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ABSTRACT

Controlled Growth Factor Delivery from Biodegradable

Hydrogel Scaffolds for Articular Cartilage Repair

by

Theresa A, Holland

The use of oligo(poly(ethylene glycol) fumarate) (OPF) hydrogels as carriers of
growth factors for articular cartilage repair has been investigated. In vitro release studies
examined release of transforming growth factor-p1 (TGF-B1) directly from OPF
hydrogels and also from gelatin microparticles encapsulated within these OPF networks.
These studies showed that hydrogel mesh size and microparticle content can be altered to
control growth factor release rates. In particular, sustained delivery of TGF-Bl1 was
achieved by utilizing microparticles as a secondary drug carrier within OPF hydrogels.
An in vitro degradation study demonstrated that these microparticles also serve as
digestible porogens to enhance material degradation in the presence of collagenase.
Furthermore, in this environment, microparticle loading and crosslinking extent were
shown to influence the rates of TGF-B1 release and composite degradation. When utilized
in the repair of rabbit osteochondral defects, OPF scaffolds were shown to undergo
biocompatible degradation and to support healthy tissue in-growth. However, the

incorporated TGF-B1 was not shown to greatly influence tissue repair. Accordingly,



iii

further investigations examined these hydrogel systems as carriers of TGF-Bl and/or
insulin-like growth factor (IGF-1) since these growth factors have been shown to
synergistically promote chondrocyte proliferation and cartilage extracellular matrix
synthesis in vitro. Surprisingly, individual delivery of IGF-1 appeared to enhance
cartilage repair in rabbit osteochondral defects when compared to untreated defects, but
delivery of TGF-B1 with or without IGF-1 had no effect. These findings illustrate that the
in vitro effects of growth factors, including the synergistic actions of multiple factors,
may not directly translate to the wound healing environment. Furthermore, this research
demonstrates the utility of these hydrogel systems in studying the effectiveness of various

growth factor delivery regimes in soft tissue repair.
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I. REVIEW: ADVANCES IN DRUG DELIVERY FOR ARTICULAR CARTILAGE t

Abstract
The complex structure of articular cartilage, the connective tissue lining

diarthrodial joints, enables this tissue to dissipate compressive loads but also appears to
hinder its repair ability. At best, both natural and surgical repair attempts replace the
highly ordered extracellular matrix of native articular cartilage with fibrous repair tissue
of inferior mechanical properties. Numerous bioactive molecules closely regulate the
cellular processes in healthy and degenerative articular cartilage. Accordingly, this
review outlines the roles of important signaling molecules in cartilage tissue. In addition,
drug delivery strategies, aimed at utilizing these bioactive agents to prevent inflammation,
to regulate extracellular matrix metabolism, and to control cellular activities, are
discussed. As scientists gain further insight into the complex signaling cascades of
articular cartilage, continued refinement of drug delivery systems is necessary to develop
effective clinical therapies for articular cartilage repair.

Abbreviations

BMP, bone morphogenetic protein; CIF, cartilage inducing factor;, DCMC, N,N-
dicarboxymethyl chitosan; EGF, epidermal growth factor; FGF, fibroblast-derived
growth factor;, GAG, glycoasminoglycan; IGF, insulin-like growth factor; IL,
interleukin, IGFBP, insulin-like growth factor binding protein; LAP, latency associated
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Introduction
The inability of cartilage to undergo successful repair has puzzled researchers and

physicians for many years. However, as the knowledge and skills of biologists, engineers,
and physicians merge, new strategies for treating degenerative cartilage are being
investigated and may revolutionize treatment for articular cartilage lesions and
osteoarthritis. Current therapies actually require surgical drilling or abrasion to deepen
lesions for contact with cells and bioactive molecules of the bone marrow. Unfortunately,
these rigorous techniques do not restore the native structure of cartilage and may lead to
further tissue loss (1, 2). Recent research has increased our understanding of the growth
factors and cytokines involved in both cartilage homeostasis and pathology. Utilizing this
knowledge, novel therapies for treatment of articular cartilage defects are being
investigated. To avoid potential complications with the use of these pluripotent molecules,
new strategies must ensure localized delivery of safe levels of bioactive agents in a
controlled manner. Understanding the physiology and pathology of articular cartilage, as
well as the methodology and results of recent strategies, is necessary to further advance
drug therapies for degenerative cartilage.
Articular Cartilage Structure

Injury to articular cartilage results in cell death, disruption of the extracellular
matrix, and release of numerous signaling molecules. Although a classical wound healing
response is initiated, articular cartilage lesions are repaired without complete restoration
of the components and architecture of the native tissue (2, 3). To understand the
shortcomings of the natural healing events and current clinical therapies, the physiology

of healthy articular cartilage is briefly explored.



Chondrocytes
Although only a few millimeters in thickness, articular cartilage possesses a

complex structure, allowing this tissue to absorb and dissipate mechanical shock in joints.
The primary components of healthy articular cartilage, water, collagen, and
proteoglycans, are maintained in a highly, ordered extracellular matrix by a sparse
population of chondrocytes. In fact, chondrocytes compose less than 10% of the weight
of articular cartilage (3, 4).

Chondrocytes originate from mesenchymal cells during fetal development as the
majority of cartilage is remodeled into bone. At skeletal maturity, articular cartilage is the
only remaining cartilaginous portion of the long bones. Accordingly, articular
chondrocytes differ greatly from the chondrocytes capable of endochondral bone
formation. A shift towards this later phenotype is observed in the progression of
osteoarthritis as ossification replaces articular cartilage (5).

Articular chondrocyte metabolism involves primarily anaerobic processes due to
the low oxygen pressure within this avascular tissue (4, 6). Low cellularity coupled with
the slow rate of chondrocyte division contribute to cartilage degeneration, since invading

fibroblasts rapidly divide and synthesize scar tissue before intrinsic repair may occur (7).

Extracellular Matrix
Water comprises approximately 75% of the wet weight of articular cartilage and

interacts with negatively charged glycoasminoglycan (GAG) chains of proteoglycans (3).
Aggrecan, the largest proteoglycan in articular cartilage, consists of a core protein with
many GAG side chains, such as chondroitin sulfate, keratan sulfate, and heparan sulfate,
which associate with hyaluronan, another GAG. These high molecular weight complexes

attract water and generate a swelling pressure to counter compressive loads. Other



proteoglycans, such as decorin, biglycan, and fibromodulin, have one to two GAG chains
which associate with collagen fibrils and may regulate collagen fiber formation (7-9). In
addition to their importance in maintaining tissue structure, proteoglycans also function
in molecular signaling as reservoirs and receptors for growth factors (9, 10) .

Respectively, proteoglycans and collagen comprise 15-30% and 50-73% of the
solid extracellular matrix weight, intertwining to form a tight fiber network (3).
Glycoproteins, such as fibronectin, also contribute to this network, serving as a link
between cells and the extracellular matrix (11). Collagen fibers, predominately type II,
but also types I, V, VI, IX, X and XI, impart tensile strength and immobilize
proteoglycan molecules (7). Disruption of the collagen-proteoglycan network may be
partially responsible for proteoglycan release in fibrillated cartilage (4).

