator system comprised of eosin Y, TEA, and
NVP for cytocompatible encapsulation of hMSCs. We found this photoinitiator system to be
more suitable for creating scaffolds containing peptide elements as the absorbance of aromatic
amino acids can interfere with polymerization reactions in the UV light range. The visible light
system also proved to be a more efficient photoinitiator than I2959: increasing scaffold modulus
by approximately 123 % over that of I2959 with a polymerization time of only 2 minutes as
compared to 6 minutes for I2959. Using this visible light initiating system we then compared
hMSC chondrogenesis in a 10 % PEGDA, PEGDA-based sIPN, and peptide containing scaffold
(aPEG-peptide-PEGa) representative of bioresponsive scaffolds. We found that scaffold modulus
had a significant impact on matrix elaboration, with looser networks increasing matrix deposition
and improving distribution of proteoglycans.
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4.1 ABSTRACT
Cartilage tissue engineering aims to replace damaged or diseased tissue with a functional
regenerate that restores joint function. Scaffolds are used to deliver cells and facilitate cartilage
matrix production, but they can also interfere with the structural assembly of this extracellular
matrix. Biodegradable scaffolds have been proposed to improve matrix deposition and the
biomechanical properties of neocartilage. The challenge is to design scaffolds with appropriate
degradation rates, ideally such that scaffold degradation is proportional to matrix deposition. In
this study we developed a cell-mediated bioresponsive hydrogel with degradation aligned to the
chondrogenic differentiation of human mesenchymal stem cells (hMSCs). We identified matrix
metalloproteinase 7 (MMP7) as an enzyme with a temporal expression pattern that corresponded
with cartilage development. By embedding MMP7 peptide substrates, or a non-degradable
scrambled peptide, within a poly(ethylene glycol) diacrylate backbone, we built MMP7-sensitive
hydrogels with distinct degradation rates. When MMP7-sensitive scaffolds were compared with
non-degradable scaffolds in vitro, photoencapsulated hMSCs produced neocartilage constructs
with more extensive collagenous matrices, as demonstrated through immunohistochemistry and
biochemical quantification of matrix molecules. Furthermore, these changes translated into an
increased dynamic compressive modulus. This work presents a practical strategy for designing
biomaterials uniquely tuned to individual biological processes.



4.2 INTRODUCTION
Biodegradable scaffolds for tissue engineering applications have been proposed to
improve formation of developing tissues by removing the interference to extracellular matrix
elaboration that is imposed by a non-degradable scaffold193,261. Biodegradable scaffolds impart
immediate functional support to encapsulated cells, but the scaffold is eliminated as the cells
begin to produce and assemble matrix proteins. The rate of scaffold degradation is critically
important to the success of this system, and the ideal rate would be intimately tied to matrix
production and assembly by the cells. This concept is of particular importance for structural
tissues such as hyaline cartilage in which biomechanical function is dependent upon the
expression and assembly of extracellular matrix components, predominantly collagen II and
aggrecan6,72.
Recreating the native structure of the extracellular matrix within neocartilage remains a
significant challenge in the field. Synthetic polymers such as poly(ethylene glycol) diacrylate
(PEGDA) are promising scaffolds for cartilage engineering applications since they can be formed
in situ under cytocompatible conditions to enable uniform encapsulation of cells184-186,231,251.
Furthermore, the physical173,249,259 and chemical properties of PEGDA can be engineered to
enhance

chondrogenesis

by

providing

stimulatory

cues

from

the

extracellular

matrix202,220,255,256,262. PEGDA is not inherently degradable, and the artificial scaffolding can result
in pericellular restriction of the matrix molecules such that the physical properties of the
neocartilage construct are limited to those of the PEGDA scaffold itself.
A number of different approaches have been used to create degradable synthetic
biomaterials. Most commonly either a hydrolytic or enzymatic segment is built into the polymer
backbone to facilitate degradation. Hydrolytically degradable scaffolds have shown some promise
for cartilage engineering applications and typically dissolve through hydrolysis of an ester linkage
when exposed to an aqueous environment194,195,263,264. A limitation with this system is that the
degradation rate is tied to macromer composition rather than cellular behavior, thus not allowing



for variation in differentiation or matrix elaboration between different patients’ cells.
Alternatively, peptide substrates can be engineered into the polymer in a fashion that exploits
cellular activity to locally degrade the scaffold. In this study our goal was to produce a PEGDAbased degradable scaffold for cartilage engineering that was specifically tuned to chondrogenesis
of human mesenchymal stem cells (hMSCs). We hypothesized that degradation driven through a
cellular response concomitant with cartilage matrix deposition would improve the intracellular
distribution of proteins and produce a stronger, more biologically relevant, neocartilage construct.
The first requirement in the design process was to identify an enzyme with a temporal
expression profile that corresponded with chondrogenesis of encapsulated hMSCs. We chose to
focus the screen on MMP (matrix metalloproteinase) and ADAMTS (a disintegrin and
metalloproteinase with thrombospondin motifs) enzymes that have previously been characterized
in skeletal development to either support collagen biosynthesis (ADAMTS-2, -3, -14 & MMP7)60,265,266 or cleave extracellular matrix components during remodeling (MMP-1, -2, -13 &
ADAMTS-4, -5)54,59. By evaluating mRNA and protein expression patterns in hMSC-laden
hydrogels, we identified MMP-7 as a secreted enzyme with an expression pattern that
corresponds to chondrocyte differentiation. MMP-7 substrates were embedded into a PEGDA
backbone and the resulting enzymatically degradable hydrogels provided for an intercellular
expansion of the extracellular matrix produced by photoencapsulated hMSC differentiating to
chondrocytes. This improved the dynamic compressive modulus of neocartilage constructs. This
study highlights a successful technique for tailoring scaffold degradation for a desired biological
process.



4.3 RESULTS
4.3.1 Identification of MMP-7 as Candidate Enzyme for Bioresponsive Hydrogels
In order to develop a bioresponsive scaffold with degradation directly related to cartilage
matrix deposition it was necessary to identify an enzyme, expressed by the encapsulated hMSCs,
which had a temporal profile that corresponded to chondrogenesis. Critical towards preventing
premature scaffold degradation, it was also desirable for this enzyme to have to very low
expression in the hMSC (Figure 4.1A). In order to identify candidate enzymes we screened
hMSCs for their temporal expression of MMP and ADAMTS enzymes previously characterized
in skeletal development during chondrogenesis in semi-interpenetrating (sIPN) PEGDA-based
hydrogel (Figure 4.1B). Using RT-PCR, MMP-7 was identified as the only enzyme to have both
nominal expression in hMSCs (Figure 4.1A) and demonstrate a relative increase in expression
during in vitro culture in chondrogenic medium (Figure 4.1B). This temporal increase in MMP-7
positively correlated with chondrogenic markers collagen II and aggrecan at the mRNA level
(Figure 4.1C).
Gene expression data for MMP-7 was validated at the protein level with
immunohistochemistry. Representative sections from hydrogels cultured for 1, 4 and 6 weeks
indicated that increased MMP-7 protein expression corresponded with the production of
proteoglycans and collagen II (Figure 4.1D). Expression of MMP-7 was also detected at the
protein level in the developing cartilaginous anlagen of embryonic mouse limbs using
immunohistochemistry, suggesting that its expression in hydrogels is consistent with
chondrogenesis during limb development (Figure 4.1E).



FIGURE 4.1 – IDENTIFICATION OF MMP-7 AS CANDIDATE SUBSTRATE FOR BIORESPONSIVE
HYDROGELS. (A) Gene expression from expanded hMSCs prior to encapsulation as measured by
quantitative real time RT-PCR. (B) Changes in metalloproteinase gene expression for hMSCs
photoencapsulated in sIPN hydrogels over twelve weeks. (C) MMP7 gene expression relative to
chondrogenic markers, collagen II (COL2A1) and aggrecan (ACAN). (D) Toluidine blue staining
for proteoglycans and immunohistochemistry for collagen II and MMP-7 at 1, 4 and 6 weeks. (E)
Toluidine blue staining and MMP-7 immunohistochemistry on E15.5 mouse digits. Error bars (AC) represent 95 % confidence intervals.



4.3.2 Design and Degradation Kinetics of Bioresponsive Hydrogels
Based on these data we chose to design a bioresponsive scaffold that would degrade by
cell-secreted MMP-7. Two MMP-7 substrates, PLE—LRA and VPLS—LTMG, were synthesized
with short linker domains included at the N- (GGWGG) and C- (GGK) termini. A scrambled
version of VPLS-LTMG (MLLVTPSG) was used as a control. These peptide sequences were
embedded within PEGDA by reacting the primary amines at both ends of the peptide with aPEGSCM to generate the macromer foundation for three bioresponsive hydrogels: PLE-PEGDA,
VPLS-PEGDA, and the MLLVTPSG scrambled control (“sc-PEGDA”) (Figure 2.1). Degradation
for each of the peptide-containing PEGDA scaffolds was quantified by tryptophan (W) release
from 10 % (w/v) cell-free hydrogels following treatment with human recombinant MMP-1, -2, -7,
or -13 (Figure 4.2). Degradation from MMP exposure was compared to Proteinase K and Tris
buffer as positive and negative controls, respectively. Both MMP-7 sensitive PEGDA scaffolds
showed a dose-dependent response to the human recombinant MMP-7, but PLE-PEGDA was
more rapidly degraded (Figure 4.2A, B). To test the specificity of the peptide sequences, cell-free
scaffolds were exposed to 2 nM MMP-1, -2, -7, -13. MMP-13 was specifically chosen because it
has a similar temporal pattern as MMP-7, while both MMP-1 and -2 have relatively constant
expression during in vitro culture (Figure 4.1A, B) and represent a collagenase and gelatinase,
respectively. Degradation of PLE-PEDGA was less specific than VPLS-PEGDA (Figure 4.2C,
D). No degradation of sc-PEGDA was detected upon exposure to any of the MMPs, validating
the MLLVTPSG sequence as a non-degradable control (Figure 4.2E).



FIGURE 4.2 – DEGRADATION KINETICS OF BIORESPONSIVE HYDROGELS. Tryptophan release from
(A) PLE- or (B) VPLS-PEGDA following exposure to 2, 6, or 20 nM recombinant MMP-7.
Tryptophan release from (C) PLE-, (D) VPLS-, or (E) or sc-PEGDA following exposure to 2 nM
recombinant MMP-1, -2, -7, or -13. Degradation was normalized to Proteinase K at 24 hrs (100
%), Tris buffer is negative control. Graph represents means ± standard deviation.



4.3.3 In Vitro Chondrogenesis of hMSCs in MMP-7 Bioresponsive Hydrogels
hMSCs were photoencapsulated into the two MMP-7 bioresponsive hydrogels (PLEPEGDA and VPLS-PEGDA) or one of three different non-degradable scaffolds (Table 4.1).
Following in vitro culture of six and twelve weeks, immunohistochemical staining detected
collagen II deposition restricted to the pericellular domain in all non-degradable scaffolds (Figure
4.3A, B). In contrast, interterritorial deposition was observed in both the VPLS-PEGDA and
PLE-PEGDA MMP-7 sensitive scaffolds. Consistent with the faster and more permissive
degradation of PLE-LRA (Figure 4.2), interterritorial deposition of collagen II was observed
earlier in PLE-PEGDA than in VPLS-PEGDA hydrogels. Degradation of the PLE-PEGDA
scaffold resulted in increased total collagen accumulation compared to the sc-PEGDA (Figure
4.3C). Together with the change in collagen distribution, this translated into a significantly
increased dynamic compressive modulus after twelve weeks of culture (Figure 4.3D, p < 0.05).
Presumably due to the smaller size of proteoglycans, their deposition was observed
throughout both the degradable and non-degradable scaffolds at both 6 and 12 weeks (Figure
4.4A-C). However, proteoglycan content was decreased in the MMP-7 sensitive hydrogels by 12
weeks (Figure 4.4D) and toluidine blue staining appeared less intense at the peripheral region of
these hydrogels (Figure 4.4C). Changes in relative cell content were quantified by DNA
measurements after 6 and 12 weeks of culture (Figure 4.4E). After 6 weeks of culture DNA
content was lower in the sc-PEGDA than in either of the MMP-7 hydrogels, however this effect
was reversed at 12 weeks such that DNA content was lowest in the MMP-7 hydrogels.
To determine if the presence of the peptide substrate changed anabolic or catabolic gene
expression we analyzed cartilage matrix (Figure 4.5A) and metalloproteinase (Figure 4.5B)
mRNA expression respectively. No significant differences were observed between the peptidefree 10 % PEGDA scaffold and the peptide-containing bioresponsive hydrogels.



FIGURE 4.3 – COLLAGEN DEPOSITION IN BIORESPONSIVE HYDROGELS. Collagen II immunohistochemistry following (A) 6 or (B) 12 weeks of in vitro culture. (C) Total collagen content in
hydrogels at 6 (grey) or 12 (black) weeks. (D) Dynamic compressive modulus of hydrogels
following 12 weeks of in vitro culture. (* = p< 0.05)



FIGURE 4.4 – PROTEOGLYCAN DEPOSITION IN BIORESPONSIVE HYDROGELS. Toluidine blue
staining in hydrogels following (A) 6 and (B, C) 12 weeks of in vitro culture. (D) Proteoglycan
deposition quantified after 6 (grey) or 12 (black) weeks of culture. (E) PicoGreen quantification
of DNA in hydrogels after 6 (grey) or 12 (black) weeks of in vitro culture. (* = p< 0.05)



FIGURE 4.5 – GENE EXPRESSION IN BIORESPONSIVE HYDROGELS. Quantitative
real time RT-PCR of changes in (A) matrix gene and (B) metalloproteinase
gene expression from hMSCs cultured for 12 weeks in either 10 % PEGDA (no
peptides), sc-PEGDA, VPLS-PEGDA or PLE-PEGDA.



4.4 DISCUSSION
Cartilage engineering is a therapeutic strategy that aims to produce a tissue regenerate
competent to restore normal joint function, thereby reducing pain and preventing disease
progression. The clinical success of a neocartilage construct depends on the ability to restore the
metabolic and mechanical function of native tissue. In this study we present the design of a
biodegradable scaffold for cartilage engineering that relies on intrinsic cellular mechanisms
involved in hMSCs chondrogenesis to mediate degradation. We demonstrate that MMP-7 has a
temporal expression pattern in hydrogels that corresponds to cartilage matrix elaboration, and that
MMP-7 substrates can be effectively incorporated into a PEGDA backbone to facilitate cellmediated degradation that enables expansion of the collagen II matrix and increases dynamic
modulus in neocartilage constructs.
The best cell type for cartilage engineering applications has not yet been determined and
will depend on the design of the supporting scaffold267. Chondrocytes, MSCs, and more recently
embryonic stem cells154,166,257 have been incorporated into a variety of different scaffolds, and
each cell-type has advantages and disadvantages106,247,268.