Four distinct zones characterize the amount, orientation, and shape of matrix
molecules and chondrocytes in articular cartilage (4, 7). Moving through these zones
from the articulating surface towards the subchondral bone, water content decreases
while proteoglycan content increases (3). The superficial zone, near the joint space,
contains elongated chondrocytes and thin collagen fibers tangentially aligned to the
surface. Directly beneath lies the intermediate zone in which rounded chondrocytes and
larger diameter collagen fibers appear less aligned. Here, groups of chondrocytes, or
chondrones, are encapsulated in lacunae, a specialized extracellular matrix enriched in
hyaluronan, proteoglycans, fibronectin, and thin collagen fibers. In the deep zone,
collagen fibers and columns of clustered, hypertrophic chondrocytes are oriented

perpendicular to the articulating surface. Finally, the calcified zone contains rather small



cells, an abundance of calcium salts, and a thin vasculature network as the tissue

transitions from cartilage to mineralized bone (3, 4, 7).

Matrix Metalloproteinases
A family of enzymes, known as matrix metalloproteinases (MMPs), plays an

important role in the digestion of the extracellular matrix in both normal and degenerative
articular cartilage. These enzymes target specific components of the extracellular matrix
and may be activated through a number of signaling pathways. Collagenases (MMPs-1, -
8, and -13), gelatinases (MMPs-2 and -9), and stromelysins (MMP-3 and -10) belong to
this family and degrade collagen, aggrecan, fibronectin, laminin, and elastin. MMPs
contain a Zn*" ion at their active site and are stabilized by Ca®" ions (12, 13).

The activity of MMPs is strictly regulated by a group of inhibitors, the tissue
inhibitors of matrix metalloproteinases (TIMPs). At least four TIMPs exist and control
MMP activity by binding to the active site of MMPs. TIMPs may also bind to additional
sites on latent MMPs. Elevated levels of MMPs and TIMPs are found in patients with
osteoarthritis and rheumatoid arthritis (13, 14).

Important Signaling Molecules in Articular Cartilage

Molecules involved in the regulation of cellular functions may be loosely
classified by three categories - hormones, cytokines, and growth factors. Hormones are
the chemical messengers synthesized by specialized endocrine glands and transported via
body fluids to act on distant cells. Cytokines refer to molecules commonly secreted by
immune cells to act on damaged or infected tissue. However, other cell types may secrete
cytokines as well. Growth factors are synthesized and secreted by cells in a variety of

tissues and generally act on nearby cells in a paracrine or autocrine fashion (15). Growth



factors are often secreted in a latent form and may bind to extracellular matrix
components, requiring proteolytic cleavage for activation and cell receptor binding (16).
As summarized in Table 1, a number of growth factors and inflammatory cytokines
interact to maintain homeostasis in healthy cartilage. Imbalance in one or more of these
important molecular signals appears to have a role in cartilage pathology (17, 18).
Understanding the interplay between these signaling molecules is necessary for the
design of new therapies aimed at manipulation of their expression in damaged articular

cartilage.

Growth Factors

TGF-fBs
The transforming growth factor (TGF) family includes a number polypeptides

involved in the regulation of cell growth and differentiation and in wound healing (19).
transforming growth factor-B, first identified by its ability to stimulate normal cells to
grow and differentiate in soft agar, is found throughout the body and binds to at least
three membrane receptors common to most cells (19-21). Three isoforms, TGF-B1, TGF-
B2, and TGF-$3, have been isolated from cartilage in mammals and shown to have a high
affinity for the proteoglycan decorin (9, 21, 22). The TGF superfamily also includes two
cartilage-specific proteins, cartilage-inducing factors A and B (CIF-A and CIF-B), which
promote mesenchymal stem cell (MSC) differentiation along the chondrogenic phenotype.
However, CIF-A appears to be identical to TGF-B1, while CIF-B shares extensive
structural homology to the TGF-Bs (23, 24).

Active TGF-B1, the most widely investigated molecule of this family, is a 25 kDa
protein composed of two polypeptide chains held together by disulfide linkages. This

molecule is first synthesized and secreted as 100 kDa precursor protein, composed of the



active TGF-B1 subunit and a 75 kDa latency associated peptide (LAP). Dissociation from
LAP is required before TGF-f1 may bind to a TGF receptor (21, 22, 25). Additionally,
noncovalently binding to a 200 kDa dimeric protein, known as latency binding protein
(LTBP), appears necessary for storage of TGF in the extracellular matrix and its
subsequent activation (25, 26).

TGF-B exerts various effects on a number of connective tissues depending on cell
age and phenotype, culture conditions, and administered dose (19, 20). TGF-B1 has been
shown to promote the differentiation of MSCs to osteoblasts, osteoclasts, and
chondrocytes (10, 27-31). In articular cartilage, TGF-f1 promotes protein synthesis (32-
35) and cell proliferation (36, 37) and inhibits the actions of MMPs (38-40). In addition
to TGF-B1’s protective effect on articular cartilage, TGF-B1 is known to promote
chemotaxis and activation of inflammatory cells and, at high concentrations, has been
implicated in fibrosis and osteophyte formation in articular cartilage defects (21, 41-43).
Synergistic actions with other growth factors have also been reported (37, 44-46). TGF-
B2 appears to exert similar effects as TGF-f1 (30).

BMPs

Bone morphogenetic proteins (BMPs), named for their ability to induce bone and
cartilage formation, are a subfamily of the TGF superfamily (19). The effects of a number
of BMPs on articular chondrocytes have been studied. In general, BMP-4,-6, and-7
appear to enhance the chondrogenic phenotype, as seen by an increase in type II collagen
and proteoglycan synthesis and reduction in synthesis of type I collagen, the major
organic component of bone (47-49). However, studies reveal that other members of the

BMP family may promote the opposite effect on articular chondrocytes (48) and may



lead to osteophyte formation (42) and GAG release in articular cartilage (50).
Additionally, comparison studies with BMPs and TGF-f3s suggest that BMPs may not be
as potent as TGF-B1 in promoting proteoglycan synthesis and overcoming the effects of
catabolic cytokines (42, 51).
IGFs

Insulin-like growth factors 1 and 2 (IGF-1 and IGF-2), which exhibit close
homologies to insulin, have been isolated from a number of tissues, including articular
cartilage. These growth factors were initially discovered as sulfation factors or
somatomedins which promote sulfate incorporation into proteoglycans (33, 52). In
articular cartilage, these growth factors act primarily in an anabolic fashion to increase
proteoglycan and type II collagen synthesis (33, 38, 52, 53). IGF-1 also appears to
influence cellular differentiation (54-56) and specific integrin expression (57).

IGF-1,also known as somatomedin C, is the predominant form of IGF in adults
(15). Like TGF-B1, IGF-1 and IGF-2 are synthesized in latent forms of 130 and 180
amino acid chains, respectively. Active IGF-1 is actually a single chain of 70 amino acids,
while active IGF-2, also known as somatomedin A, is a chain of 67 amino acids (19).
IGF activity is regulated by six known IGF binding proteins (IGFBPs). A number of
these binding proteins are secreted by chondrocytes and regulate IGF by sequestering it
from cell surface receptors. Recent research indicates that IGFBP-3 is maintained in
articular cartilage through association with fibronectin and heparan sulfate proteoglycans

in the pericellular matrix surrounding chondrocytes (58, 59).