MSCs are well established as

chondroprogenitors cells and offer the advantage that they are easily harvested and expanded.
Cell choice was critically important to our design process since our study aimed to optimize
scaffold degradation to chondrogenesis of the encapsulated cells. The importance of biological
processes driving the evolution of biomaterials has recently been highlighted in the literature
169,246,269,270

, but has never been specifically applied to tuning scaffold degradation for cartilage

engineering.
Degradable scaffolds offer an advantage over permanent biomaterials in that the artificial
scaffold can be completely replaced by an extracellular matrix made by the encapsulated cells.
This is important since hydrogels formed in situ for cartilage repair require a high cross-linking
density to impart mechanical functionality and restore the proper distribution of forces during
joint movement. However, high cross-linking density corresponds to smaller pore size within the



scaffold, and these factors have previously been associated with reduced chondrogenesis and
pericellular restriction of matrix proteins, specifically collagen173,175,176,249. Tailoring the
degradation rate such that it corresponds to the elaboration of cartilage matrix is one of the main
challenges in designing a biodegradable scaffold: degradation that occurs too quickly could
release cells and matrix components, whereas scaffolds that degrade too slowly inhibit matrix
production and assembly. Hydrolytically degradable segments are one technique to incorporate
degradation into a scaffold and recent design efforts show the rate of hydrolytic degradation may
be better controlled by incorporating both fast and slow degrading elements263,271. Enzymatically
degradable scaffolds offer greater spatiotemporal control over hydrolytic degradation. Using
exogenously triggered degradation of lipase-sensitive poly(ethylene glycol)-b-polycaprolactone
dimethacrylate scaffolds, Rice and Anseth were able to explicitly control the timing of scaffold
degradation201. They found that adding lipase after allowing encapsulated chondrocytes to
produce some matrix was preferred to stimulating early scaffold degradation, but in their system
the exogenously driven degradation was not directly linked to cellular behavior.
Bioresponsive materials include those with cell-mediated degradation properties. The
term `bioresponsive’ was adopted to convey a distinct physical or chemical response occurring
within the biomaterial as a consequence of cellular behavior197. The concept of engineering
synthetic hydrogel scaffolds with cell-mediated degradation features was first introduced by West
& Hubbell in 1999196. Collagenase and plasmin specific peptide substrates were incorporated into
a PEGDA-based hydrogel to facilitate cellular migration for wound healing. These peptide
sequences and polymer chemistry were later modified for faster degradation kinetics to increase
the efficiency of fibroblast migration198. Park et al explored the utility of a collagenase sensitive
scaffold for cartilage engineering with encapsulated chondrocytes and suggested that matrix was
less constrained in the degradable hydrogel199. However, the peptide sequence they incorporated
into

their

hydrogels

(GCRDGPQGIWGQDRCG)

is

cleaved

by

multiple

matrix

metalloproteinases (MMP-1, -2, -3, -7, -8, -9)198,200, and therefore degradation was not optimized



for chondrogenesis. Our work represents a progression of this concept in that the bioresponsive
scaffold is specifically linked to hMSCs chondrogenesis and cartilage matrix elaboration through
MMP-7 expression and activity.
MMP-7 has a well-characterized role in tumor metastasis238,239, yet recent data suggest
that it may also play a role in chondrogenesis272. Evidence suggests MMP-7 supports cartilage
development by both facilitating collagen II maturation265 and modulating bioavailability of
chondrogenic factors66,273,274. During collagen maturation, MMP-7 can cleave the NH2-propeptide
from the native type IIA procollagen, the alternatively spliced form of collagen II synthesized by
chondroprogenitors265. Both BMP-2 and TGF-β1 can bind to the extra-helical region of the
collagen IIA propeptide, supporting a role for MMP-7 in growth factor mobilization66. MMP-7
can also cleave all six of the insulin growth factor binding proteins (IGFBP) responsible for
mediating IGF activity273 and activate TGF-β indirectly through the activation of MMP-9274. The
physiological activation of MMP-7, along with most MMPs, is not well understood, but activity
can be regulated through gene expression, enzyme localization, and activation of the proenzyme.
Recently it was suggested that highly sulfated glycosaminoglycans may regulate MMP-7 activity
by promoting proenzyme activation through autolytic cleavage of the prodomain, or by providing
an anchor to localize substrate activity275. Our data from both hydrogels (Figure 4.1A, C, D) and
embryonic mouse limbs (Figure 4.1E) provides further evidence that MMP-7 is involved in
chondrogenesis.
MMP-7 was chosen from a screen of MMP and ADAMTS enzymes reported to be
involved in skeletal development54. Using RT-PCR and IHC we found that only MMP-7 and
MMP-13 demonstrated a temporal pattern that positively correlated with collagen II and aggrecan
(Figure 4.1). MMP-13 was not chosen for further evaluation since its expression is associated
with the final maturation state of chondrocytes during endochondral ossification. It is well
established that MSCs express markers of the hypertrophic chondrocytes seen in endochondral
ossification during in vitro culture94,109, and this has led to the concern that bone could form



during in vivo implantation276,277. Although beyond the scope of this work, we believe
encapsulated MSCs can be driven to a permanent cartilage chondrocyte phenotype, which would
therefore make MMP-13 an irrelevant choice279. Furthermore, MMP-13 was expressed by
expanded hMSCs at the time of encapsulation (Figure 4.1B) and therefore creates the potential
for premature degradation of the scaffold.
Validation of MMP-7 as a good candidate enzyme to mediate scaffold degradation during
neocartilage formation was shown with long-term in vitro studies of photoencapsulated hMSCs
(Figures 4.3-4.4). We found significantly improved distribution of the collagen II matrix (Figure
4.3A, B) and a higher dynamic compressive modulus (Figure 4.3D) in the MMP-7 sensitive
hydrogels when compared to non-degradable controls. PLE-PEGDA had a more expansive
collagen II matrix earlier than the VPLS-PEGDA scaffold (Figure 4.3A, B) presumably due to the
faster degradation kinetics and lower specificity of the PLELRA substrate (Figure 4.2). The
MLLVTPSG sequence has not been reported as degradable by any MMPs200, and was not
degraded using recombinant MMPs-1, -2, -7, or -13 (Figure 4.2E).
However, although we have significantly improved collagen distribution within the
bioresponsive hydrogels, we did get less retention of proteoglycan in these hydrogels than in
controls. Proteoglycan accumulation in the bioresponsive hydrogels was equivalent to nondegradable controls following six weeks of culture, but was significantly decreased in the PLEPEGDA by twelve weeks (Figure 4.4C).

ACAN mRNA expression at twelve weeks was

equivalent in both the degradable and non-degradable hydrogels (Figure 4.5A), suggesting
aggrecan potential is similar per cell. Furthermore, there was no change to metalloproteinase
expression in the bioresponsive scaffolds suggesting that the presence of a peptide substrate does
not inherently increase enzyme production or matrix catabolism (Figure 4.5B). Together these
data suggest that degradation of the bioresponsive scaffold results in decreased retention of
proteoglycans and cells (Figure 4.4D). However, we postulate that this loss would decrease as the
collagenous matrix is further elaborated and organized, but this remains to be tested. That the



elaborated extracellular matrix in the bioresponsive PLE-PEGDA hydrogel achieved greater
biomechanical properties with a lower proteoglycan content indicates that removing the scaffold
is allowing the assembly of a matrix with characteristics of cartilage; the collagenous framework
is structured such that a swelling pressure is developed by the constrained proteoglycans.

4.5 CONCLUSIONS
The design process used to develop this MMP-7 sensitive scaffold represents a biologyfocused approach for improving biomaterials for tissue engineering. In this study we demonstrate
how the temporal characterization of hMSCs chondrogenesis within scaffolds can be effectively
used to tune scaffold degradation to cellular mechanisms associated with chondrogenesis and
matrix elaboration. This led to an improved intercellular distribution of the type II collagen
matrix and increased the dynamic modulus in neocartilage constructs. Using a similar approach to
tailoring degradation kinetics to chondrogenesis, we can similarly modify the PEGDA scaffold to
contain biomimetic154,220,255,262 and bioactive206 features with temporally relevant presentations.
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5.1 ABSTRACT
Translating cartilage engineering using mesenchymal stem cells (MSCs) from an in vitro
to an in vivo setting requires a more detailed understanding of the temporal requirement for the
bioactive factors that are responsible for inducing chondrogenesis and facilitating matrix
deposition in scaffolds. Furthermore, a clinically applicable mechanism for delivering these
factors is desired. The original experiments describing chondrogenesis in a scaffold-free pellet
culture system established that both dexamethasone and TGF-β1 were required for consistent
chondrogenesis of human MSCs. In this study we show that dexamethasone is not required for
MSCs chondrogenesis in a poly(ethylene glycol) diacrylate (PEGDA)-based scaffold: there was
no difference in matrix deposition between hydrogels cultured with or without dexamethasone.
Furthermore, without dexamethasone, SOX9 gene expression was higher during early
chondrogenesis and there was a significant reduction in collagen I deposition, suggesting a more
hyaline cartilage phenotype. In contrast, differentiation of MSCs in hydrogels required initial
exposure to TGF-β1. To evaluate the sustained requirement for TGF-β1, this growth factor was
initially given in culture, but then removed in each subsequent week. TGF-β1 withdrawal
significantly impacted collagen production on a per cell basis, but also leads to an increase in cell
number such that total collagen deposition was equivalent to controls when TGF-β1 was included
for at least 3 weeks. In an effort to develop a bioactive scaffold suitable for in vivo cartilage
engineering we evaluated the activity of TGF-β1 tethered to a PEGDA scaffold. The soluble form
of PEGylated TGF-β1 maintained activity as evident by deposition of extracellular matrix
proteins, however when immobilized to the scaffold no chondrogenesis occurred. Further studies
are required to determine whether scaffold modifications can be used to promote/maintain
tethered TGF-β1 activity.



5.2 INTRODUCTION
Using mesenchymal stem cells (MSCs) in vivo for the repair of cartilage defects requires
both controlled differentiation of these progenitor cells towards the chondrogenic phenotype, and
production of the appropriate extracellular matrix components, in the right ratios and
conformations, essential to providing cartilage with its biomechanical functionality. In vitro
chondrogenesis of bone marrow-derived MSCs was first accomplished by our group in 1998
utilizing scaffold-free pellet culture to approximate the mesenchymal condensation observed
during limb development108,109. The defined medium that facilitated differentiation included
transforming growth factor-β1 (TGF-β1) and dexamethasone. More recently, tissue engineering
strategies utilizing scaffolds have been used to translate this pellet culture method of in vitro
chondrogenesis into a system capable of cartilage generation on a clinically relevant scale. The
continued renewal of TGF-β1 and dexamethasone within the medium is customary in vitro to
facilitate chondrogenesis and matrix elaboration during long-term cultures. The in vivo
application of cartilage engineering using undifferentiated MSCs requires a careful examination
of which bioactive factors are required for this process, and for how long it is necessary to expose
the cells to them.
Once the temporal requirement of chondrogenic factors is established, there is still the
challenge of finding delivery mechanisms for in vivo application. Systemic delivery of growth
factors for cartilage repair is typically not a viable option due to the avascular nature of cartilage,
the short half-life of growth factors, and a number of serious side effects such as fibrosis in the
kidney and liver when TGF-β is delivered in this manner280,281. A more localized delivery of
TGF-β by direct injection into the joint space has produced mixed results: it can lead to an
increase in extracellular matrix production, but also inflammation, synovial hyperplasia and
osteophyte formation282. More sophisticated delivery systems have recently been developed in
which bioactive factors are loaded into polymer microspheres. For example, degradable



microspheres made from either poly(L-lactic-co-glycolic acid) PLGA203,205 or gelatin204, provided
sustained and local delivery of TGF-β to cells during chondrogenesis. Although these studies
found improved matrix production in the presence of microspheres, controlled release requires
careful engineering to ensure correct spatiotemporal delivery at the appropriate concentrations of
the growth factor.
Bioactive materials in which the growth factor of interest is directly incorporated into the
scaffold may be a more useful approach for in vivo tissue engineering applications. Recombinant
growth factors can be tethered directly to the scaffold by attaching an acrylated PEG moiety to
the growth factor and then including this PEGylated growth factor in the scaffold polymerization
reaction206. Presently there are limited successful examples of this technique in the literature. A
proof-of-concept study by Jennifer West’s group206 demonstrated that tethering TGF-β1 to a
PEGDA scaffold induced greater matrix production by vascular smooth muscle cells than soluble
TGF-β1. Similarly, work from Linda Griffith’s laboratory207 has shown that epidermal growth
factor (EGF) remains active when tethered into scaffolds and can provide MSCs with a survival
advantage. The goal of the experiments described in this chapter was to determine the temporal
requirements for TGF-β1 and dexamethasone of human MSCs (hMSCs) encapsulated within a
PEGDA-based semi-interpenetrating network (sIPN), previously characterized by our group173.
These data will subsequently be used to design and test bioactive scaffolds for cartilage
engineering applications.



5.3 RESULTS
5.3.1 Hydrogels Undergo Chondrogenesis in the Absence of Dexamethasone
The first experimental aim was to examine whether MSCs cultured in hydrogels have the
same requirement for both dexamethasone and TGF-β1 that has previously been established in
pellet culture. Deposition of proteoglycans and hydroxyproline were not significantly different
between hydrogels cultured without dexamethasone and control constructs receiving both
dexamethasone and TGF-β1 (Figure 5.1A). However, differences were observed in a more
detailed
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resultant
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using

immunohistochemistry (Figure 5.1 B-I) and gene expression analysis (Figure 5.1 J-K). Cartilage
markers, aggrecan and collagen II, were similar at both the protein (Figure 5.1 B,F,D,H) and gene
level (Figure 5.1 J-K) in constructs cultured with or without dexamethasone. In contrast,
immunohistochemistry revealed a decrease in deposition of both collagen I (Figure 5.1 C,G) and
X (Figure 5.1 E,I) in constructs cultured without dexamethasone (Figure 5.1 G,I). COL1A gene
expression was also significantly decreased at both 1 and 6 weeks (Figure 5.1 J-K) in the absence
of dexamethasone, but the decrease in the COL10A1 gene expression was not statistically
significant (p = 0.06, Figure 5.1 J-K). To investigate the differentiation potential of hMSCs
cultured with and without dexamethasone we also determined the gene expression of SOX9, an
early marker of chondrogenic potential. SOX9 was significantly increased in hMSCs cultured
without dexamethasone at 1 week (Figure 5.1J), but returned to control levels later in culture
(Figure 5.1K).



FIGURE 5.1 – MSCS UNDERGO CHONDROGENESIS IN THE ABSENCE OF DEXAMETHASONE. (A)
Proteoglycan and hydroxyproline content per construct for hydrogels cultured with or without
dexamethasone. (B,F) Toluidine blue, (C,G) collagen I, (D,H) collagen II, and (E,I) collagen X
staining of hydrogels cultured (B-E) with or (F-I) without dexamethasone for six weeks, scale
bars = 100 μm. Quantitative RT-PCR for ACAN, COL1A1, and COL2A1 relative gene expression
after (J) 1 or (K) 6 weeks of culture either (white) with or (black) without dexamethasone.