Table I-1: Regulatory effects of growth factors and cytokines in articular cartilage

Regulatory Effect Growth Factor/Cytokine References
Chondrogenic differentiation TGE-p1 (10, 27-31, 60)
of progenitor cells IGF-1 (54-56)
PDGF 31
TGF-B1 (36, 3(76,14;4, 61)
Chondrocyte proliferation IGF-1 (44, 62, 63)
FGF 37)
EGF
. . TGF-p1 (32-35, 39, 61)
Matrix synthesis BMP-2, 4, 6, 7 (42, 47-49)
IGF-1 (33, 38, 52, 53, 61, 64)
oy TGF-B1 (38, 40, 65)
MMP inhibition IGF-1 (65)
IL-4,6 (66, 67)
Chemotaxis of inflammatory TGF-1 (21, 41)
cells FGF (68)
TGF-B1 (35, 41-43)
: . BMP-2 (42)
Ossification FGE (43)
PDGF 41
VEGF (69, 70)
FGF (71, 72)
. . PDGF (71)
MMP stimulation IL-1p, 17, 18 (71, 73-75)
TNF-a (71)
BMP-2 (50)
. : FGF (76-79)
Matrix degradation PDGF (41)
EGF (80)
IL-1B, 18 (34, 38, 40, 64, 73)
TNF-a (34, 81)
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FGF

Heparan sulfate also stores fibroblast-derived growth factor (FGF) in the
extracellular matrix of articular cartilage (72). FGF is an important mitogen for cells of
mesodermal origin and plays an important role in angiogenesis, serving as a mitogen and
chemoattractant for endothelial cells (19, 68). Although two forms of FGF exist, basic (b-
FGF) and acidic (a-FGF), these 14-16 kDa proteins appear to exert similar effects (19).
Early studies, in which FGF was seen to promote DNA synthesis (44) and cell
proliferation in articular cartilage (62, 63), suggested FGF’s anabolic role in cartilage
tissue. However, these studies only evaluated the short term effects of FGF. In another
study, rabbit articular chondrocytes cultured with 0.4 ng/ml bFGF experienced a change
in morphology towards characteristics of flat, fibroblastic cells (45). More recently, FGF
has been detected in osteophytes and throughout articular cartilage in osteoarthritic
patients (43). FGF has also been shown to inhibit type II collagen and proteoglycan
synthesis (76-79) and to induce synthesis of MMPs (71, 72).
PDGF, EGF, and VEGF

While TGF-fs, BMPs, IGFs, and FGF have been the most widely investigated
growth factors isolated from cartilage, a number of growth factors, including platelet-
derived growth factor (PDGF), epidermal growth factor (EGF), and vascular endothelial
growth factor (VEGF), play an important role in healthy and injured articular cartilage.
PDGF, a 30 kDa glycoprotein, is a known chemotractant and stimulant of macrophages
and fibroblasts during wound healing (82). PDGF has also been shown to affect MSC
differentiation (31), MMP expression (71), and ossification (41). EGF, a smaller 1.6 kDa
protein, is sometimes considered a hormone since it circulates in the blood, and may

therefore, act on a number of different cell types (19). In culture, EGF promotes short
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term DNA synthesis and proliferation of chondrocytes (37) and a decrease in type Il
collagen expression (80). VEGF, a 23 kDa polypeptide, acts synergistically with bFGF in
the induction of angiogenesis (19). VEGF is found in elevated levels in the osteoarthritic

cartilage (70) and appears to be necessary for endochondral bone formation (69).

Cytokines

ILs
Recent research points to a family of cytokines, the interleukins (ILs), as

important agents in articular cartilage repair. ILs, originally identified in the supernatants
of human lymphocyte cultures, are also secreted by macrophages, fibroblasts,
chondrocytes, and synovial cells and interact with a number of growth factors and
signaling molecules to affect inflammation and wound healing (66, 82, 83). A number
ILs, including IL-1, -4, -6, -10, and -17, are upregulated in osteoarthritic joints (74, 83).
Interluekin-1 (IL-1) appears to play a central role in cartilage degeneration. IL-1
is actually two proteins that bind to a common receptor. While IL-1a is expressed as a
membrane-associated protein, IL-1B is secreted as a soluble protein, and thus, exerts a
wide range of effects (82). IL-1B, acts as an antagonist of TGF-B1, suppressing
expression of proteoglycans, type II collagen, and TIMP-1 in human articular
chondrocytes cultures (34, 40). In addition, IL-1f induces the expression of MMPs (71)
and the subsequent degradation and loss of proteoglycans from articular cartilage
explants (38, 64). IL-1B also stimulates bFGF release and upregulates nitric oxide
synthase, the enzyme responsible for synthesizing harmful nitric oxide radicals (75).
IL-18 exerts effects similar to IL-1p, demonstrating ability to upregulate MMPs,
enhance nitric oxide production, and stimulate GAG release from articular cartilage

explants (73). IL-17 also upregulates MMP expression in chondrocytes culture (74).
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However, other interleukins, such as IL-4 and IL-6, appear to regulate the catabolic
effects of 4these molecules by enhancing TIMP-1 production in articular chondrocytes (66,
67). Moos et al. explored the interactions of several ILs and other signaling molecules
and found a closely regulated pattern of expression among IL-1, 4, 10 and TGF-1. It
particular, IL-1B was shown to upregulate expression of TGF-B1. However, no regulatory
counterpart was identified for another inflammatory cytokine, tumor necrosis factor-a
(TNF-0) (83).
TNF

TNF-a belongs to a group of cytokines which commonly exert cytotoxic effects
on many cell types but may also exert stimulating influences. This group was originally
named for its ability to regress some tumors in mice. TNF-q, a 17 kDa trimeric protein, is
predominantly secreted by macrophages (82). TNF-o is expressed in osteoarthritic
cartilage but not in normal articular cartilage (84). This cytokine shares many functions
with IL-1PB, including suppression of proteoglycan synthesis, stimulation of collagen
degradation, and induction of MMP expression, but appears to be less active than IL-1B
(34,71, 81).
Articular Cartilage Pathology

The body’s response to articular cartilage defects resulting from trauma upon
impact or loading depends on the lesion depth. Partial defects do not penetrate the
underlying subchondral bone, and therefore, do not contact the host of cells and bioactive
molecules in the underlying bone marrow. Accordingly, an intrinsic response ensues as
the surrounding cartilage independently attempts to regenerate new tissue. In contrast,

full thickness defects penetrate the subchondral bone and contact the marrow. Thus, an
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extrinsic response dominates the repair process as blood from the marrow delivers MSCs,
fibroblasts, and inflammatory cells to the wound site (2, 4, 7, 85). In general, both partial
thickness and full thickness articular cartilage lesions do not result in complete tissue
regeneration and subsequent tissue degeneration at the wound site may lead to the onset
of osteoarthritis (1).
Partial Thickness Lesions

With partial thickness lesions, chondrocyte proliferation and clustering near the
defect site begins soon after joint trauma. However, migration of cells farther from the
defect appears to be inhibited by entrapment in the dense extracellular matrix (4, 86).
Newly formed superficial tissue forms a sloping shoulder at the side of the defect but
fails to remodel and integrate with the surrounding cartilage. Accordingly, further
abrasion of the articular surface during loading and exposure of the subchondral bone
frequently results (4, 87).
Full Thickness Lesions

With full thickness lesions, blood from the marrow facilitates formation of a
fibrin clot within approximately two days of the trauma (2). MSCs quickly penetrate the
clot, differentiate into chondrocytes, and begin synthesizing proteoglycan and type II
collagen-rich extracellular matrix. However, inflammatory cells release cytokines which
initiate scar tissue deposition and promote angiogenesis. In general, fibrocartilage, which
has decreased proteoglycan content and increased type I collagen content, fills the defect.
This tissue may undergo further degeneration and become completely vascularized,

leading to osteoarthritis (2, 3, 7, 85).
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Osteoarthritis

Symptoms of osteoarthritis are similar to those of articular cartilage lesions,
including persistent pain, swelling, and catching of the joint (1). Enhanced breakdown of
the cartilage matrix coupled with reduced synthesis of matrix components by articular
chondrocytes results in the destruction of joint cartilage (83). Decreased proteoglycan
content and increased water content in articular cartilage, as well as, elevated
concentrations of proteoglycans and fibronectin fragments in the synovial fluid are
characteristic of osteoarthritis due to the upregulation of MMPs in degenerative
chondrocytes (6, 65, 88, 89). As the articular surface becomes fillibrated, loose cartilage
fragments may attach to the synovial membrane, become vascularized, and form bony
growths, known as osteophytes. Angiogenesis from the synovium and underlying marrow

is thought to result in ossification, the calcification of joint cartilage (90).