5.3.2 TGF-β1 Withdrawal During Hydrogel Culture Affects Collagen Biosynthesis
In contrast to dexamethasone, TGF-β1 was required for chondrogenesis of MSCs in
hydrogel scaffolds (Figure 5.3 A-D). To study the temporal requirement for TGF-β1, the growth
factor was withdrawn from chondrogenic medium at day 7, 14, 21 or 28 (Figures 5.2). Constructs
had higher total DNA and proteoglycan content at 6 weeks when TGF-β1 was withdrawn at any
time point when compared with controls that received continuous exposure to TGF-β1 (Figure
5.2 A-B). Proteoglycan content normalized to DNA was unchanged by TGF-β1 withdrawal
(Figure 5.2B). However, hydroxyproline content, a quantification of total collagen, was
significantly decreased after TGF-β1 withdrawal at any time point when normalized to DNA
content. Given the relative increase in cell number, collagen content per construct was
comparable to control provided hydrogels received TGF-β1 for at least 21 days (Figure 5.2C).
Immunohistochemistry and quantitative real-time PCR of hydrogel constructs cultured for 6
weeks were used to analyze the individual contribution of collagens I, II and X in the neocartilage
construct following TGF-β1 withdrawal at 21 days (Figure 5.3 I-L). A clear reduction in both
collagen I (Figure 5.3 F,J) and X (Figure 5.3 H,L) deposition is evident from immunohistochemistry, but RT-PCR showed a significant decrease in gene expression of all three
collagens (Figure 5.3M).



FIGURE 5.2 – WITHDRAWAL OF TGF-β1 AFFECTS MATRIX DEPOSITION. Hydrogels were grown
in vitro for 42 days in chondrogenic medium including TGF-β1 (control) or TGF-β1 was omitted
after 7, 14, 21 or 28 days. Hydrogels were quantified for (A) DNA, (B) sulfated proteoglycans
and (C) hydroxyproline; (gray) per construct or (black) normalized for DNA content.



FIGURE 5.3 – TGF-β1 WITHDRAWAL IMPACTS COLLAGEN BIOSYNTHESIS. Toluidine blue and
collagens I, II and X immunohistochemistry of constructs cultured for 42 days either (A-D)
without TGF-β1, (E-H) with continuous TGF-β1 and dexamethasone supplementation, control, or
(I-L) TGF-β1 withdrawal at 21 days; scale bars = 100μm. (M) Quantitative RT-PCR for fold
change in gene expression of ACAN, COL1A1, COL2A1, COL10A1 in control versus TGF-β1
withdrawal at 21 days; *p<0.05 compared with control per construct, + p<0.05 compared with
control per DNA.



5.3.2 Tethered TGF-β1 is Insufficient for Maintaining Chondrogenesis
Given the requirement for TGF-β1, but not dexamethasone, in MSCs chondrogenesis we
next set out to develop a bioactive scaffold with a tethered form of recombinant human TGF-β1
that would be suitable for in vivo cartilage engineering. To accomplish this, TGF-β1 was
conjugated to a 3.4 kDa PEG monomer through a reaction between available lysine residues and
N-hydoxysuccinimide attached to the PEG precursor molecule. Additionally, the PEG monomer
contained a single reactive acrylate group capable of covalently bonding to the scaffold through
the unsaturated vinyl bonds in the PEGDA backbone. To test the basal activity of this tethered
TGF-β1 (tTGF-β1) moiety it was delivered as a soluble molecule in chondrogenic medium and
compared with recombinant non-tethered TGF-β1. Following 6 weeks of in vitro culture,
constructs receiving soluble tTGF-β1 had an approximate 30 % reduction in both proteoglycan
(70 ± 19 %, Figure 5.4B) and hydroxyproline (70 ± 7 %, Figure 5.4C) deposition. When matrix
deposition was normalized to DNA content, proteoglycans and hydroxyproline production were
only 6 % lower with soluble tTGF-β1 than with TGF-β1 due to a decreased cell content (Figure
5.4B,C). The PEGylated TGF-β1 was then immobilized within the scaffold by adding it at a
concentration of either 10 ng/ml or 100 ng/ml to the monomer reaction and then covalently
attaching it to a 10 % w/v PEGDA scaffold during photoencapsulation of the hMSCs. Tethering
TGF-β1 at either 10 ng/ml or 100 ng/ml produced no matrix deposition following 6 weeks of in
vitro culture (Figure 5.4). However, if 10 ng/ml of tTGF-β1 was first polymerized into the
scaffold and cultured in medium without TGF-β1 for 10 days, but then soluble TGF-β1 was
added for the remaining culture period, proteoglycan (69 ± 7 %, Figure 5.4B) and hydroxyproline
(72 ± 12 %, Figure 5.4C) deposition were restored once again to approximately 70 % of the
control. Histology and immunohistochemistry confirm the matrix quantification data and indicate
no change in matrix localization between TGF-β1 and soluble tTGF-β1 (Figure 5.5).



FIGURE 5.4 – PEGYLATED TGFβ IS EFFECTIVE AS A SOLUBLE MOLECULE BUT NOT WHEN
IMMOBILIZED. (A) Toluidine blue and collagen II immunohistochemistry of control and bioactive
scaffolds, scale bars = 100μm. (B) Sulfated proteoglycan and (C) hydroxyproline content per
construct (grey) or normalized to DNA content (black). *p<0.05 compared with soluble TGF-β1.



5.4 DISCUSSION
Bioactive factors play a significant role in the differentiation and matrix production of
MSCs during chondrogenesis. For MSCs to be considered as viable candidates for cartilage
engineering therapies it is necessary to understand the temporal requirement for these bioactive
factors. In this study we examined both dexamethasone and TGF-β1 given their previously
established role in chondrogenesis of hMSCs in pellet culture109.
 

  



    medium there was no significant difference in gene expression or

matrix deposition of key markers of cartilage, aggrecan and collagen II, indicating that
dexamethasone is not required for chondrogenesis within hydrogel scaffolds (Figure 5.1). This
result provides a clear contrast to the pellet culture system where chondrogenesis was not
observed in preparations lacking dexamethasone106,108,109
Dexamethasone is a synthetic glucocorticosteroid (GC) reported to promote
differentiation in a number of systems, including the chondrogenic108 and osteogenic283
differentiation of MSCs. The precise mechanism through which dexamethasone promotes
chondrogenesis is unknown, but Derfoul et al have presented data showing dexamethasone acts
indirectly through the major active form of the GC receptor, GCα, to induce cartilage matrix
genes in pellet culture284. It is presently unclear what factors replace the need for dexamethasone
in hydrogel-based culture of hMSCs. Fundamental differences clearly exist between scaffold-free
pellets and hydrogels. Pellet culture was designed to approximate the mesenchymal condensation
process and it was postulated that direct cell-cell communication was very important for
differentiation108,109. However, MSC chondrogenesis has now been established in a variety of
scaffold-based systems that significantly limit direct cell-cell contact132,173,218,285, implying that
intercellular contact is not required for chondrogenesis. The common element to both in vitro
culture systems is the spherical or rounded cellular conformation of hMSCs. This is achieved
without cell-cell connections in the hydrogels compared with pellets. That such cell-cell



connections are of secondary importance to a chondrogenic progenitor cell is long-established;
Solursh et al first noted that rounded solitary progenitor cells express cartilage matrix
molecules134, and they and others established that the induction of rounding of solitary progenitor
cells induces chondrogenesis133-135. They further demonstrated that it is not simply round cell
shape that promotes differentiation, but the disruption of mechanotransduction mechanisms286.
This occurs in hydrogel encapsulation of hMSCs since the cells do not establish substratum
connections with PEG. Thus, the rapid stabilization of the three-dimensional shape with disrupted
mechanotransduction, and the increased access to TGF-β, which can readily diffuse throughout
the hydrogel, may be important in facilitating chondrogenesis in the absence of dexamethasone in
this system.
A secondary finding from culture without dexamethasone was an apparent change in the
chondrogenic phenotype. SOX9 gene expression, a marker of early chondrogenesis, was more
highly activated after 1 week of culture without dexamethasone than in control cultures
containing dexamethasone (Figure 5.1J). We also saw decreased deposition of both collagens I
(Figure 5.1 C,G) and X (Figure 5.1 E,I) after 6 weeks of culture by immunohistochemistry.
COL1A gene expression was also decreased throughout culture, while the decrease in COL10A1
was not significant (Figure 5.1 J-K). It is well established that MSCs undergoing chondrogenesis
have a propensity to express collagens I and X94,108. The presence of these non-hyaline collagens
during in vitro differentiation has led to the notion that use of MSCs in vivo for repair of fullthickness cartilage lesions will result in the formation of a fibrocartilaginous construct287 or
endochondral ossification276,277. These are important considerations since the biomechanical
properties of articular cartilage are the product of the unique, anisotropic assembly of collagen II
and proteoglycans in the extracellular matrix6,72. Chondrogenesis in vivo is classically studied
through the process of endochondral ossification that occurs during long bone formation, and
relatively little is known about the developmental processes that produce either hyaline or



fibrocartilage12-14. These results suggest that in vitro a more hyaline chondrocyte phenotype is
promoted by the exclusion of dexamethasone.
We also examined TGF-β, which has been documented to play an important role during
both early288,289 and late phases290 of chondrogenesis by both initiating differentiation108,109,116,132
and increasing production of extracellular matrix proteins284,291. As previously determined in
pellet culture, we found that TGF-β1 was required for initiating differentiation of hMSCs in the
PEGDA-based sIPN. Constructs cultured without TGF-β1did not produce measurable quantities
of either proteoglycan or collagen (Figure 5.3).
Despite the requirement for TGF-β1 to initiate chondrogenesis, sustained exposure had a
differential effect on proteoglycan and collagen production. Proteoglycan content of the
constructs was increased after 6 weeks of culture when TGF-β1 was withdrawn from the medium
at any point after the first 7 days (Figure 5.2B). However, DNA content was also significantly
higher with TGF-β1 withdrawal, such that the proteoglycan production per cell was not
significantly different between this and the control condition (Figure 5.2 A,B). Thus, one effect
of TGF-β1 withdrawal appears to be either greater cell proliferation and/or cell survival.
Additionally, sustained TGF-β1 supplementation does not appear to be essential for proteoglycan
synthesis.
In contrast, collagen content per cell was significantly reduced by withdrawal of TGF-β1
at any time-point compared with sustained exposure, suggesting TGF-β has a more direct role in
collagen biosynthesis (Figure 5.2C). O’Driscoll and co-workers have also examined the effects of
limiting chondroprogenitor cell exposure to TGF-β1112,292. They reported that chondrogenesis of
rabbit periosteal explants cultured in agarose was similar following either 2 or 14 days of TGF-β1
treatment. However, matrix quantification was not normalized to DNA content. Since our data
indicate a higher number of cells after TGF-β1 withdrawal, this may explain the discrepancy
between the studies.



When TGF-β1 was tethered to a PEGDA scaffold to create a bioactive scaffold
encapsulated hMSCs did not produce measurable quantities of matrix proteins (Figures 5.4).
Although the reason for this is still unclear, it does not appear to be the result of lost growth factor
activity: proteoglycan deposition from constructs supplemented with PEGylated TGF-β1 in a
soluble form was 70 % of constructs that received control recombinante TGF-β1. One possible
reason for failed chondrogenesis is that immobilized TGF-β1 cannot be internalized by the
encapsulated cells and that this processing is required for downstream TGF-β1 activity. There is
some evidence that, similar to BMP signaling, TGF-β1 activity is conferred once the TGF-β1
receptors are internalized and processed to the endosome293-295. However, Mann et al
demonstrated that covalently tethered TGF-β1 not only retained the ability to stimulate matrix
production in vascular smooth muscle cells, but did so more than the soluble form of TGF-β1206.
Alternatively, extracellular proteases may be degrading the scaffold bound TGF-β1 leading to a
loss of activity. This mechanism is supported in part since rescuing a tethered TGF-β1 construct
with soluble TGF-β1 after 10 days of culture provided matrix deposition once again at close to 70
% of the control level (Figures 5.4). However, we have also shown that removing soluble TGF-β1
after two weeks of culture will decrease hydroxyproline content but lead to an increase in
proteoglycans production (Figures 5.2), which was not observed with the immobilized TGF-β1
(Figures 5.4), indicating the latter is not as active in the hydrogels.

5.5 CONCLUSIONS & FUTURE DIRECTIONS
The data shown in these studies suggest that bioactive scaffolds for cartilage engineering
can be designed to include TGF-β1 alone, and that dexamethasone is not required for hMSC
chondrogenesis or matrix elaboration within PEGDA-based hydrogels. In contrast, TGF-β1 was
required to initiate chondrogenesis and collagen biosynthesis was decreased in constructs that did
not receive TGF-β1 for at least 3 weeks. Tethering TGF-β1 to an acrylated-PEG monomer



provided up to 70 % of the activity of soluble TGF-β1, but immobilizing this moiety within the
scaffold led to no measurable accumulation of matrix molecules. Adding soluble TGF-β1 to
scaffold that contain 10 ng/ml tTGF-β1 after 10 days restored matrix deposition to 70 %
suggesting that tTGF-β1 may have some initial activity. Future experiments will be aimed at
clarifying the early activity of tTGF-β1, testing higher concentrations of tTGF-β1, and looking
for mechanisms to adjunct the tTGF-β1 activity.



CHAPTER 6:
MESENCHYMAL STEM CELLS AND ARTICULAR CHONDROCYTES
INFLUENCE EACH OTHER DURING COCULTURE IN TISSUE ENGINEERING SCAFFOLDS
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6.1 ABSTRACT
Coculture is an experimental technique designed to mimic cellular interactions during
embryonic development with the aim of stimulating tissue formation. In this study we explored
the coculture of human mesenchymal stem cells (hMSCs) and human articular chondrocytes
(hACs) in poly(ethylene glycol) diacrylate based scaffolds designed for cartilage engineering
applications. Both cell types have previously been explored for cartilage repair, but their clinical
application is limited by either the paucity of available chondrocytes from donor tissue or the
non-hyaline differentiation of MSCs. This scaffold-based coculture technique was designed to
test whether AC-MSC coculture could influence neocartilage development at a clinically relevant
scale. We found that the presence of hACs could not induce chondrogenesis of hMSCs in the
absence of TGF-β. However, coculture resulted in a significant reduction in collagen I and X
expression, producing a more hyaline neocartilage phenotype than MSC monocultured constructs.
Using FISH combined with immunohistochemistry we were able to examine the phenotype of the
individual cells in mixed gender coculture experiments. Significantly, we found that
approximately 85 % of the cells remaining in the coculture scaffold after 6 weeks of in vitro
culture were hAC-derived. The remaining hMSCs did not stain positively for collagen I or X.
DNA content of the cocultured constructs was also significantly higher than either monoculture
scaffold. Taken together with the cytogenetic characterization, these data suggest that the hMSCs
stimulated hAC proliferation. Coculture of hACs and hMSCs within our scaffold demonstrated
that these cell types are mutually influential: ACs promoted a hyaline phenotype in differentiated
MSCs, and MSCs enhanced proliferation and matrix production from ACs.