Drug Delivery Strategies
Current clinical treatments for articular cartilage lesions utilize arthroscopic

techniques to contact the underlying bone marrow by abrasion or drilling, and thus,
populate defects with blood, MSCs, and bioactive molecules (1). In severe cases, open
joint surgery must be performed to completely replace the joint or to realign the joint and
relieve contact stress at degenerative sites (90). However, each of these techniques
inflicts further joint damage and typically results in fibrocartilage repair tissue (2).

To enhance the quality of tissue repair, an active area of research seeks to
revolutionize the treatment of articular cartilage by administration of therapeutic agents.
However, since many drugs, growth factors, and other bioactive molecules may act
systemically to exert a spectrum of effects, clinical drug therapies must provide a means

of targeting and localizing these agents to specific tissues. Furthermore, subcutaneous,
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intravenous, or intra-articular delivery of growth factors or other agents frequently
requires concentrations much higher than physiological levels due to molecular diffusion
and protein deactivation. Accordingly, new drug therapies must develop highly efficient,
controlled systems capable of safely delivering drugs to damaged tissues. The following
section discusses drug delivery strategies aimed at regulating inflammatory cytokines,
decreasing matrix degradation, and regulating the cellular activities in damaged articular
cartilage.
Regulation of Inflammatory Cytokines

In articular cartilage defects, penetration of the subchondral bone appears to be
necessary for the migration of important progenitor cells. However, contacting the bone
marrow also allows rapid migration of inflammatory cells and blood cells which secrete a
number of cytokines and initiate a wound healing response that may lead to cartilage
destruction, vascularization, and ossification (91). Non-steroidal anti-inflammatory drugs
(NSAIDs), appear to help alleviate the joint pain associated with inflammation but have
numerous side effects and may actually enhance production of the catabolic cytokine IL-
1 (18, 92). However, novel methods of regulating IL-1 and other catabolic signaling
molecules are being investigated.

An obvious means of controlling IL-1 is to regulate its IL-receptor binding ability.
One strategy for preventing receptor binding has examined polyclonal antibodies directed
against IL-1o and IL-1f. In arthritic murine joints, IL antibodies were shown to prevent
proteoglycan suppression for approximately two days. However, antibodies against TNF-
a and IL-6 did not reduce proteoglycan synthesis (93). Another strategy to regulate IL-

receptor binding centers on competition for receptor binding sites through the use of IL-1
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receptor antagonist protein (IRAP), a protein with affinity for both forms of the IL-1
receptor. In vitro and in vivo, IRAP has been shown to reduce IL-1 stimulated
proteoglycan loss (93, 94). However, clinical trials resulted in serious injection-site
reactions in 62% of patients (95). Accordingly, strategies focusing on IL-receptor binding
may not provide safe treatments due to these side effects and their lack of specificity to
cartilage tissue.

Growth factors, such as the TGF-Bs, BMPs, and IGFs, may offer an alternative
means to counter the actions of IL-1, since these molecules seem to promote anabolic
activities. In vitro, TGF-Bl1 has been shown to overcome IL-1 suppression of
proteoglycan synthesis and IL-1 stimulation of collagen and MMP release (39, 40). In
vivo research demonstrates that three, 200 ng injections of TGF-f1 over the course of
four days were capable of overcoming suppression of proteoglycan synthesis in murine
knee joints concurrently treated with 1 ng IL-1. Similar treatment with BMP-2 was not
able to overcome IL-1 suppression (96, 97). IGF-1 has also been shown to counter the
catabolic effects of IL-1 on proteoglycan synthesis in cartilage explants (64). However,
osteoarthritic patients have elevated levels of IGF binding proteins which maintain stores
of latent IGF-1 in extracellular matrix, and therefore, may limit IGF therapies in vivo (98).

Although TGF-B1 appears to be a powerful moderator of IL-1, repeated 200 ng
intra-articular injections of TGF-B1 into murine knee joints were also shown to induce
osteophytes (35). Therefore, TGF-f1 must be administered in a controlled manner which
ensures local delivery of low dosages. To achieve sustained release, biodegradable
osteochondral implants composed of 50:50 poly(lactic acid-co-gylcolic acid) (PLGA)

polymers have been examined as drug carriers. During the fabrication process, polymer
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and a TGF-B1 solution were mixed and subjected to compression molding. These
delivery vehicles were implanted to full thickness defects in rabbits. Fifty percent of
implants loaded with TGF-B1 improved the quality of tissue repair over unloaded
implants, as assessed by histological evaluation. However, the neo-cartilage exhibited
inferior mechanical properties when compared to normal cartilage (99). These
investigators expanded their study to full thickness defects in goats and found similar
results with incomplete cartilage restoration in all defects at 18 weeks (100). The activity
and release profile of TGF-B1 from these carriers was not examined but may be helpful in
refining this and other delivery systems.

Alternative biodegradable carriers for TGF-f1 and other drugs have been
investigated and include polymer hydrogels and microparticles, as well as, collagen,
fibrin, chitosan, and hyaluronan based materials (61, 101-108). For instance, collagen
sponges, impregnated with high doses (5 pg) of BMP-2, have been implanted into full
thickness defects in rabbits. While untreated defects and defects treated with unloaded
sponges resulted in fibrous tissue with clefts and fissures, defects with BMP-2 loaded
sponges resulted in repair cartilage of seventy percent the normal thickness of articular
cartilage and only mild fibrillation (104). It should be noted, however, that the remaining
portion of BMP-2 treated defects were filled with bone tissue, a probable consequence of
the high BMP concentration.

Microsphere drug encapsulation offers a non-invasive means of delivering growth
factors and other regulatory molecules to degenerative cartilage. Unlike scaffolds,
microparticles may be injected into defects to providé controlled drug release.

Microspheres of N, N-dicarboxymethyl chitosan (DCMC), a copolymer of N-
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acetylglucosamine and glucosamine, have been formulated and impregnated with BMP-7
to regulate the inflammatory response in full thickness rabbit articular cartilage lesions.
Delivery of BMP-7 was able to stimulate chondrocyte proliferation and reduce
vascularization and the influx of fibroblast-like cells into these lesions (108). Accordingly,
while BMP-2 may not be capable of overcoming the catabolic effects of IL-1, other
BMPs may prove to be effective.

PLGA microspheres loaded with paclitaxel, a chemotherapeutic agent that
suppresses angiogenesis and cellular proliferation, have been tested assessed for their
anti-inflammatory potential. Preliminary studies with intra-articular delivery of these
microspheres to isolated equine metacarpophalangeal joints demonstrated
biocompatibility and minimal disruption of the hemodynamic forces which might
influence drug removal from the joint space (102). PLGA nanospheres have also been
explored as carriers for local delivery of betamethasone, a water-soluble corticosteroid.
In antigen-induced arthritic rabbits, phagocytosis of these nanospheres by synovial cells
was able to reduce joint swelling (109). Although corticosteroids have a number of side
effects, this study’s use of nanospheres for drug localization via phagocytosis presents a
novel delivery strategy.