6.2 INTRODUCTION
Articular cartilage defects have a limited ability for spontaneous repair due to the
avascular nature of the tissue and subsequent lack of inflammatory response to injury2-4. Chondral
defects disrupt the normal distribution of forces across the joint during articulation6, leading to a



metabolic change in chondrocytes that can propagate cartilage loss5,8. These chondral defects are
a prominent risk factor contributing to chronic cartilage degradation in osteoarthritis. Joint
dysfunction caused by cartilage degeneration is the leading cause of disability in the United States
with 1 in 2 American’s expected to present with a symptomatic form of this disease1. Presently
there are very few therapeutic treatments capable of preventing cartilage loss once initiated by
acute damage or disease5. The standard treatment protocol is to address pain until severely
impaired mobility necessitates a total joint replacement. Given the significant clinical impact of
cartilage degeneration it is essential that more effective therapies be developed, especially those
designed to prevent or abate tissue loss at an earlier stage.
Cartilage engineering is a cell-based therapy that could be used for the early treatment of
chondral defects. The basis of tissue engineering is to utilize a three dimensional scaffold to
deliver cells and bioactive factors in a coordinated fashion to facilitate tissue growth. Cartilage
engineering aims to develop a functional tissue regenerate with the ability to restore joint
biomechanics and prevent further tissue degradation. A number of unresolved issues remain
regarding the clinical use of cartilage engineering, including the best type of cells and scaffold to
use, and how close to the native tissue the regenerate needs to be to facilitate successful repair.
The two most well studied candidate cells for cartilage engineering are articular
chondrocytes (AC) and mesenchymal stem cells (MSC). Chondrocytes are the only cell type in
cartilage and are responsible for maintaining homeostasis of the extracellular matrix, albeit in a
low-turnover state in adult tissue5. Chondrocytes were the first cell type explored for tissue
engineering applications based on the precedence for their clinical use in autologous chondrocyte
transplant87,88 (ACT) procedures. Since then, a number of disadvantages associated with the
clinical use of ACs have been discussed, including damage to cartilage donor site during the
biopsy harvesting procedure40,41, the low cell yield from the biopsy site and dedifferentiation
during in vitro expansion99-102. Additionally, in the majority of cases, the repair tissue that forms
at the transplantation site resembles a fibrous scar tissue, fibrocartilage, rather than native hyaline



cartilage95-97. The fibrocartilage repair tissue is estimated to be up to ten times weaker in
compression than hyaline cartilage68,98. Furthermore, due to their low metabolic state5,296, it is
questioned whether adult chondrocytes can produce sufficient quantities of matrix proteins to
facilitate tissue repair.
Mesenchymal stem cells (MSCs) are chondroprogenitors that offer a potential alternative
to ACs in cartilage engineering94,106,297. These cells are easily isolated from a variety of tissue
sources, including bone marrow, and can be readily expanded in vitro. However, the use of MSCs
comes with the challenge of controlling the differentiation phenotype. In the original work from
our laboratory, we designed a pellet culture system with a serum-free chondrogenic medium
containing TGF-b1 and dexamethasone that was sufficient to initiate chondrogenesis in
vitro108,109. It was established that this protocol for in vitro chondrogenesis of MSCs produces
cartilage tissue with a ‘transient’ or endochondral phenotype. This characterization is based on
the expression of markers classically associated with hypertrophic chondrocytes, leading to the
concern that endochondral ossification will be the outcome of the in vivo application of
MSCs276,277. Furthermore collagen I, characteristic of fibrocartilage, also persists in MSC-derived
neocartilage.
Coculturing of ACs and MSCs could provide an experimental method to overcome the
limitations associated with monoculture of each of these cell types. This technique has previously
been explored as a method to address the limited chondrocyte number in ACT procedures. For
example, Gan and Kandel showed that the inclusion of 20 % primary ACs could significantly
enhance the chondrogenic phenotype of passaged, cryopreserved ACs298. Similarly, Hildner et al
proposed adipose-derived MSCs could replace a percentage of ACs in matrix assisted ACT
procedures, but they saw persistence of the hypertrophic and fibrocartilaginous phenotype within
their scaffolds299. More encouragingly, Fischer et al recently suggested PTHrP secreted from
chondrocytes was a main factor contributing to inhibition of hypertrophic maturation of hMSCs
in pellet coculture300. In this study we explore the effect of coculturing human bone-marrow



derived MSCs (hMSCs) and human ACs (hACs) from non-pathological donors to test the
hypothesis that coculture will influence the amount and/or type of matrix synthesized by the cells
when photoencapsulated in poly(ethylene glycol) diacrylate (PEGDA) based scaffolds designed
for cartilage engineering applications.

6.3 RESULTS
6.3.1 Comparing chondrogenesis of human MSCs to ACs in hydrogel scaffolds
Human bone marrow derived MSCs, or healthy human ACs isolated from the femoral
condyles of cadaveric donors, were photoencapsulated separately into a PEGDA-based semiinterpenetrating network (sIPN) at a concentration of 25 x 106 cells/ml173. Toluidine blue staining
for sulfated proteoglycans and type II collagen immunohistochemistry indicated that both hMSCs
and hACs undergo chondrogenesis in these scaffolds following 6 weeks of in vitro culture in a
serum-free defined medium containing TGF-β1 and dexamethasone (Figure 6.1A,B).
However, hMSCs expressed collagens I and X, detectable at both the protein (Figure
6.1A) and gene level (Figure 6.2B). These extracellular matrix proteins are not part of the
permanent hyaline cartilage phenotype observed in articular cartilage (Figure 6.1C), nor are they
expressed by photoencapsulated hACs during hydrogel culture (Figure 6.1B, 6.2C). The robust
increase in temporal expression of collagen X and MMP-13 from MSCs (Figure 6.2A,B) has lead
to the concern that the cells will undergo endochondral ossification in vivo.



FIGURE 6.1 – IMMUNOHISTOCHEMICAL CHARACTERIZATION OF CHONDROGENESIS IN SIPN
SCAFFOLDS. (A) hMSCs or (B) hACS in PEGDA-based sIPN hydrogels designed for cartilage
engineering applications. (C) Human osteochondral sections from one of the cartilage tissue
donors was used to validate the specificity of the antibodies used. Scale bar = 100 μm.



FIGURE 6.2 – TEMPORAL UPREGULATION OF HYPERTROPHY MARKERS IN MSC BUT NOT AC
SEEDED HYDROGELS. (A) Gene expression of hACs (gray) and hMSCs (white) prior to
encapsulation, normalized to 18S expression (ΔCT). Relative mRNA expression of (B) hMSCs or
(C) hACs during 6 weeks of in vitro culture in defined chondrogenic medium, expression
normalized to gene expression prior to encapsulation (ΔΔCT).



6.3.2 Coculture of hMSCs and hACs
To examine whether hMSCs and hACs could influence each other during culture, the two
cell types were photoencapsulated together in the PEGDA-based sIPN at a 1:1 ratio, keeping the
final cell concentration constant at 25 x 106 cells/ml. This coculture experiment was designed to
test two distinct hypotheses: (1) that hACs could induce chondrogenesis of hMSCs in the absence
of chondrogenic factors TGF-β1 and dexamethasone (Figure 6.3), and (2) that coculture of hACs
and hMSCs could influence the chondrogenic phenotype of MSCs (Figure 6.4). To test whether
hACs could induce chondrogenesis of hMSCs, baseline monoculture conditions were established
for hACs in either 10 % FBS, 20 % FBS or serum-free chondrogenic medium containing TGF-β1
and dexamethasone. hMSCs monoculture was conducted only in the chondrogenic medium since
it has previously been established that differentiation will not proceed without TGF-β1 (Figure
5.3A)278,279. hACs produced significantly more extracellular matrix in medium containing TGFβ1 than in DMEM supplemented with FBS. Similarly, coculture in 20 % FBS-containing medium
resulted in very little proteoglycan or hydroxyproline deposition compared with monoculture of
either cell type in chondrogenic medium. These data indicated that hACs were not able to induce
chondrogenesis of hMSCs (Figure 6.3A,B).
Coculture of hACs and hMSCs in chondrogenic medium containing TGF-β1 and
dexamethasone tested whether this system could affect chondrogenesis by influencing the amount
and/or type of matrix produced. Significantly, immunohistochemistry revealed limited deposition
of non-hyaline markers, collagens I and X, in cocultured constructs following 6 weeks of in vitro
culture (Figure 6.4A). At a gene level COL10A1 expression was also significantly reduced from
hMSCs alone, and not significantly different than hACs (Figure 6.4B, p < 0.05). Collagen II
immunohistochemistry indicated more matrix deposition in the coculture than hACs alone, but
less than hMSCs alone (Figure 6.4A). Gene expression for COL2A1 was not statistically different



between any of the cell culture conditions despite a trend towards higher gene expression in the
hMSC and coculture constructs (Figure 6.4B).
The influence of coculture on the quantity of matrix deposition was less straightforward
due to significant variation in chondrogenesis between the 6 different hMSC donors. Matrix
deposition was more consistent between hACs donors, perhaps due to a tighter demographic
range and consistent healthy state of the donor tissue (12 – 25 years old, all male, Figure 6.5C).
Consequently within each separate coculture experiment proteoglycan deposition was normalized
to the amount of proteoglycan in the hAC-monocultured hydrogels. Proteoglycan deposition in
hAC-hMSC cocultured constructs was always at least as good as that of hACs alone, and in 50 %
of the experiments it was significantly higher (Figure 6.5A, p < 0.05).

Coculture also

corresponded with a significant increase in DNA content in 5 of the 6 experiments after 6 weeks
relative to monoculture of either hACs or hMSCs (Figure 6.5B, p < 0.05).

6.3.3 Transwell culture of hMSCs and hACs
We next wanted to examine whether the effect of coculture could be replicated by
paracrine signaling. For these experiments MSCs-monocultured hydrogels were placed in a
transwell filters located above aggregate cultured hACs (Figure 6.6A). Aggregate culture was
used to maintain the phenotypic state of in vitro cultured articular chondrocytes230 (data not
shown) and initial cell ratios were kept at 1:1 for consistency with the direct coculture model
discussed above. There was not a significant difference in proteoglycan deposition per construct
between monocultured, cocultured, or transwell cultured MSCs (Figure 6.6B). Consistent with
previous results, DNA content of cocultured gels was significantly higher than either monoculture
condition, but was not significantly different for transwell cultured MSCs (Figure 6.6C, p < 0.05).
Immunohistochemical staining for collagen X deposition was not decreased in transwell-cultured
MSC constructs to the same extent as direct coculture (Figure 6.6D). Similarly, RT-PCR
indicated a 5-fold reduction in COL10A1 expression in transwell-cultured MSCs compared to



MSC monoculture constructs, significantly less than the 586-fold reduction in gene expression
measured from direct coculture (Figure 6.6E, p <0.05).

6.3.4 hMSCs influence hACs in coculture
These observations lead us to ask what the relative contribution of each cell type was to
the phenotype observed in the direct cocultured constructs. To determine this we used FISH
staining of the X and Y chromosome to distinguish mixed gender hACs (male) from hMSCs
(female) following immunohistochemistry staining of the extracellular matrix (Figure 6.7A).
Cytogenetic characterization of the coculture samples revealed that 82 ± 4 % of the cells were
hACs, while only 12 ± 3 % of the cells could definitively be identified as hMSC-derived (Figure
6.7B). The identity of 6 ± 1 % of the cells could not be determined because only a single Xchromosome was visible in the section. Since the cells were initially mixed at 50 % hACs to 50 %
hMSCs, this indicates a 1.7-fold relative increase in hACs and an approximate 5-fold decrease in
of hMSCs. hMSC monoculture in this scaffold has previously been shown a 35 % decrease
within the first two weeks of culture (Figure 3.3). Given this dramatic reduction of MSC-derived
cells in the cocultured scaffolds, hMSCs appear to be stimulating both proteoglycan (Figure
6.5A) and collagen II deposition from the hACs (Figure 6.4A).



FIGURE 6.3 – HUMAN ACS CANNOT INDUCE DIFFERENTIATION OF HUMAN MSCS IN COCULTURE
IN THE ABSENCE OF CHONDROGENIC FACTORS. (A) Proteoglycan and (B) hydroxyproline
deposition per scaffold (gray) or normalized to DNA (black) from scaffolds cultured in vitro for 6
weeks.



FIGURE 6.4 – COCULTURE INHIBITS HYPERTROPHY IN HYDROGEL SCAFFOLDS. (A)
Immunohistochemistry for types II, I, and X collagen and (B) fold change in gene expression
for either hACs, hMSCs or a 1:1 coculture of the two cell types in chondrogenic medium.
Scale bar = 100 μm. Gene expression represents mean ± 95 % confidence, significance set at
p < 0.05.
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FIGURE 6.5 – BIOCHEMICAL ANALYSIS OF MSC-AC COCULTURED HYDROGELS. (A)
Proteoglycan and (B) DNA content in scaffolds following 6 weeks of in vitro culture. Data
represent mean ± standard deviation; * = p < 0.05 compared to hAC. (C) Table with donor
demographics for the 6 separate experiments.



FIGURE 6.6 – TRANSWELL EXPERIMENTS DO NOT REPLICATE DIRECT COCULTRUE IN
HYDROGELS. (A) Schematic diagram of coculture versus transwell experimental design (B)
Proteoglycan and (C) DNA content per construct in scaffolds following 6 weeks of in vitro
culture; data represent mean ± standard deviation; * = p < 0.05 compared to hACs. (D)
Immunohistochemistry for types II and X collagen; scale bar = 100 μm. (E) Fold change in gene
expression; data represents mean ± 95 % confidence, * = p < 0.05 from hACs and ξ = p < 0.05
from hMSCs.



FIGURE 6.7 – COCULTURE PHENOTYPE IS CONTRIBUTED LARGELY BY ACS. Red-fluorescent IHC
for (A) collagen II and collagen X with FISH counterstaining for male (orange+green) or female
cells (2 x green). (B) Quantification of cell types by gender in cocultured hydrogels following 6
weeks of in vitro culture: 200 cells were counted from three different coculture experiments, data
represent mean ± standard deviation.



6.4 DISCUSSION
Coculture is an experimental technique employed for tissue engineering applications as a
mechanism to either facilitate formation of complex tissues by supplying multiple cell types301,302,
or to enhance tissue formation. In this study we explored the direct coculture of human ACs and
MSCs in hydrogel scaffolds to test the hypothesis that inclusion of both cell types could influence
chondrogenesis and neocartilage formation at a clinically relevant scale. We found that a hyaline
cartilage phenotype was promoted in coculture samples due to a synergistic relationship between
ACs and MSCs.
The first question we addressed using our coculture system was whether hACs could
induce in vitro chondrogenesis of hMSCs in the absence of chondrogenic factors TGF-β1 and
dexamethasone (Figure 6.3). There is evidence for the capacity of ACs to induce differentiation:
osteogenesis of monolayer plated rat MSCs was stimulated through coculture with bovine ACs
without sodium-β-glycerolphosphate and dexamethasone supplementation303,304. However, the
ACs could not sustain an osteogenic phenotype in the MSCs past 14 days of culture303.
Chondrogenesis of MSCs requires a three-dimensional rather than monolayer culture
system109,116. Consequently, to test the ability of hACs to induce chondrogenesis we utilized a
PEGDA-based sIPN scaffold that we previously described as promoting neocartilage
formation278. In contrast to AC-induced osteogenesis, we saw very limited chondrogenic matrix
deposition in cocultured scaffolds in the absence of TGF-β1. Induction of MSC chondrogenesis
may be possible with a higher concentration of ACs305, as we only tested a 1:1 ratio with 1 x 106
of each cell type within the scaffold. However, we found that ACs themselves produced low
quantities of proteoglycans and hydroxyproline without TGF-β1 (Figure 6.3); this finding is
consistent with hAC chondrogenesis in pellet culture300.
We next examined whether coculture could influence the type or amount of cartilage
matrix produced. Both immunohistochemistry and gene expression analysis indicated that ACs
inhibited expression of fibrocartilage (collagen I) and hypertrophic cartilage (collagen X and



MMP-13) markers by encapsulated hMSC (Figures 6.4). The influence of ACs on chondrocyte
maturation was first documented by Jikko et al in coculture experiments with growth plate
chondrocytes and ACs306. ACs inhibited the terminal differentiation of growth plate chondrocytes
either in direct coculture models or in transwell experiments with ACs grown on a collagen II
substratum below growth plate chondrocytes cultured on a filter membrane. This inhibition could
not be replicated with chondrocyte conditioned medium (CCM). Fischer et al also recently
reported on the capacity for ACs to inhibit hypertrophy of MSCs in pellet culture300. In contrast to
the work from Jikko et al, they found that the reduction in collagen X expression and alkaline
phosphotase (ALP) activity was conserved with CCM. The methods for making CCM may
contribute to the discrepancy between these results: Jikko et al used CCM from monolayer
cultured ACs, whereas Fischer et al used CCM from AC pellet aggregates cultured in TGF-β
containing chondrogenic medium. It is well known that ACs phenotypically de-differentiate when
cultured in monolayer and therefore would release an altered set of morphogenetic factors and
extracellular matrix molecules99-102.

By analyzing their CCM Fischer et al concluded that PTHrP was the chondrocytederived molecule responsible for the main inhibitory effect on MSCs hypertrophy and
could be reproduced with PTHrP supplementation300. Both PTHrP10,11 (Figure 1.3) and TGFβ307 have been shown to inhibit hypertrophic maturation in the growth plate during endochondral
ossification. TGF-β can also stimulate PTHrP production from chondrocytes308, potentially
enhancing suppression of chondrocyte maturation. Since the CCM produced by Fischer et al was
collected from pellet cultures supplemented with TGF-β, it is not clear how the addition of TGFβ affected PTHrP levels from ACs or the inhibition of hMSC hypertrophy from CCM.
Furthermore, data published from the same laboratory309, and unpublished data from our
laboratory (Supplemental Figure S6.1) indicate that PTHrP added to the medium also reduces
collagen II and proteoglycan production. Taken together these data suggest that AC-secreted



PTHrP alone is not responsible for the change in the coculture phenotype since we observe a
concomitant reduction in hypertrophy and increase in matrix deposition.
Despite discrepancy in the molecular source of hMSC phenotypic modulation during
coculture, both our data (Figure 6.6) and others300,303,304,306 supports that the AC effects on MSCs
are at least partially due to soluble factors. However, it should be emphasized that the soluble
milieu of cocultured cells is complex and temporally influenced by the presence of both cells
type. For example, ACs are known to produce TGF-β in several of isoforms, but the majority is
secreted in the latent-form and associated with latent TGF-β binding proteins310,311. Amongst
other proteases, MMP-2, -9, and -13 can coordinate the activation of latent-form TGF-β in
cartilage57. MMP-2 is expressed at relatively high and constant levels by hMSCs during
chondrogenesis in hydrogel scaffolds (Figure 4.1A,B). Thus, MSC mediated activation of ACderived TGF-β via MMP-2 could cause ACs to stimulate PTHrP308 production and MSCs to
increase collagen biosynthesis (Figure 5.2 & 5.3). Such coordination of signaling pathways relies
on the influence of cells on each other and is typical during development (Figure 1.3); these
complex paracrine interactions will likely not be simply simulated with conditioned medium.
In addition to the influence hACs had in promoting a hyaline phenotype from coculture
differentiated hMSCs within our hydrogel scaffolds, the hMSCs themselves proved to have a
significant effect on hACs (Figures 6.5 & 6.7). We found a significant increase in cell number
within the cocultured-constructs compared to either monoculture system systems (Figure 6.5B).
Cytogenetic analysis of cocultured constructs with mixed gender cell types strongly suggests this
increase in DNA content is the result of MSC-stimulated AC proliferation. Matrix production
may also be stimulated in ACs by MSCs as since we observed a 50 % incidence of increased
proteoglycan deposition from cocultured constructs compared to hAC-monoculture (Figure 6.5A)
and evidence of enhanced collagen II deposition by immunohistochemistry (Figure 6.4A).



This study did not directly investigate a mechanism for hMSCs induced proliferation of
hACs, but two distinct, non-exclusive concepts have previously been proposed: secretion of
bioactive factors122,147,312 and mitochondrial transfer from MSCs313,314. The ability of MSCs to
contribute to tissue regeneration through the secretion of bioactive factors was amongst their first
appreciated functions, but more recently has been overshadowed by their ability to differentiate
into a variety of different tissue types116,122,153. MSCs were first identified as a subpopulation of
stromal cells that are capable of supporting viability and differentiation of hematopoietic stem
cells in the bone marrow cavity315,316. Subsequent studies have identified a number of stimulatory
cytokines secreted from MSCs including stem cell factor, TGF-β, IGF, and EGF147,312. The
bioactive factors from MSCs has been suggested to contribute to the increased viability and/or
proliferation of nucleus pulposus312, cardiac317 and neuronal148,149 cells in tissue repair models.
An alternative mechanism describing the ability of MSCs to induce proliferation is
through transfer of mitochondria to donor cells in coculture systems. Mitochondria are essential
organelles that contribute to a variety of cellular processes including oxidative phosphorylation
and aerobic metabolism. When MSCs were cocultured with dermal fibroblast cells containing
mutated mitochondrial DNA that caused growth inhibition, the proliferative capacity of the
fibroblasts was restored through the transfer of mitochondria from MSCs313. It is possible that the
transfer of mitochondria to ACs could contribute to the increased proliferation. Mature ACs
maintain a low metabolic state due in part to the hypoxic, avascular condition of the tissue5.
It is possible that some or all of the benefit observed during coculture is relayed through
paracrine signaling, and is therefore replaceable by soluble factors. Data from both our transwell
experiment (Figure 6.6) and others303,304,306 supports that the AC effects on MSCs are at least
partially due to soluble factors. However the soluble milieu of cocultured cells is complex and
temporally influenced by the presence of both cells type. For example, ACs are known to produce
TGF-β in several of isoforms, but the majority is secreted in the latent-form and associated with
latent TGF-β binding proteins310,311. Amongst other proteases, MMP-2, -9, and -13 can coordinate



the activation of latent-form TGF-β in cartilage57. In previous work we showed MMP-2 to be
expressed at relatively high and constant levels by hMSCs during chondrogenesis in hydrogel
scaffolds (Figure 4.1A,B). Thus, MSC mediated activation of AC-derived TGF-β via MMP-2
could cause ACs to stimulate PTHrP308 production and MSCs to increase collagen biosynthesis
(Figure 5.2 & 5.3). Such coordination of signaling pathways relies on the influence of cells on
each other and is typical during development (Figure 1.3); these complex paracrine interactions
will likely not be simply simulated with conditioned medium.
In conclusion, our hydrogel coculture system demonstrated that MSCs and ACs worked
synergistically to effect neocartilage formation in scaffolds. ACs inhibited the hypertrophic
maturation of MSCs, while MSCs promoted AC proliferation and possibly matrix production.
From a tissue engineering perspective, coculture within a three-dimensional scaffold may provide
regulated presentation of chondrogenic factors that could replace the need for bioactive scaffolds.



Supplemental Data: PTHrP Inhibits Chondrogenesis
Soluble PTHrP added to PEGDA-based sIPN hydrogel constructs beginning at either 1 or
3 weeks was not sufficient to significantly inhibit collagen X deposition from MSCs following 6
weeks of chondrogenesis at a concentration of 10 nm (Figure S6.1A-C). Increasing PTHrP
concentration to 10 μm did result in a decreased gene expression of collagen X (Figure S6.1E,
black bar), but lead to a significant decrease in proteoglycan deposition (Figure S6.1D) and
collagen II gene expression (Figure S6.1E, grey bar).

SUPPLEMENTAL FIGURE S6.1 - PTHRP INHIBITS CHONDROGENESIS. (A-C) Collagen X
immunohistochemistry of MSC containing hydrogels cultured for 6 weeks in complete
chondrogenic medium containing either (A) no PTHrP, or 10 nm PTHrP added at either (B) 1
week or (C) 3 weeks. (D) Proteoglycan normalized to DNA content in hydrogels cultured for 6
weeks. (E) Gene expression for control constructs or those receiving continuous
supplementation with 10 μm PTHrP at 6 weeks.



CHAPTER 7:
CONCLUSIONS & FUTURE DIRECTIONS
______________________________________________________________________________

The thesis work detailed in chapters three through six represents novel scaffold and cell
based techniques aimed at improving cartilage engineering. These were all tested independently
and therefore the conclusions and future directions will be outlined in the same manner with
respect to individual projects. The advantage of keeping these projects independent is that it
allows them to proceed efficiently in parallel and isolate the variable being changed. However,
ultimately the goal would be to develop a scaffold-based therapy suitable for clinical application
and the “best” scaffold will require integration of these individual aspects.

7.1 BIORESPONSIVE HYDROGELS
The primary objective of the bioresponsive hydrogel project was to develop a scaffold
with degradation kinetics that corresponded to chondrogenesis and matrix elaboration from MSCs
(Figure 1.6). This aim was based on the hypothesis that the non-degradable scaffold interferes
with extracellular matrix assembly and results in a mechanically inferior neocartilage construct.
The shortcoming of degradable scaffolds tested to date for cartilage engineering applications is
that degradation is not inherently tied to cellular activity. My project proposed to first identify an
endogenous enzyme with the appropriate temporal activity, then to design and characterize a cellmediated bioresponsive scaffold as a novel platform for cartilage engineering.
By characterizing the temporal expression of metalloproteinase enzymes known to be
involved in cartilage development I identified MMP-7 as an endogenous enzyme with a pattern
that correlated to collagen II and aggrecan expression from MSCs photoencapsulated in PEGDA
based hydrogel scaffolds (Thesis Chapter Four). Based on these data two MMP-7 substrates were
identified from the literature,    and VPLS-LTMG229, and covalently embedded into a
PEGDA backbone to create a MMP-7 sensitive scaffold (Figure 2.1). As a control, the second



sequence (VPLSLTMG) was scrambled to MLLVTPSG, which is not known to be degradable by
any metalloproteinase and we show was not cleaved by MMP-1, -2, -7, -13200.
During the initial testing with these bioresponsive scaffolds I discovered they would not
photopolymerize using the UV light initiation technique standard in the laboratory173.
Polymerization was achieved only by increasing the concentration of the photoinitiator I2959
from 0.06 % to 0.3 %, which is well above the 0.1 % cytocompatible limit for photoencapsulation
of cells231,251. These results led to the hypothesis that the aromatic tryptophan residue included in
the scaffold to monitor degradation was competing with the I2959 photoinitiator whose peak
absorbance is 285 nm. Consequently, prior to testing the MMP-7 scaffold for in vitro
chondrogenesis it was necessary to find and validate an alternative photoinitiator system
cytocompatible with human MSCs. Chapter three of this thesis describes the optimization of an
visible light photoinitiator system composed of eosin Y, TEA and NVP.
In vitro testing of the two MMP-7 sensitive scaffolds with photoencapsulated human
MSCs demonstrated improved intercellular distribution of the type II collagen matrix and
increased the dynamic modulus in neocartilage constructs. Chapter four provides proof-ofconcept data for this scaffold and forms the foundation for further optimization of a bioresponsive
scaffold tuned to chondrogenesis. A number of possible opportunities for continued research on
the MMP-7 bioresponsive scaffolds are discussed below.

7.1.1 Optimize Scaffold Degradation
The degradation rate for the MMP-7 sensitive scaffolds was experimentally quantified
through tryptophan release from cell-free scaffolds exposed to recombinant MMP-7 (Figures 2.1,
4.2). Although these data demonstrated that the bioresponsive scaffolds were cleavable in a dose
dependent manner, and provided a relative comparison of degradation kinetics between the two
different MMP-7 substrates, the in vitro degradation rate by the photoencapsulated MSCs was not
experimentally determined. Tryptophan release cannot be used to quantify degradation in the



same manner when cells are included in the scaffold because proteins synthesized by the cells
will interfere with absorbance readings. To indirectly demonstrate cell-driven degradation I
attempted to quantify MMP-7 activity in the scaffold. MMP-7 expression was semi-quantitatively
assessed using RT-PCR and immunohistochemistry (Figure 4.1), but neither of these
experimental techniques is capable of distinguishing the pro versus active form of the enzyme. To
specifically look for MMP-7 activity I performed casein zymography on medium and
homogenized hydrogel samples. The pro-form of MMP-7 could be detected in both, but not the
active-form (Figure 7.1). The short half-life of active MMP-7 due to tight cellular regulation of
MMPs may contribute to the inability to detect this enzyme in an active form. Neither
concentrating the protein through columns nor running the zymogram for longer was sufficient to
increase detection sensitivity for the active MMP7. Presently, antibodies specific to active MMP7 do not exist. However, considering the emerging role of MMP-7 in cancer it is likely that these
may tools be developed in the near future and could be used to detect the active enzyme
histologically or by Western blot.
Presently, techniques to directly evaluate scaffold degradation kinetics by encapsulated
cells are very limited. Laboratories have previously presented confocal images of cell
morphology claiming that a spread out, rather than rounded, morphology is indicative of scaffold
degradation318. Immunohistochemical detection of the scaffold backbone itself, or of the cleaved
peptide, are additional techniques that could provide indirect evidence of scaffold degradation.
For example biotin could be incorporated into the PEGDA monomer and its presence detected by
immunohistochemistry with an anti-biotin antibody. This technique would not distinguish
between cleaved and intact polymer backbones, but could serve as a qualitative indicator of
scaffold presence. To more specifically determine whether the peptide in the scaffold was being
cleaved, neoepitope antibodies could be developed to the free ends of the broken PLE-LRA or
VPLS-LTMG peptides to demonstrate that cells were degrading the embedded MMP-7
substrates. Alternatively, it is possible to adapt fluorescence resonance energy transfer (FRET)-



based systems such that the fluorescence between the two probes is quenched when the peptide
substrate is whole, but active following cell-mediated cleavage. This technique was published by
Lee et al from the West laboratory and could be developed for our system provided significant
chemical modifications are made to our monomer chemistry. Developing an effective technique
for characterizing cell-mediated degradation rate of scaffolds is one possible future direction of
this work.
Regardless of the ability to directly quantify scaffold degradation by the cells,
interterritorial expansion of the collagen matrix exclusively within the MMP-7 sensitive scaffolds
is indirect evidence that these scaffolds are degrading (Figure 4.3). Additional modifications to
the scaffold chemistry could be made to optimize the rate of degradation and/or initial strength of
the scaffold. The initial modulus of the scaffold can easily be increased by changing the weight
percentage of macromer in the polymerization reaction or the length of the PEGDA monomer.
The concern with most modification that increase modulus through a decrease in pore size is that
our models suggest this will lead to decreased matrix elaboration and increased pericellular
localization of extracellular matrix proteins173 (Figure A.2). Consequently in scaffolds with
increased crosslinking density it could be advantageous to incorporate faster or earlier degrading
sequences within the polymer backbone. For example MMP-2 is relatively highly expressed
throughout chondrogenesis within PEGDA-based scaffolds (Figure 4.1) and therefore should
produce early degradation. Co-polymerizing MMP-2 monomer with the MMP-7 monomer would
generate bi-modal degradation of the scaffold. The ratio of the MMP-7 to MMP-2 could be
tailored for desired outcomes.
Building a scaffold made completely from a MMP-2 sensitive macromer could also serve
as a rigorous test of our MMP-7 bioresponsive hydrogel. The hypothesis would be that MMP-2
specific scaffolds would degrade too early causing loss of cells and extracellular matrix which
would compromise the structural integrity of the developing neocartilage constructs. I attempted
a conceptually similar experiment by building a scaffold from a LGPA peptide-containing



macromer provided by the West laboratory: the LGPA sequence is supposedly cleaved by a
variety of collagenases. In comparison to the non-degradable sIPN and sc-PEGDA scaffolds,
LGPA scaffolds did not produce a change in the distribution of collagen II matrix or
accumulation of extracellular matrix proteins (Figure 7.2). The problem associated with these
data is that the degradation behavior of this peptide sequence has not been well characterized.
There is no published data concerning which enzymes cleave this substrate in the MEROPS
database200 and because the LGPA peptide available did not have a tryptophan amino acid
included in the linker domain (Figure 2.1) we could not verify degradation properties as done
with the other peptide substrates (Figure 4.2). Furthermore, because the LGPA peptide was
synthesized by the West laboratory based on the ‘general’ collagenase activity of this sequence, it
may not be kinetically optimal. I have recently built a MMP-2 specific bioresponsive scaffold
using the kinetically optimal sequence IPVS-LRSG229. This MMP-2 sensitive scaffold was
designed with a tryptophan residue in the same fashion that the MMP-7 scaffolds were developed
but have not yet been tested. The next steps with this scaffold will be to characterize degradation
characteristics in a cell-free system as done previously (Figure 4.2). Both the dose dependent
behavior with 2, 6 and 20 nM recombinant human MMP-2 and sequence specificity with 2 nM
MMP-1, -2, -7, -13 should be established. Subsequently, in vitro chondrogenesis with the MMP-2
sensitive scaffold should be compared to MMP-7 sensitive and sc-PEGDA scaffolds with hMSCs
encapsulated at a concentration of 20 x 106 and 40 x 106 cells/ml. Cell numbers permitting 10 %
PEGDA and/or sIPN can be included as additional non-degradable controls.