Regulation of Matrix Degradation

Instead of concentrating on the catabolic signaling molecules involved in cartilage
destruction, other researchers are examining the anabolic factors and matrix components
which IL and other cytokines appear to influence. Thus, these strategies propose to
enhance cartilage repair through delivery of protective growth factors and other matrix

components to directly influence matrix metabolism (17, 33, 65).
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To prevent proteoglycan loss from aged or injured articular cartilage, many
researchers are focusing on the IGF-1 signaling cascade, since this factor has repeatedly
demonstrated anabolic effects on matrix metabolism. IGF binding proteins, which
regulate extracellular stores of IGF, are overexpressed in the cartilage and synovial fluid
of patients with osteoarthritis and may hinder IGF-controlled processes (17). Martin et al.
have investigated the effect of elevated IGF binding proteins on proteoglycan synthesis.
This study revealed that increasing concentrations of IGF binding protein-3 (IGFBP-3)
decrease in vitro matrix synthesis in rabbit articular chondrocytes. Addition of fibronectin,
which associates with IGFBPs in the extracellular matrix, enhanced the destructive
effects of IGFBP-3 (98). Further research demonstrates that these effects may be
mitigated by IGF-1 analogs which have decreased affinity for IGFBPs but still activate
IGF receptors to promote proteoglycan synthesis in articular cartilage explants (33). Thus,
regulation of the IGF axis through peptide delivery may prove helpful in preventing
proteoglycan loss. However, controlled peptide delivery of IGF-1 analogs remains to be
investigated.

Other strategies aimed at suppressing degradation of cartilage matrix components
include attempts to down-regulate MMPs and to up-regulate the tissue inhibitors of
MMPs (TIMPs). In one study, both IGF-1 and TGF-B1 were demonstrated to reduce
MMP-1 and -8 activity and mRNA levels of MMP-1, 3, and 8. However, TGF-B1 had a
more potent effect on MMP activity and was also able to increase TIMP expression (65).

Additional research suggests that delivery of TIMPs to damaged articular
cartilage may not prevent proteoglycan loss since TIMP expression is regulated by IL-1

(40, 110). However, a synthetic inhibitor of MMPs has demonstrated potential in
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preventing cartilage breakdown in IL-1f-stimulated cartilage explants. This low
molecular weight inhibitor contains a sequence which MMPs are known to cleave, as
well as a hydroxamic acid moiety that binds to the zinc ion of MMP’é active site (110).
Although, this inhibitor was unable to fully reverse the catabolic effects of IL-1, its
synthetic origin allows for possible modifications to improve its therapeutic effects and to
develop a method of controlled delivery.

Another synthetic peptide (TP508), which has the receptor binding domain of
thrombin, appears to have potential in articular cartilage repair. TP508 has been shown to
promote collagen II expression (111) and has been incorporated into a controlled drug
delivery system (112, 113). When applied to full thickness lesions in rabbits, collagen
gels embedded with TP508-loaded PLGA microspheres resulted in enhanced GAG
content and a smooth articular surface at eight weeks. Likewise, IGF-1 analogs or
synthetic TIMP peptides may exhibit further therapeutic benefit for articular cartilage
when combined with either a microsphere or nanosphere drug delivery system.

Cellular Regulation

The slow metabolic rates of chondrocytes and their entrapment within the dense
extracellular matrix are believed to be significant factors undermining the low repair
inability of articular cartilage. Accordingly, research has focused on the use of bioactive
molecules to regulate the chemotaxis, proliferation, and differentiation of both articular
chondrocytes and progenitor cells.

Repair of chondral defects by recruitment of progenitor cells from the synovial
membrane, in contrast to the clinical technique of contacting bone marrow MSCs, has

been investigated (60). In order to promote cell migration into porcine and rabbit
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chondral defects, the enzymes chondroitinase ABC and trypsin were administered to the
surface of defects. Like MMPs, chondroitinase ABC and trypsin digest the GAG chains
and protein cores of proteoglycans. Although enzymatic treatment increased cell
migration at four weeks, cell coverage only extended over the walls and floor of the
defect and did not fill the central cavity. When enzymatic treatment was combined with
the subsequent injection of 6 ng/ml TGF-p1, coverage was improved to multiple cell
layers but was still incomplete. However, enzymatic treatment followed by application of
a fribinogen/thrombin solution containing 6 ng/ml TGF allowed for complete filling of
the defect cavity with cells and a fibrous extracellular matrix. Treatment of defects with
enzymatic treatment and higher concentrations of other growth factors (IGF-1, EGF, and
FGF) within the fibrin matrix did not appear to be as effective in cell recruitment (60).
This study demonstrates the profound effect that local drug delivery from a scaffold,
rather than free injections, may have on tissue repair.

This work was recently extended to porcine full thickness defects. However, a
membrane barrier was used to prevent MSC infiltration from the underlying bone marrow.
Additionally, a higher dose of TGF-Bl1 (200 — 3200 ng/ml) was encapsulated in
liposomes and added to the original fibrinogen/thrombin/TGF-B1 solution (114). Thus,
liposome-encapsulated TGF-B1 was intended to provide sustained, localized drug
delivery while the initial release of TGF-B1 from the fibrin matrix served as a
chemotactic agent for synovial cells. Liposomal TGF-B1 concentrations between 200-900
ng/ml were reported to stimulate chondrogenesis in concentration dependent fashion.
However, concentrations of TGF-B1 above 900 ng/ml resulted in significant side effects,

including osteophyte formation (114). Accordingly, this work provides valuable insight
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into the effects that drug dose and delivery method may have on cartilage repair. Further
knowledge may be gained from examining the release kinetics of TGF-f1 from the
matrix-embedded liposomes to develop correlations between cellular activities and
release profiles.

Another pertinent study examined the potential of using photocrosslinked
poly(ethylene oxide)-based hydrogels as carriers for both growth factors and
chondrocytes for cartilage repair. TGF-f1 and IGF-1 were encapsulated into PLGA
microspheres and then mixed with a polymer/cell solution, prior to hydrogel
photopolymerization. In vitro culture of these bovine articular chondrocyte constructs
demonstrated a significant increase in GAG content and cell content after approximately
two weeks. In vitro release profiles of PLGA microspheres embedded in cell-free
hydrogels allowed for a comparison of release kinetics with trends in matrix synthesis
and cell proliferation (61). Similar experiments with other drug delivery systems may
provide useful information on the temporal sequence of cellular activation by these
bioactive agents.

Conclusions

Numerous growth factors and cytokines have been isolated from articular
cartilage and identified as important regulatory molecules in wound healing, matrix
synthesis, and cellular migration, proliferation, and differentiation. Among these
molecules, TGF-B1, IGF-1, and members of the BMP family of proteins appear to exert
mainly anabolic effects on articular cartilage. Catabolic cytokines, such as IL-1 and TNF-
a, are implicated in many of the destructive events which lead to cartilage degeneration.