FIGURE 7.1 – CASEIN ZYMOGRAPHY FOR MMP-7 ACTIVITY IN
HYDROGELS. Weekly medium aspirates collected from hydrogels with
photoencapsulated hMSCs shows temporal accumulation of the pro-form of
MMP-7, but does not detect the active-form. Samples were compared to
recombinant human MMP-7 run on the same gel (left).



FIGURE 7.2 – CHARACTERIZATION OF ‘COLLAGENASE’ SENSITIVE LGPA-PEGDA
BIORESPONSIVE SCAFFOLD. (A) Toluidine blue and collagen II staining comparing LGPAPEGDA to non-degradable sIPN and sc-PEGDA scaffolds, scale bar = 100 μm. (B)
Proteoglycan content per construct (grey) or per cell (black). (C) Hydroxyproline content per
construct (grey) or per cell (black).



Another possible route for optimizing scaffold degradation for a bioresponsive scaffold
tuned specifically to chondrogenesis would be to improve MMP-7 substrate specificity. The PLELRA228 and VPLS-LTMG229 substrates tested show some susceptibility to cleavage by other
MMPs: PLELRA more so than VPLSLTMG (Figure 4.2). Fukui et al has identified ...ICPTD—
LATAS… as an in vivo MMP-7 cleavage site in the second exon of collagen IIA that is not
sensitive to cleavage by other MMPs265. To explore the possibility that this sequence would offer
improved specificity, a peptide containing PTDLAT was synthesized with the GGWGG- and –
GGK linker domains and conjugation to the PEGDA backbone, as described previously. No
tryptophan release was observed from the polymer following treatment with 2 nM of MMP-7,
which was sufficient for degradation of both PLE-LRA and VPLS-LTMG containing scaffolds
(Figure 7.3). This specific 6 amino acid sequence (PDTLAT) has not previously been
demonstrated as an effective sequence in vitro. Lack of activity could be because not enough of
the peptide sequence was included for enzyme recognition or because a secondary structure is
required. Continued optimization of this sequence is an additional opportunity for future
experiments, but is perhaps not necessary given the relative success of the PLE- and VPLSPEGDA scaffolds.

7.1.2 Explore Scaffold Utility using other Chondrogenic Cell Types
MMP-7 was identified as an enzyme that correlated to chondrogenesis of human MSCs
in PEGDA-based hydrogels. Given its temporal association with collagen II and aggrecan we
wondered if this relationship existed with other chondrogenic cell types such as articular
chondrocytes and/or ESCs. The hypothesis was that MMP-7 activity corresponds to matrix
production in multiple chondrogenic cell types, and that this scaffold will be universally
applicable for cartilage engineering applications with different cell types because degradation will
remain concomitant with cartilage matrix elaboration. Importantly, the MMP-7 degradable
PEGDA also allows us to directly compare neocartilage production from different chondrogenic



cell types within a single scaffold. Studies directly comparing different chondrogenic cell types
are limited and only compare either MSCs to ESCs319 or articular chondrocytes174,285,320-322.
Articular chondrocytes were evaluated for MMP-7 expression in the same manner described
previously for MSCs (Figure 4.1A). Chondrocytes were harvested from the femoral condyles of
non-pathological human donors and encapsulated into the PEGDA-based sIPN immediately after
harvest. Quantitative real time RT-PCR confirmed that MMP-7 increased during in vitro culture
in defined chondrogenic medium containing both TGF-β1 and dexamethasone (Figure 7.4A).
However, freshly isolated articular chondrocytes have a 100-fold relative increase in gene
expression of MMP-7 compared to MSCs at the time of encapsulation (data not shown),
indicating that scaffold degradation could initiate earlier with chondrocytes than MSCs. This low
basal expression of MMP-7 from articular chondrocytes would be expected since they are
isolated from mature cells presently making collagen II and aggrecan. Immunohistochemistry
also revealed MMP-7 positive staining in the hydrogel matrix (Figure 7.4B).
Similarly in a collaborative project with Dr. Shoukhrat Mitalipov (Oregon National
Primate Research Center, OHSU Portland OR) we looked for MMP-7 expression from embryoid
body (EB) aggregates of rhesus SCNT-ESCs lines grown in chondrogenic medium containing 0.3
ng/ml TGF-β1 and 500 ng/ml BMP for 37 days. EB aggregates stained positively for alcian blue,
indicating that chondrogenic differentiation may have occurred (data not shown). Furthermore
RT-PCR demonstrates a hyaline chondrogenic phenotype with an increase in collagen II and
aggrecan expression, a decrease in collagen I expression, and no detection of type X collagen
(Figure 7.5B). MMP-7 expression was increased with differentiation (Figure 7.5B), consistent
with the data from human MSCs (Figure 4.1) and articular chondrocytes (Figure 7.4A).
Based on these data we encapsulated EBs into the PLE-M7 PEGDA hydrogel and
cultured them for 6 weeks in defined chondrogenic medium containing 10 ng/ml TGF-β1 and 10-7
M dexamethasone (Figure 7.5C-F). Toluidine blue staining of paraffin embedded hydrogel
sections indicated production of a proteoglycan-rich matrix (Figure 7.5C) and immunostaining



showed type II collagen was abundant throughout the EBs (Figure 7.5D). However, unlike
neocartilage matrix derived from MSCs, type X collagen was not detected in the EBs (Figure
7.5E).
While this provides good preliminary data that chondrogenesis is possible with rhesus
ESCs encapsulated in hydrogels, the format for this experiment was not ideal because the cells
were not distributed throughout the hydrogel and matrix formation was restricted to the EBs
despite the use of a degradable scaffold. It is not entirely clear why the extracellular matrix did
not expand beyond the EBs, however the current understanding is that the superficial layer of
cells in the EB form a protective barrier that could be inhibiting expansion of the matrix into the
hydrogel network. Consequently, it would be desirable to encapsulate ESCs from a single cell
suspension into the hydrogel in the same manner that is currently done for MSCs. This proposal
comes with significant technical barriers including how to grow sufficient numbers of viable
ESCs without the use of EBs or feeder layers. A few mechanisms have now been proposed for
differentiating ESCs to MSC-like populations155,166,257,323 that are more readily expandable in
monolayer culture and could provide a cell population amendable to chondrogenesis within
hydrogel scaffolds. The method published by the Elisseeff laboratory in which single outgrowth
ESCs are obtained from EBs grown on gelatin coated plates and then subsequently collected and
expanded in monolayer on tissue culture plates chondrocyte conditioned medium could be
reasonable technique to try in future directions154,166.
The advantage of working with rhesus cells from the Oregon Primate Center is that they
provide a platform for testing of all three chondrogenic cell types (ACs, MSCs, ESCs) from a
single species that could subsequently be developed into an orthopaedically relevant in vivo
animal model of chondral defects. The scope of this would be a 5 to 10 year, multi-institutional
(OHSU, Rice, ONPRC), multi-departmental (Orthopaedic, Bioengineering, Stem Cell Center)
collaborative project, but this aim is uniquely positioned to help translate this technology into an
appropriate pre-clinical setting.



FIGURE 7.3 – DEGRADATION KINETICS FOR PDTLAT-PEGDA.
Bioresponsive PEGDA containing the sequence PDTLAT identified
from the in vivo sequence     
 
 
      



FIGURE 7.4 – MMP-7 EXPRESSION FROM ARTICULAR CHONDROCYTE
PHOTOENCAPSULATED IN PEGDA-BASED SIPN HYDROGELS. (A) Change in gene
expression of articular chondrocytes over six weeks (B) MMP-7
immunohistochemistry, scale bar = 100 μm.



FIGURE 7.5 – ESCS ARE ALSO CANDIDATES FOR MMP-7 BIORESPONSIVE SCAFFOLD. Change
in (A) chondrogenic or (B) MMP gene expression in embryoid bodies during 42 days of in
vitro culture. Embryoid bodies photoencapsulated in the PLE-M7 PEGDA stain positively for
(C) proteoglycans and (D) type II, but indicate no immunohistochemical staining for (E) type
X collagen. (F) IgG control.



7.2 BIOACTIVE SCAFFOLDS
In order to design a bioactive scaffold appropriate for in vivo cartilage engineering, the
temporal requirement for TGF-β1 and dexamethasone within a PEGDA-based hydrogel scaffold
needed to be determined (Thesis Chapter 5). Testing in vitro indicated that a minimum of three
weeks of exposure to TGF-β1 is required for chondrogenesis and matrix elaboration from MSCs
(Figure 5.2-5.3), but that dexamethasone is dispensable in the hydrogel culture systems (Figure
5.1). Together these data suggest that a bioactive scaffold effective for in vivo implantation might
only need a mechanism of sustained TGF-β1 delivery for three weeks. I proposed to develop a
bioactive scaffold in which TGF-β1 was covalently attached to the backbone during
photopolymerization. Tethering TGF-β (tTGF-β) to a PEGDA scaffold has previously been
shown to stimulate in vitro matrix production from vascular smooth muscle cells more effectively
than soluble TGF-β206. This technique differs from other delivery systems in which growth
factors are delivered through degradable microspheres203-205.
Attempts to generate a TGFβ1-bioactive scaffold capable of facilitating cartilage matrix
deposition have thus far been unsuccessful (Figure 5.4), but data from these preliminary
experiments has provided direction for future work. Importantly, I have shown that the
PEGylated TGF-β1 delivered as a soluble moiety can stimulate chondrogenesis with
approximately 70 % of the efficiency of non-PEGylated TGF-β1. This indicates that the chemical
processing of the recombinant protein did not rendered it inactive. Furthermore, the immobilized
tTGF-β1 does appear to have some initial activity. This is based on an observed color change in
the medium during the first 10 days of culture, and the partial rescue of matrix deposition when
soluble TGF-β1 was provided in the medium of scaffolds containing a 10 ng/ml tTGF-β1
following 10 days without TGF-β1.
To continue the development of a TGFβ1-bioactive scaffold the first step should be to
determine if the PEGylated TGF-β1 is effectively tethering to the scaffold during polymerization



and if so how long it remains active. The polymerization reaction with visible light and the eosin
y photoinitiator system is very efficient (Thesis Chapter 3), however, it is a formal possibility that
the PEGylated TGF-β1 is not covalently bonding to the scaffold but rather aggregating with
itself. A number of experiments could be performed to indirectly assess polymerization
efficiency. One technique would be to quantify TGF-β1 in the scaffold and the solution following
polymerization into a cell-free, non-degradable scaffold such as 10 % PEGDA. After equilibrium
swelling is reached (> 48 hours) untethered PEGylated TGF-β1 will be released from the scaffold
due to its small size relative to the pores of the hydrogel. A simple Bradford protein assay could
be used to spectrophotometrically quantify TGF-β1 in solution relative to the scaffold following
dissolution of the hydrogel in 0.1 N sodium hydroxide (see Chapter 2: Material & Methods).
Alternatively, with the appropriate spectrophotometer, absorbance reading of the intact scaffolds
with or without tTGF-β1 could be completed. If this were done following equilibrium swelling it
would be reasonable to assume that relative increase in absorbance at 285 nm over the control
PEGDA scaffold was due to tTGF-β1. It might also be possible to use immunohistochemistry on
paraffin embedded TGFβ1-bioactive scaffolds with an anti-human TGF-β1 antibody to detect
attachment.
If the techniques suggested above demonstrate that TGF-β1 is being effectively tethered
to the scaffold then future experiments should focus on optimizing activity. One possible
explanation for the limited, or short-lived, tTGF-β1 activity is that extracellular proteases could
be degrading the enzyme. Characterizing degradation of the tTGF-β1 when cells are also
embedded in the scaffold using spectrophotometry would be confounded by protein synthesis
during chondrogenesis, but temporal immunohistochemistry may be an option for this evaluation.
Experimental approaches focused on augmenting tTGF-β1 activity may be a more direct
approach.