Drug delivery strategies have concentrated on ways to regulate IL-1’s destructive effects,
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to prevent loss of important matrix molecules, and to promote chondrocyte proliferation
in articular cartilage defects. Studies indicate TGF-flas a potential therapeutic agent in
each of these strategies. However, since pathological side effects have been associated
with TGF-B1 and other potential candidates, safe methods of sustained, localized delivery
are necessary for clinical use of these molecules. Furthermore, a greater understanding of
the required therapeutic dose and release kinetics associated with these drug systems will

be important in effectively targeting specific molecular and cellular events.
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II. SPECIFIC AIMS
Healthy articular cartilage, the thin tissue lining diarthrodial joints, plays a vital

role in pain-free movement. However, adult articular cartilage exhibits a very limited
intrinsic ability for repair, and current surgical treatments for articular cartilage lesions
demonstrate incomplete restoration of tissue structure and function. Accordingly, this
research seeks to develop biodegradable hydrogels as controlled drug delivery systems
and to utilize these systems to explore the role of growth factors in cartilage repair.

Specifically, this work investigates the potential of oligo(poly(ethylene glycol)
fumarate) (OPF) hydrogels as novel release systems towards the following objectives:

1. Determination of the effects of OPF mesh size and gelatin microparticle loading
on protein release profiles to fabricate growth factor delivery systems with
varying in vitro release kinetics

2. Further assessment of growth factor release rates and material degradation
profiles in conditions that model the cartilage wound healing environment

3. Evaluation of the biocompatibility and biodegradability of these hydrogel systems
in osteochondral defects

4. Extension of these systems for dual delivery of TGF-B1 and insulin-like growth
factor (IGF-1)

5. Investigation of the potential effects of TGF-B1 and IGF-1 in osteochondral repair
in vivo
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III. IN VITRO RELEASE OF TRANSFORMING GROWTH FACTOR-B1 FROM GELATIN
MICROPARTICLES ENCAPSULATED IN  BIODEGRABABLE, INJECTABLE
OLIGO(POLY(ETHYLENE GLYCOL) FUMARATE) HYDROGELS'

Abstract
This research investigates the in vitro release of transforming growth factor-p1

(TGF-B1) from novel, injectable hydrogels based on the polymer oligo(poly(ethylene
glycol) fumarate) (OPF). These hydrogels can be used to encapsulate TGF-p1-loaded-
gelatin microparticles and can be crosslinked at physiological conditions within a
clinically relevant time period. Experiments revealed that OPF formulation and
crosslinking time may be adjusted to influence the equilibrium swelling ratio, elastic
modulus, strain at fracture, and mesh size of these hydrogels. Studies with OPF-gelatin
microparticle composites revealed that OPF formulation and crosslinking time, as well as
microparticle loading and crosslinking extent, influence composite swelling. In vitro
TGF-B1 release studies demonstrated that burst release from OPF hydrogels with a mesh
size of 136 A was approximately 53%, while burst release from hydrogels with a mesh
size of 93 A was only 34%. For hydrogels with a large mesh size (136 A), encapsulation
of loaded gelatin microparticles allowed burst release to be reduced to 29-32%,
depending on microparticle loading. Likewise, final cumulative release after 28 days was
reduced from 71% to 48-66% by encapsulation of loaded microparticles. However,
inclusion of gelatin microparticles within OPF hydrogels of smaller mesh size (93A) was
seen to increase TGF-B1 release rates. The equilibrium swelling ratio of the microparticle
component of these composites was shown to be’ greater than the equilibrium swelling

ratio of the OPF component. Therefore, increased release rates are the result of disruption

* This chapter was published as the following article: TA Holland, Y Tabata, and AG Mikos, In Vitro
Release of Transforming Growth Factor-B1 from Gelatin Microparticles Encapsulated in Biodegradable,
Injectable Oligo(Poly(Ethylene Glycol) Fumarate) Hydrogels, J. Control. Release, 91, 299-313 (2003).
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of the polymer network during swelling. These combined results indicate that the kinetics
of TGF-B1 release can be controlled by adjusting OPF formulation and microparticle
loading, factors affecting the swelling behavior these composites. By systematically
altering these parameters, in vitro release rates from hydrogels and composites loaded
with TGF-B1 at concentrations of 200 ng/ml can be varied from 13—170 pg TGF-B1/day
for days 1-3 and from 7-47 pg TGF-Bl/day for days 6-21. Therefore, these studies
demonstrate the potential of these novel hydrogels and composites in the sustained
delivery of low dosages of TGF-f1 to articular cartilage defects.

Abbreviations

GA, glutaraldehyde; IEP, isoelectric point; OPF, oligo(poly(ethylene glycol) fumarate);
OPF3K, OPF synthesized with PEG of molecular weight 3350; OPF10K, OPF
synthesized with PEG of molecular weight 10,000, OPF3K-10min, OPF3K crosslinked
for 10 min; OPF3K-30min, OPF3K crosslinked for 30 min; PBS, phosphate buffered
saline; PEG, poly(ethylene glycol); TGF-B1, transforming growth factor-p1;

Introduction _

Advances in the fields of biology and cell and molecular engineering have
allowed scientists to identify numerous bioactive agents, including members of the
transforming growth factor, bone morphogenic protein, and insulin-like growth factor
families, which are important to the maintenance and repair of articular cartilage (17, 18).
Since articular cartilage lesions typically remain unhealed and often lead to further tissue
degeneration and the onset of osteoarthritis (1), understanding the physiological role of
these proteins in the wound healing cascade is of critical importance in advancing the
treatment of articular cartilage defects. Most of the research in this field has centered on
examining the in vitro effects which these molecules have on chondrocytes cultured in

the presence of one or more growth factors or cytokines (115). However, as the fields of
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tissue engineering and biomaterials merge with molecular and cellular biology, new drug
delivery vehicles can be utilized to study the in vivo effect of these molecules on articular
cartilage repair. Accordingly, this paper details the design and development» of a novel,
biodegradable hydrogel for the controlled delivery of transforming growth factor-Bli
(TGF-B1) to articular cartilage.

A host of tissue scaffolds have been examined for articular cartilage repair,
including synthetic poly(glycolic acid) (PGA) and poly(L-lactic acid) (PLLA) polymer
meshes, as well as constructs derived from natural materials such as collagen, fibrin, and
hyaluronic acid (116). Hydrophilic materials that can be processed into hydrogels are
among the most promising candidates for cartilage repair, since cartilage itself has a
water content of approximately 75% (3, 117). Although natural materials such as gelatin,
collagen, and hyaluronic acid can be formulated into gels, synthetic polymer hydrogels
are often preferred since these materials can be easily reproduced with tailored
mechanical, physical, and chemical properties (118). Biomaterials formulated to serve as
both tissue scaffolds and drug delivery vehicles for articular cartilage should be both
biodegradable and biocompatible. Additionally, these materials must offer a means for
preserving drug bioactivity during processing and for controlled release of therapeutic
drug levels in vivo.

The research presented here examines the material properties which influence the
in vitro release kinetics of transforming growth factor-B1 (TGF-Bf1) from novel
oligo(poly(ethylene glycol) fumarate) (OPF) hydrogels. OPF, a water soluble polymer,
can be injected into a defect site and crosslinked in situ at physiological conditions.

These hydrogels have been shown to be biocompatible and biodegradable (119, 120).
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Furthermore, as this research demonstrates, gelatin microparticles can be loaded with
TGF-B1 after microparticle fabrication and then be encapsulated within OPF hydrogels to
provide greater control over drug release. Previous research has shown that in vivo
protein release from gelatin microparticles is dependent on enzymatic degradation of
gelatin (121). Accordingly, OPF hydrogels with encapsulated gelatin microparticles offer
a means of delivering TGF-B1 to articular cartilage as key enzymes in the wound healing
process initiate tissue remodeling.

Before such a delivery device is examined in vivo, the kinetics of in vitro release
should first be investigated so that tissue response may be correlated with the time course
of drug delivery. Consequently, the goal of this research was to systematically explore
the material properties of OPF hydrogels and OPF-gelatin microparticle composites
which may influence in vitro TGF-B1 release. Specifically, the objectives of this work
were as follows:

1. To investigate the effects of OPF formulation and crosslinking time on
hydrogel swelling, mechanical properties, and mesh size.

2. To evaluate the effects of microparticle loading and crosslinking extent on the
swelling properties of OPF-gelatin microparticle composites.

3. To determine whether the in vitro release profiles of TGF-B1 could be altered

by varying OPF formulation and crosslinking time, microparticle loading, and
microparticle crosslinking extent.

Experimental Methods

Gelatin Microparticle Fabrication
Acidic gelatin (Nitta Gelatin Inc., Osaka, Japan) with an isoelectric point (IEP) of

5.0 was used for microparticle fabrication according to a previously established method

(122). Briefly, 5 g gelatin was dissolved in 45 ml ddH,0 by mixing and heating (60°C).
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This aqueous gelatin solution was added dropwise to 250 ml olive oil while stirring at
500 rpm. The temperature of the emulsion was then decreased to approximately 15°C
with constant stirring. After 30 min, 100 ml chilled acetone (4°C) was added to the
emulsion. After 1 hour, the resulting microspheres were collected by filtration and
washed with acetone to remove residual olive oil.

Microspheres were crosslinked by incubation in a 0.1 wt% solution of Tween 80
(Sigma, St. Louis, MO) in ddH,O containing either 10 mM or 40 mM glutaraldehyde
(GA) (Sigma, St. Louis, MO). This crosslinking reaction was maintained at 15°C for
approximately 15 h while stirring at 500 rpm. Crosslinked microparticles were collected
by filtration, washed with ddH,O, and then agitated in a 25 mM glycine solution to block
residual aldehyde groups of unreacted GA. After 1 hour, microparticles were again
collected by filtration, washed with ddH,O, and then vacuum dried overnight. After
drying, the microparticles were sieved to obtain particles 50-100 pm in size.
Microparticle Swelling

Gelatin microparticle crosslinking extent was assessed by examining
microparticle swelling in 0.01 M phosphate buffered saline (PBS) at pH 7.4. Specifically,
50 mg gelatin microparticles were swollen overnight in 20 ml PBS while agitated on a
shaker table at 100 rpm. After 24 h, the swollen microparticles were collected on filter
paper to remove surface water and placed in a vial of known weight (W,). The weight of
the swollen microparticles and vial was then recorded (Ws,). After vacuum drying for 24
h, the weight of the dry microparticles and vial was recorded (Wq,). Accordingly, the

fold swelling ratio (S) of gelatin microparticles was calculated as follows,
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S Ws,v - Wd \4
W, -W

This ratio provides an indication of how water is absorbed per g microparticle. Fold
swelling ratios for microparticles crosslinked with 10 and 40 mM GA were determined
with n = 5 for each experiment.

Volumetric equilibrium swelling ratios of loaded-gelatin microparticles were

estimated by the following equation,

_1+8p
1+sp

where S is the fold swelling ratio (defined above), s is the ratio of drug solution (ml) per
g microparticles used in microparticle loading (5 ml/g as described below), and p is the
density of dry microparticles (g/ml).
Microparticle Loading

For release studies, microparticles were loaded with TGF-B1 by swelling in
aqueous TGF-B1 solutions at pH 7.4 according to established methods (122, 123). At this
pH, TGF-B1 (with an IEP of 9.5) is positively charged, and therefore, forms a polyionic
complexation with negatively charged acidic gelatin (IEP of 5.0) (124). Solutions of
TGF-B1 were composed of 1'% labeled-TGF-B1 (Perkin Elmer Life Sciences, Boston,
MA) and unlabeled-TGF-B1 (R&D Systems, Minneapolis, MN) in a mass ratio of 0.06 to
allow for detection of drug release. The TGF-B1 concentration in the swelling solutions
was varied according to the microparticle/polymer ratio of composites to achieve a final
TGF-B1 concentration of 200 ng/ml. This concentration of TGF-f1 has been shown to be
therapeutic in the treatment of full and partial thickness rabbit and porcine defects when

encapsulated in liposomes (105, 114).
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Specifically, microparticle loading was performed by adding Sul of TGF-Bl1
solution per mg microparticle to dried microparticles. This solution volume is below the
microparticles’ theoretical, equilibrium swelling volume to allow for complete drug
absorption. The resulting mixture was vortexed and incubated at 4°C for 15h. For
composite swelling studies, TGF-B1-free microparticles were prepared in a similar
method using PBS. Accordingly, all experimental measurements, unless otherwise stated,
were begun with microparticles in this initial, partially-swollen state.

OPF Synthesis

Two formulations of OPF were synthesized according to a method developed in
our laboratory by varying the molecular weight of the initial poly(ethylene glycol) (PEG)
(125). PEG, with initial average molecular weight 3350 (Dow, Midland, MI) and 10,000
(Aldrich, Milwaukee, WI) was used to synthesize OPF3K and OPF10K, respectively.
Approximately 50 g PEG was first azeotropically distilled in toluene to remove residual
water and then dissolved in 500 ml distilled methylene chloride. The resulting PEG
solution was placed in an ice bath and stirred while 0.9 moles triethylamine (TEA, Acros,
Pittsburgh, PA) per mole PEG and 1.8 moles distilled fumaryl chloride per mole PEG
were added dropwise. The reaction was maintained in a nitrogen environment. Upon
completion of reagent addition, the reaction vessel was removed from the ice bath and
stirred at room temperature.

After 48 h, polymer purification was begun with the removal of methylene
chloride by rotary evaporation. The OPF was then dissolved in ethyl acetate and vacuum-
filtered to remove the salt precipitate formed by the reaction of chloride with TEA.

Finally, OPF was recrystallized twice in ethyl ether, and the resulting powder vacuum
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dried for approximately 8 h. Dry, purified polymer was stored in a sealed vessel at -20°C
until use.
Gel Permeation Chromatography

OPF molecular weights were determined by gel permeation chromatography
(GPC) (Model 410; Waters, Milford, PA). Samples of both the initial PEG and final OPF
were dissolved in chloroform and filtered before injection into a Waters column (50-
100,000 Da range). The GPC was operated at a flow rate of 1 ml/min. Molecular weights
were determined from elution time based on a calibration curve generated with PEG
standards. Samples were run in triplicate.
Hydrogel and Composite Fabrication

OPF hydrogels, with no microparticle component, and OPF-gelatin microparticle
composites were fabricated using the same procedure. For swelling and release studies,
the effects of OPF formulation (initial PEG molecular weight and crosslinking time),
microparticle loading, and microparticle crosslinking extent were examined at the values
as shown in Table 1. To formulate hydrogels and composites, 0.15 g OPF was dissolved
in 395 pl of PBS containing 14 mg N,N’-methylene bisacrylamide (Sigma, St. Louis,
MO) as a crosslinking agent. Then the appropriate amount of microspheres (0, 8, or 32
mg) was added to this polymer solution with an additional 118 pl PBS. The resulting

mixture was thoroughly vortexed. Finally, 51 pl of 0.3 M tetramethylethylenediamine (in

PBS) (Sigma, St. Louis, MO) and 51 pl of 0.3 M ammonium persulfate (in PBS) (Sigma,
St. Louis, MO) were added to initiate crosslinking accordingly to established procedures
for OPF hydrogel crosslinking (126). After vortexing, the suspension was injected into a

Teflon mold and incubated at 37°C. After either 10 or 30 min, the resulting crosslinked
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hydrogel or crosslinked composite was removed and swollen in PBS or ddH,O prior to
use. The abbreviations OPF3K-10min, OPF3K-30min, and OPF10K-10min refer to the

OPF formulation and crosslinking time used in fabricating hydrogels and composites.