The first, most straightforward option is to do a more complete titration of tTGF-β1
concentration. Based on the data from Mann et al, tTGF-β1 was more effective than soluble
TGF-β1206 at stimulating matrix production, and they found 1 ng/ml tTGF-β1 was sufficient to
generate the desired biological response. However, this relationship may not hold in our system
where MSCs have a high demand for TGF-β1 during both chondrogenesis and collagen
biosynthesis (Figure 5.2). There was some histological evidence of pericellular toluidine blue
staining in scaffolds containing 100 ng/ml tTGF-β1 suggesting that perhaps higher concentrations
of growth factor could be beneficial (Figure 5.4A), but an increase in concentration needs to be
balanced against potential negative side effect such as the risk of apoptosis. Experiments are
currently being conducted with tTGF-β1 at concentrations from 1 – 1000 ng/ml within the 10 %
PEGDA scaffold.
Additionally, unpublished data from the West laboratory suggests that tTGF-β1
hydrogels also need the integrin binding ligand RGD to be included in the scaffold to affect a
cellular response. However, data in the literature has shown that 2 – 10 mM tethered RGD
(tRGD) will inhibit chondrogenesis from MSCs218,250 unless it is removed from the scaffold
following an initial role in promoting MSC survival202,220. I am currently testing bioactive
scaffolds containing 10ng/ml tTGF-β1 and 1.4 μM tRGD. The latter was the lowest concentration
of tRGD documented in the West laboratory as effective in synergistically activating tTGF-β1.
Additional concentrations of tRGD/tTGF-β1 should be tested.
If neither higher concentrations of TGF-β1 nor inclusion of the RGD-ligand prove to be
effective then more significant design changes may be necessary (Figure 7.6). One option would
be to generate TGF-β1 nanoparticles with a micelle configuration (Figure 7.6B). This design
could be achieved by simply polymerizing the PEGylated TGF-β1 alone in a solution containing
the visible light photoinitiators described in Chapter 3. Models predict that an average of 15
covalent acrylate bonds will form at nucleation sites during polymerization. Additionally the



hydrophobicity of the acrylate groups will drive aggregation in the water-soluble polymerization
reaction to theoretically produce micelle like nanoparticles. These TGFβ1-micelles could
subsequently be non-covalently incorporated into the scaffold. This is a novel technique that to
my knowledge, has not yet been explored and will therefore require significant characterization to
develop an appropriate protocol.
Another possible design modification would be to build bioresponsive tTGF-β1 moieties
(Figure 7.6C). This design would incorporate MMP substrates into the acroylPEG-linker that
covalently attaches the recombinant TGF-β1 to the PEGDA backbone. In addition to providing a
releasable TGF-β1 molecule, this design would also inherently lengthen the PEG-linking domain,
which in itself may facilitate tTGF-β1 activity through improved accessibility. This design also
affords a sophisticated way to control temporal delivery of TGF-β1 and test the hypothesis that
TGF-β receptor internalization is critical to activity293-295. By utilizing the MMP characterization
completed earlier (Figure 4.1A,B) we can choose peptide substrates that will produce ‘fast’,
‘medium’ and ‘slow’ TGF-β1 rates release. For example MMP-2 since expressed by both by the
MSC and throughout chondrogenesis at relatively high and constant levels, the MMP-2 specific
IPVS-LRSG229 substrate could provide ‘fast’ release. MMP-7 would be an ideal candidate for
‘medium’ kinetic release because its expression is concomitant with chondrogenesis and therefore
would be released as the cellular demand for TGF-β1 associated with collagen biosynthesis
occurred. MMP-1 is expressed at relatively low levels by the MSC and is downregulated in weeks
1-4 of chondrogenesis; this expression pattern could provide ‘slow’ release of TGF-β1.



FIGURE 7.6 – SCHEMATIC OF TGF-β1 BIOACTIVE SCAFFOLD DESIGN POSSIBILITIES. (A)
PEGylated TGFβ1 immobilized to the scaffold during photopolymerization. (B) TGFβ1 micelle
nanoparticles, non-covalently entrapped into scaffold. (C) TGFβ1 immobilized into scaffold on
cell-mediated proteolytically sensitive PEG tethers, kinetically optimized for with appropriate
release kinetics.



7.3 COCULTURE
A coculture system containing both hACs and hMSCs within PEGDA-based scaffolds
was established to test whether these cells could influence each other on a scale that could affect
repair of articular cartilage defects. This is important because both cell types have clinical
limitations associated with their use. Chondrocytes are most often obtained from autologous
donor tissue in very low numbers that need to be expanded in vitro to obtain a sufficient quantity
of cells for transplant. However, it is well established that chondrocytes cultured in monolayer
will lead to a phenotypic de-differentiation of ACs99-102, which has been implicated in the
formation of fibrocartilage tissue at the repair site. Furthermore, damage to the donor cartilage at
the harvest site presents an increased risk for osteoarthritis6,93. Allogenic ACs have been explored
for their clinical utility, however the data are conflicting as to whether the cells themselves are
immunoprivileged324-326 or require the associated extracellular matrix for immunoprotection327.
MSCs are chondroprogenitors that have been proposed as an alternative source for cell-based
therapies in cartilage repair94,106. The concern with their use is that MSCs differentiate into
chondrocytes with a non-hyaline phenotype: expressing markers of both fibrocartilage (collagen
I) and hypertrophic chondrocytes (collagen X and MMP-13). I designed the coculture
experiments to test two independent hypotheses: (1) that ACs could induce chondrogenesis of
MSCs in the absence of TGF-β1 and dexamethasone, and (2) that ACs could influence the
differentiation of MSCs. My results indicated that ACs could not induce MSC chondrogenesis in
the absence of chondrogenic factors at the coculture concentrations tested; perhaps due in part to
a low cellular activity of ACs without TGF-β1 (Figure 6.3). However, coculture did create a
synergist relationship between the MSCs and ACs that produced neocartilage constructs with a
more hyaline-like phenotype. ACs inhibited expression of collagens I and X (Figure 6.4 & 6.6),
while MSCs stimulated proliferation of ACs (Figure 6.5 & 6.6). These preliminary results provide
the basis for a number of future experiments that would evaluate the relationship between these



cells and optimize culture conditions to produce a hyaline-like neocartilage implant in a clinically
useful format.

7.3.1 Identifying Soluble Mediators of Coculture Effect
One area for further experimentation is to examine whether the activity of either cell can
be replaced by soluble factors in our hydrogel system. Both conditioned medium and transwell
experiments should be utilized to test this hypothesis; many of the experiments proposed below
have already been initiated. To make chondrocyte conditioned medium we chose to use floating
chondrocyte aggregate cultures (section 2.2.2). Briefly, ACs were harvested from the femoral
condyles of healthy human donors, isolated with a collagenase digestion and plated in Corning
ultra-low cluster 24-well plates at a concentration of 1 x 106 cells/well. Aggregate cultures were
maintained in Opti-MEM® I Reduced Serum Medium as previously described230. Chondrocyte
conditioned medium (CCM) was harvested twice weekly and frozen at -80 °C until needed. Prior
to using CCM, batches of different patients and harvest points were combined and filter sterilized.
Preliminary data suggest that CCM cannot induce MSCs chondrogenesis in the absence of TGFβ1 and dexamethasone, as would be expected based on the coculture data. Further testing needs
to be completed to see if CCM with TGF-β1 and dexamethasone can inhibit the hypertrophic
phenotype of MSCs in hydrogels, but early evidence suggest that collagen X expression persists
in CCM. Based on the recent data from Fischer et al changing the protocol for conditioning
medium may impact this result: they cultured ACs with TGF-β1 during pellet culture to generate
CCM, which did effectively inhibit hypertrophic differentiation of MSCs.
We have also shown that MSCs stimulate AC proliferation. Consequently, the converse
experiment should be carried out to evaluate the effect of MSC conditioned medium on ACs
hydrogels. However, it is not clear what format the MSCs should be cultured in to effectively
condition the medium since their monolayer behavior is significantly different from that in



hydrogels. One option is to create hMSC and hAC monoculture hydrogels and culture them
together in medium containing TGF-β1 and dexamethasone. This would exclude the opportunity
of the cells to directly interact but most appropriately replicates previous experiments in which
the effect of MSCs on ACs was determined. From our current data it is not clear whether the
effect of MSCs on AC proliferation is from the undifferentiated MSC, the MSC-derived
chondrocyte, or both. Medium could be collected from hMSCs monocultured hydrogels over 6
weeks of exposure to chondrogenic medium containing TGF-β1 and dexamethasone and either
batch-tested or pooled to examine the temporal effect of chondrogenesis on ACs. Alternatively,
MSCs could be cultured in monolayer with different medium formulations, including FBS/FGF
containing medium (standard monolayer culture protocol for maintaining and expanding MSCs,
section 2.2.1), Opti-MEM, or chondrogenic medium containing TGF-β1 and dexamethasone.
Utilizing FBS in the culture medium of monolayer plated MSCs could be disadvantageous since
we have previously shown that ACs do not synthesize an extensive extracellular matrix in
hydrogels in the absences of TGF-β1 and dexamethasone, and FBS can confound analysis of the
media. However, this does not preclude the subsequent addition of TGF-β1 and dexamethasone
after conditioning, and may be the best option to test how MSCs in a progenitor state influence
AC chondrogenesis. Opti-MEM is a reduced serum medium previously tested with ACs230, but it
is unclear how monolayer cultured MSCs will do in this medium. Addition of TGF-β1 and
dexamethasone to the monolayer MSCs is also not ideal since MSCs cannot undergo
chondrogenesis in monolayer and it is unclear how the phenotype of MSCs would be affected by
these culture conditions.
Transwell culture provides an alternative method to conditioned medium that may help
maintain the same concentration and temporal regulation of the soluble milieu during coculture.
Transwell system inserts with a 0.4 µm polyester membranes allow transfer of soluble molecules,
but not cells, between the insert (top) and the tissue culture plate (bottom). Both MSC and AC



monoculture hydrogels can be cultured in the transwell insert (top) with the opposite cell below. I
have initiated experiments with MSC-only hydrogels cultured above floating chondrocyte
aggregates. The cell-to-cell ratio and medium volume were maintained to be consistent with the
direct coculture experiments previously presented. AC-only hydrogels cultured above MSCs are
complicated by the same challenge of modulating MSC phenotype discussed above. Both
monolayer plated MSCs in FBS containing medium and MSCs pellet aggregates cultured in
chondrogenic medium should be tested.
Identifying the soluble molecules that mediate the paracrine effect of coculture, and how
they contribute to changes within the cells, offers an opportunity for more extensive future
studies. A number of candidate molecules have been suggested in the literature as soluble factors
that are released from ACs (PTHrP, TGF-β)300,308,310,311 or MSCs (TGF-β, IGF, EGF, SCF,
ect)147,312 and may contribute to the coculture phenotype. Monitoring temporal expression of a of
candidate bioactive molecules in media aspirates from both monoculture systems compared to the
cocultured constructs would provide interesting data on how the protein expression changes
between the different systems and throughout culture. Commercially available cytokine array kits
or ELISAs could be used to complete this analysis on media aspirates for a finite number of
candidate molecules. A more inclusive technique would be to do quantitative proteomics on
fractionated samples of the media aspirates from each culture condition328. This analysis would
enable an extensive analysis of which proteins are upregulated or downregulated in the coculture
systems compared to the monoculture controls and could identify novel mechanisms that might
otherwise be missed in the candidate screen approach.
Identifying temporal changes from monocultured constructs in either conditioned
medium or with the other cell type separated by transwell filters could be performed and analyzed
as previously described with quantitative RT-PCR and immunohistochemistry (ex: Figures 4.1 &
6.2). Deciphering temporal changes during direct coculture is more difficult. One option would be
to use cells from different species with species-specific PCR primers/probes to separate



expression. For example, bovine ACs could be mixed with human MSCs and cocultured in
hydrogels with samples harvested weekly to look for relative changes in each cell type compared
with monoculture controls.

7.3.2 Optimizing the In Vitro Coculture System
In the experiments presented in Chapter 6 only a single coculture condition was tested
with an equal number of MSCs and ACs (each at 25 x 106 cells/ml). In MSC monoculture
hydrogels we have previously found that 25 x 106 cells/ml optimizes matrix production per cell
and per construct278. However, this same concentration may not be optimal for ACs in our
hydrogel culture system, and chondrocytes account for close to 85 % of the remaining cells after
six weeks of in vitro culture. Consequently, experiments could be done that alter both the ratio
and final number of cells.
Additionally, given that ACs would likely be the limiting cell type in a clinical setting, it
would be interesting to determine the lowest number of ACs that will effectively reproduce the
coculture results described in Chapter 6. In a study by Tsuchiya et al, coculture of ACs and MSCs
in pellet aggregates was most effective with twice as many MSCs as ACs329. This result was
particularly interesting because they got no chondrogenesis of MSCs monoculture pellets and
very good matrix production from AC monoculture pellets. Clearly these results are confounded
by the absence of MSC chondrogenesis in pellets, which is well established, but were useful in
demonstrating MSC-driven stimulation of ACs in coculture. Furthermore, Gan and Kandel
showed that coculturing as few as 20 % primary ACs with passaged, cryopreserved ACs was
sufficient to increase GAG and collagen content298.
The coculture platform also provides a good setting to begin integrating the results from
some of the individual studies. Specifically, chondrogenesis of MSCs without dexamethasone and
the use of bioresponsive scaffolds. In Chapter 5 we demonstrated that chondrogenesis of MSCs in
hydrogels does not require supplementation with dexamethasone (Figure 5.1). However, we do



not know how ACs will do if given TGF-β1 without dexamethasone. It would also be interesting
to see if coculture of ACs and MSCs in the absence of dexamethasone will augment the inhibition
of collagen I and X expression seen individually in the two systems (Figures 5.1 & 6.4).
Additionally, since ACs also express MMP-7 (Figure 7.4) the coculture system could be tested in
MMP-7 bioresponsive gels (Chapter 4). ACs express low levels of MMP-7 at the start of culture,
so including these cells will likely change the degradation rate. Furthermore, it is not known how
the influence of MSCs and ACs on each other will effect MMP-7 expression. Temporal
characterization of MMP expression in cocultured constructs using both RT-PCR and IHC should
be replicated. These data will also be useful in validating that MMP-7 expression is associated
with the hyaline cartilage phenotype rather than hypertrophic maturation. Increased gene
expression of MMP-7 in the absence of MMP-13 and collagen X in both ESCs (Figure 7.5) and
ACs (Figures 6.2 & 7.4) during chondrogenesis already suggests that MMP-7 expression is
separate from hypertrophy, but coculture provides an additional opportunity to compare MMP-7
expression with and without hypertrophy.

7.3.3 Chondrogenesis and Hypertrophy of Cocultured Hydrogels In Vivo
The optimized coculture conditions determine in section 7.3.2 should be translated to an
in vivo model to validate that these scaffolds maintain a hyaline cartilage phenotype and do not
undergo endochondral ossification. Subcutaneous implantation on the dorsal side of a nude
mouse is an established assay for this purpose and allows us to continue working with human
cells330-332. Briefly, athymic mice (~20 g, 6 weeks-old) would be anesthetized with 4 % isoflurane
and kept under sedation with 2 % isoflurane streamed through a nose cone during the surgical
procedure. Cranial to caudal incisions approximately 2 cm long can be made to create six
subcutaneous pockets for the hydrogels on the dorsal side of the mice. Scaffolds containing each
of the three cell types (MSC, AC, or coculture) could be placed into the subcutaneous pockets in
replicate. The skin incisions can be closed with tissue adhesive and animals would be treated with



analgesia immediately post-op and for two further days. Mice would be allowed free cage activity
until they euthanasia 12 weeks post-implantation. Following euthanasia hydrogels would be
dissected free of surrounding soft tissues and subjected to high resolution X-ray (Faxitron) to
determine whether mineralization had occurred. The qualitative and quantitative methods
described for in vitro analysis could be used to evaluate chondrogenesis and hypertrophy in the
harvested implants (Chapter 2: Material & Methods); modifications for mineralization will be
made as necessary. Four hydrogels cut in half provide sufficient material for testing biochemistry
and gene expression in triplicate, with two ½ hydrogels remaining for histology. Consequently,
only two mice are needed to test for AC and MSC monoculture and a single coculture conditions
in a pilot study. Results of the pilot study would guide additional testing, allow for increased
power of analysis and permit the inclusion of additional coculture conditions. In vivo study design
will always be limited by the number of available cells and mostly likely will need to be
conducted as a series of batch experiments for logistical reasons. We have already received
IACUC approval for this procedure.
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A.1 ABSTRACT
Cartilage engineering is a cell-based therapy that aims to create mechanically viable
replacement tissues capable of repairing damaged articular cartilage to restore joint biomechanics.
To date there is not a clear definition of what is required of a neocartilaginous implant to induce
sufficient repair of joint cartilage. However, improving neocartilage biomechanics through
production and assembly of an extracellular matrix with ultrastructural similarity to native
articular cartilage would be advantageous. An important step in this process is maximizing
production of extracellular matrix proteins and facilitating interterritorial assembly within the
implant. Mechanical stimulation is known to influence both joint development and the anisotropic
assembly of the cartilage matrix. We hypothesized that in vitro mechanostimulation of human
mesenchymal stem cells (MSCs) in a hydrogel scaffold designed for cartilage engineering would
improve production and assembly of the neocartilage matrix. These experiments were dependent
upon developing a reliable bioreactor that could provide long-term stimulation of hydrogel
constructs during in vitro culture. We worked with the Legacy Biomechanics Laboratory to
provide design input and validation testing of their mechano-active transduction and evaluation
(MATE) bioreactor described below. Preliminary testing of MSC-encapsulated hydrogels
indicated an inhibition of chondrogenesis with dynamic compressive loading. However, we were
able to detect time dependent changes to degradable scaffolds indicating this tool will be useful in
providing non-destructive mechanical feedback of the constructs during tissue development
and/or scaffold degradation.

A.2 INTRODUCTION
A goal of tissue engineering is to create a functional tissue regenerate that can replace
damaged or diseased tissue in vivo. Presently, the clinical application of tissue engineering
technology in load-bearing tissue such as articular cartilage has been limited by the
biomechanical inferiority of the engineered constructs.333-335 This lack of mechanical integrity is



caused in part by the improper production and assembly of matrical components during
culture.336,337 A potential strategy to improve the composition and ultrastructural distribution of
the extracellular matrix components in neocartilage constructs is to apply mechanical stimuli
during culture with a bioreactor.333,334,338
This concept is rooted in the requisite role of mechanostimulation during joint
formation48-51 and the histomorphological maturation observed in articular cartilage with weight
bearing6,30,72. Presently it is not entirely clear how mechanical stimulation regulates either joint
formation or ultrastructural distribution of extracellular matrix molecules in articular cartilage.17,30
During embryonic development motion stimulates hyaluronan production41,45,46 and canonical
Wnt signaling53 at the presumptive joint site, factors suggested as critical for initiating cavitation
and/or maintaining the developing joint. It is not until postnatal development that articular
cartilage establishes its characteristic anisotropic ultrastructure (Figure 1.4A) and strain histories
are highly associated with the different architectural morphologies across joints. Despite limited
details regarding the molecular mechanisms controlling cartilage development it is reasonable to
hypothesize that the addition of mechanical stimulation could improve the form and function of
neocartilage constructs.
The ability to properly test the role of mechanostimulation in neocartilage development is
limited by current bioreactor technology. An appropriate design would enable continuous, nondestructive stimulation of the tissue engineered constructs during long-term in vitro culture.
Furthermore, it is essential that the bioreactor can deliver accurate and repeatable stimulation to
the constructs in a manner that can be systematical programmed by the operator to tune for
developmentally optimal loading protocols339. In addition to the ability to reliably stimulate the
samples, functional outputs including material properties would provide real-time monitoring of
changes to tissue properties during development. Depending on the sensitivity of the bioreactor,
this feedback could be a useful mechanism for evaluating matrix elaboration or scaffold



degradation. Attaining accurate mechanical properties in most systems is a time consuming
process designed to evaluate only a single specimen at a time.334,340-342
These design requirements become a particular challenge in developing a bioreactor
capable of providing accurate and reproducible stimulation to hydrogel constructs that have a low
compressive modulus and viscoelastic behavior. Current designs most often use a single actuator
to provide distance-controlled compression of multiple constructs.248,343-347 Although this protocol
permits physiological loading241 and high testing volume, it assumes that all specimens are being
equally strained.

However, construct thickness can vary by more than 10 %241,348 and

consequently a group of uniformly displaced constructs will be non-uniformly strained. This
resulting divergences in strain application impacts experimental repeatability and can affect
construct development.349 Furthermore, few studies that compress constructs account for
alterations in specimen thickness during culture.350
This appendix chapter discusses the validation of a mechano-active transduction and
evaluation (MATE) bioreactor with a platform designed to efficiently and accurately apply
mechanical stimulations and assess material properties. The technology utilizes six
electromagnetic voice-coil actuators241,351,352 to simultaneously stimulate and/or evaluate
individual constructs within the confines of a tissue culture incubator (Figure A.1). Validation of
this unit demonstrated repeatability and reliability at the same level as an Instron. Furthermore we
show that it is sensitive enough to detect changes in thickness and bulk modulus of collagenase
sensitive hydrogel constructs during degradation. Preliminary studies using the MATE to apply
dynamic compressive loading to hydrogel constructs containing MSCs began to explore the role
of mechanostimulation in neocartilage development, but were not continued because we found
significant inhibition with our system protocols.



A.3 RESULTS
A.3.1 Bioreactor Design and Validation
The MATE bioreactor (Figure A.1A) was designed to accommodate the requirements
and constraints of a tissue-culture laboratory environment. The culture module that houses the
constructs was built to intimate a six-well plate (Figure A.1B). This module facilitates the use of
standard 35 x 10 mm cell culture dishes, provides for air-flow, and enables sterile transfer of
constructs for medium exchange. A translucent polysulfone lid secures the culture module to the
MATE frame (Figure A.1C). The lid includes 10 mm diameter impermeable loading posts that
are centered 5 mm over each culture well. To minimize the potential for contamination, all
instrumentation was housed beneath the culture wells in an enclosed environment (Figure A.1C).
The overall dimensions of the bioreactor were kept sufficiently small (15 x 16 x 22 cm) for
housing in a standard CO2 incubator.

A.3.2 Mechanical Stimulation of Hydrogels with Encapsulated MSCs
Preliminary, unpublished experiments were preformed to evaluate the developmental role
of mechanostimulation in neocartilage formation. Specifically we hypothesized that dynamic
compressive loading would stimulate matrix formation and assembly during chondrogenesis.
MSCs were photoencapsulated into PEGDA-based sIPN scaffolds and cultured in the MATE
bioreactor either with or without daily stimulation for 6 weeks. The mechanostimulation protocol
was 30 minutes of 0.4 N applied force (corresponding to approximating 15 – 20 % compression)
at 1 Hz, followed by 1 hour of rest: repeated 4 times daily. Under these conditions we found that
daily loading inhibited matrix production by the MSCs (Figures A.2 & A.3).
It was not clear which factors lead to inhibition of chondrogenesis in these scaffolds but
an increased number of dead cells were detected with live-dead staining after 2 weeks of loading
as compared with unloaded samples (data not shown). Consequently, I hypothesized that



increasing the initial strength of the scaffold could provide increased protection to the
encapsulated MSCs. By increasing the molecular weight of the crosslinking PEGDA component
in the sIPN scaffold from 16 % (w/v) to 32 % (w/v) the cell-free modulus of the scaffold was
approximately doubled (data not shown). However, this increased scaffold modulus inhibited
matrix production from MSCs even in the absence of load (Figure A.2). Matrix production was
also not improved, but rather worse in these higher modulus scaffolds under stimulation.
The next experiment was designed to test whether delayed loading of the MSCencapsulated constructs would stimulate matrix production. This experiment tested the hypothesis
that the loading protocol was too extensive for MSCs but could benefit the MSC-differentiated
chondrocytes during matrix elaboration and assembly. Constructs that were loaded for 3 weeks,
during chondrogenesis, produced no proteoglycan matrix (Figure A.3B). If MSCs were allowed
to undergo chondrogenesis in free-swelling conditions for 3 weeks, then stimulated for the last
three weeks proteoglycan deposition was observed (Figure A.3C), but not at the intensity of
unloaded controls (Figure A.3D).
Further testing of different chondrogenic conditions under load was significantly limited
by system-related problems in the MATE unit. Principally we could not reliably lower the force
input to generate dynamic compressive strains under approximate 15 %, which was added to a 10
% preload strain. These high strains may have contributed to the inhibition of chondrogenesis.
Furthermore there were a number of design flaws that lead to unrepeatable stimulation and
inconsistencies between test platens. Testing in our lab identified voltage drops across the output
cables and an inability of the actuators to perform to specification at the temperature and/or
humidity of standard tissue culture incubators as significant sources of error. These findings
prompted an extensive re-design of the MATE bioreactor (2008-2010).



FIGURE A.1 - THE MATE BIOREACTOR DESIGN. (A) The MATE is compact and readily fits into
standard incubators. All machined surfaces consist of non-corrosive anodized aluminum. (B)
Specimens are loaded onto culture dishes that sit on a six-well plate. (C) The lid fastens the sixwell plate onto the MATE frame. Electromagnetic voice coil motors are dedicated to each
chamber and are housed beneath the specimens. (D) The voice coil motors (VCM) raise the
plungers and culture dishes, thereby compressing specimens with impermeable posts.



FIGURE A.2 – IMPACT OF DYNAMIC COMPRESSION ON MSC CHONDROGENESIS IN HYDROGEL
SCAFFOLDS OF DIFFERENT MODULUS. (A) Proteoglycan deposition per construct (white) or
normalized to DNA content (black). (B) Relative COL2A gene expression after 6 weeks of in
vitro culture. Toluidine blue staining for proteoglycan deposition in 16 % PEGDA (C) nonloaded sIPN control and (D) loaded sIPN constructs, (E) non-loaded and (F) loaded sIPN
constructs with 32 % PEGDA that corresponded to twice the initial compressive modulus of the
16 % controls.



FIGURE A.3 – TEMPORAL EFFECT OF DYNAMIC LOADING. (A) Schematic diagram of loading
durations. Toluidine blue staining for constructs (A) loaded during chondrogenesis, (B) loading
after chondrogenesis, or (C) not loaded.



A.3.1 MATE Verification & Validation Testing
In the newly designed MATE unit average forces delivered strongly correlated with the
target forces prescribed by the user during static and dynamic loading (data not shown). For
static loading, there was small variability between the six MATE chambers when 0.1 N was
prescribed (0.10 ± 0.01 N, error = 0 ± 10 %) and when 10 N was prescribed (10.01 ± 0.04 N,
error = 0.1 ± 0.4 %). When loaded dynamically, the variability between the six MATE chambers
increased when delivering a 0.1 N prescribed force (0.09 ± 0.02 N, error = 9 ± 18 %). However,
each MATE chamber exhibited good accuracy under dynamic amplitudes of 0.2 N (0.20 ± 0.02
N, error = 0 ± 8 %) or greater. On average, the force output at 10 Hz was 2.1 % greater that the
force output at 1 Hz (p<0.001).
The material properties acquired from the MATE’s force-displacement data were not
significantly different than the material properties acquired by the Instron (Figure A.4). On
average, the equilibrium and dynamic modulus determined from the MATE’s six chambers were
within 5 % of Instron results for soft hydrogels (p=0.3, p=0.4, respectively; Figure A.4A), and
within 8 % for mature bovine articular cartilage (p=0.2, p=0.3, respectively; Figure A.4B). There
was no difference in intra-specimen standard deviation between the test systems (p=0.15). The
material testing protocols applied maximum strains under 20 % for all tested specimens,241,353 and
no time dependence existed in the repeated testing of hydrogel and cartilage specimens (p=0.42,
p=0.13, respectively).



FIGURE A.4 - MATERIAL TEST RESULTS OF THE MATE AND INSTRON. (A) For PEGDA
hydrogels (n=6), there was no difference between the systems in determining equilibrium
modulus (p=0.3) and dynamic modulus (p=0.4). (B) For bovine patellar cartilage (n=6), there
was no difference between the systems in determining equilibrium modulus (p=0.2) and
dynamic modulus (p=0.3). Graph represents mean data ± standard deviation.



A.3.3 Detecting Scaffold Degradation with MATE
The MATE system was able to detect minor changes in the material properties of
degradable (collagenase sensitive LGPA-PEGDA) and non-degradable (10 % PEGDA) hydrogels
over a 10 day time period (Figure A.5). Material characteristics of degradable hydrogels were
altered during incubation with 0.005 % collagenase (41 % change in thickness, p<0.001; 42 %
change in equilibrium modulus, p=0.02; 20 % change in dynamic modulus, p=0.005), but were
unaltered in the non-degradable group (1 % change in thickness, p=0.19; 3 % change in
equilibrium modulus, p=0.47; 1 % change in dynamic modulus, p=0.27). In the degradable
group, a 24 hour reduction in thickness (15 %, p<0.001) and equilibrium modulus (12%, p=0.03)
were evident.

In the non-degradable group, any overall changes to thickness, equilibrium

modulus, and dynamic modulus were less than 16 %, 16 %, and 19 %, respectively (95 %
confidence interval). Maximum strains during mechanical testing were 17 ± 5 %.

A.4 DISCUSSION
Mechanostimulation plays an important role in the cavitation of synovial joints48-51,53 and
the development of mature articular cartilage with an anisotropic assembly of extracellular matrix
proteins that can resist the stresses associated with skeletal motion6,72. Our lab at OHSU worked
with the Legacy Biomechanics Laboratory to design the mechano-active transduction and
evaluation (MATE) bioreactor described here. The unit was first built and minimally validated by
Legacy before we received the unit for in vitro cell-based experiments in February 2007. We
wanted to test the hypothesis that mechanostimulation of neocartilage constructs would improve
extracellular matrix elaboration and assembly.



FIGURE A.5 - TIME DEPENDENT MATERIAL BEHAVIOR OF HYDROGELS DURING COLLAGENASE
DIGESTION. (A) The thickness of the degradable group was reduced by 41 % during incubation
(p<0.001), while the non-degradable group was unaltered (p=0.2). (B) The equilibrium modulus
of the degradable group was reduced by 42 % during incubation (p<0.001), while the nondegradable group was unaltered (p=0.5). Most alterations in the degradable group occurred in the
first two days of collagenase digestion. Graph represents mean data ± standard deviation. *p<0.05



In preliminary experiments we found inhibition of chondrogenesis with the application of
load. This may have been because the loading regimen was too intense for the MSCs
encapsulated within the hydrogel constructs. However, increasing the initial compressive
modulus of the hydrogel by doubling the crosslinking PEGDA component in the sIPN scaffold
produced further inhibition of proteoglycan deposition either with or without loading. This was
presumably due to restriction of matrix elaboration by the small pore size of the scaffold.173,175,249
Alternatively, it is possible that the application of compressive modulus was not at the
appropriate time or level. Perhaps counterintuitive with the other data showing the requisite role
of movement during cavitation, loading during joint specification has been shown to
downregulate collagen II gene expression in the interzone region of the developing mouse limb53.
We looked at delaying the application of dynamic compression until 3 weeks after beginning
static culture, during which time MSCs have signifantly upregulated collagen II and aggrecan
gene expression and begun to deposit extracellular matrix (Figure 4.1). Although we observed
considerably more proteoglycan deposition in these constructs, it is less than the non-loaded
control. It is not clear whether loading lead to a subsequent inhibition of matrix production or if it
caused the already synthesized matrix to be degraded.
As mentioned above further cell-based experiments were suspended to address
electromechanical problems in the MATE unit that prompted a complete system re-design. The
function of the re-designed MATE was validated in a manuscript submitted to Tissue Engineering
Part C, June 2010. Part of the validation testing including calibrating the system for the soft
properties of hydrogels. This testing specifically highlights the mechanical disparity between a 10
% PEGDA scaffold (cell-free) and bovine articular cartilage: the starting modulus of a hydrogel
scaffold is approximately 30-fold weaker than native tissue. One advantage of the newly built
MATE unit was an increased sensitivity that was able to detect changes in modulus and thickness
of scaffolds that could be used to identify biodegradation of scaffolds during in vitro culture.
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