Table I1I- 1: Parameters for OPF-gelatin microparticle composites

OPF Formulation OPF3K-10 min OPF3K-30 min | OPF10K-10 min
g Microparticle High 0.20 0.20 0.20
g Polymer Low 0.05 0.05 0.05
GA Concentration for High 40 mM 40 mM 40 mM
Microparticle Crosslinking Low 10 mM 10 mM 10 mM

Rheometry
A rheometer (Model AR1000; TA Instruments, New Castle, DE) was used to

measure the complex viscosity of OPF3K and OPF10K hydrogels during the crosslinking
reaction. A flat, parallel plate geometry (0.8 cm in diameter) was attached to the motor
spindle and aligned with the sample well. Polymer and initiator solutions were combined
as described above, and then 750 pl of this solution was injected into the sample well and
maintained at 37°C. The flat plate was then lowered to a gap height of 11,000 pum above
the sample and allowed to oscillate, applying a sinusoidal stress wave to the sample. The
resulting strain wave was measured and used to calculate viscosity (1) by the equation,

@ = puy , where ¢ and y represent the shear stress and strain rate. Calculations were

performed using Rheology Solutions Software (TA Instruments, New Castle, DE). To
prevent hydrogel dehydration during the duration of the experiment, the hydrogel surface
was wetted with PBS approximately every 60 s. Gelation time was defined as the length
of time required until less than 1% change in complex viscosity was observed.

Experiments were conducted in triplicate for each OPF formulation.
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Tensile Testing

For tensile testing, the polymer and initiator solutions were combined as
previously described and then injected into a dog-bone shaped Teflon mold, with
dimensions specified by ASTM D638-98. Hydrogels formed from OPFI10K were
removed from the mold after 10 min of incubation at 37°C, while OPF3K hydrogels were
removed from the mold after 10 or 30 min of incubation at 37°C. All hydrogels were
immediately swollen in ddH,O for approximately 24 h.

An Instron testing machine (Model 5565, Canton, MA), equipped with a 50 N
load cell, was used to perform hydrogel tensile testing, according to ASTM D638-98.
Hydrogels were pulled at a rate of 25 mm/min to ensure fracture between 0.5 — 5 min.
Specimens were misted with ddH,O to maintain hydration throughout the experiment.
Load-displacement curves were recorded and converted to stress-strain curves using the
known initial cross-sectional area of the specimens. Tensile modulus was calculated as
the slope of the initial portion of the stress-strain curve. Strain at fracture (o) was
determined by the equation,

a=(L-L,)L,,
where Lo and L represent the initial and final specimen length, respectively. Strength at
fracture (1) was also determined for each specimen. The tensile properties of both
OPF3K-30min and OPF10K-10min hydrogels were examined with n = 5 for each OPF
formulation.
Hydrogel and Composite Swelling Studies

The volumetric swelling ratios of OPF3K and OPF10K hydrogels crosslinked for
30 and 10 min, respectively, were determined using a hanging pan balance according to

established procedures (127, 128). Crosslinking was performed as described above, and
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then a cork bore was used to cut hydrogels of appropriate dimensions (10 mm in diameter
and 1 mm in thickness). The volumetric swelling ratio (Q) of these hydrogels was

determined by the following equation,

Q=(1-9)==
v

where ¢ represents the hydrogel sol fraction. The parameters, v, and v,, respectively
represent the polymer volume fraction in the hydrogel after swelling and the polymer
volume fraction in the hydrogel after crosslinking but before swelling. Theses parameters
were calculated using the following equations,

_ Wa,d B Wn,d

= _ Wa,d B Wn,d
| Wa,s - Wn,s

v L=
W, -W.,

v

where W, and W,, respectively represent the weight of the crosslinked hydrogel
(before swelling) in air or in the non-solvent hexane. W, and W, correspond to weight
of the crosslinked hydrogel in air or in hexane after swelling for 24 h. W, 4 and W4 are
the weights of the crosslinked hydrogel in air or in hexane after swelling 24 h and then
vacuum drying for 24 h. The hydrogel sol fraction was calculated by the equation,

K\Va,r - wa,d
B KW

ar

@

>

where k represents the weight fraction of polymer in the solution just prior to crosslinking,
For all formulations, k = 0.21. Experiments were conducted with n = § for both OPF3K
and OPF10K hydrogels.

Folding (mass) swelling ratios (S) for OPF hydrogels and OPF-gelatin
microparticle composites were also determined using a method similar to the technique

for analyzing microparticle swelling. After crosslinking, a cork bore was used to obtain
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hydrogels and composites with the same dimensions (3 mm in diameter and 1 mm in
thickness) as those used for release studies. Fold swelling was calculated by the formula,

W, -W,,
W,

S

The effects of OPF formulation, microparticle loading, and microparticle crosslinking
extent on S were examined according to the parameters in Table 1. Fold swelling
experiments were conducted with n = 6 for all formulations.
Calculation of Molecular Weight between Crosslinks and Mesh Size

The molecular weight between crosslinks (M) of OPF3K and OPF10K hydrogels
crosslinked for 30 and 10 min, respectively, were calculated using previously established
theories which assume a Gaussian distribution of chain lengths between crosslinks (128,
129). This method for M. determination has been previously used to characterize OPF-
PEG diacrylate hydrogels (127). The formula for M., based on these assumptions, is
given by

1 Qf L2
M, a-(l/a’) RTC M,

<

where R is the gas constant (8.31 kPa'L/mol'K), T is the temperature at which tensile
testing was conducted (298 K), C is the mass concentration of polymer in solution before
crosslinking (0.27 kg/L), and M, is the OPF number average molecular weight. The
parameters T, o, and Q correspond to previously defined mechanical and swelling
properties of these hydrogels.

Mesh size (§) was also determined for these OPF hydrogels according the

following equation,
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=) 7]

where r_oz-is the end to end distance of polymer chains in the unperturbed state (128). ;0;

is estimated from the characteristic ratio (C,), given by

M
SEARK) Y,

I

where £ = 1.47 A, the weighted average of C-C and C-O bond lengths. C, is taken to be
4.0 for PEG (130). M, is the molecular weight of the polymer repeating unit (44 g/mol).
Error propagation methods were used to determine standard deviations for M¢ and & (131).
In Vitro TGF-P1 Release Study

Finally, the in vitro release of TGF-B1 from gelatin microparticles, OPF hydrogels,
and OPF-gelatin microparticle composites was examined over the course of 28 days. To
examine TGF-B1 release from microparticles, 5 mg of 10 or 40 mM GA microparticles
were loaded, as previously described, and incubated in 3 ml PBS at 37°C. OPF3K and
OPF10K hydrogels were loaded with TGF-B1 just prior to crosslinking by replacing 40 pl
of the 118 ul PBS addition with a solution of TGF-1. Composites were formulated with
loaded gelatin microspheres as described above and according to the parameters outlined
in Table 1. Both hydrogels and composites were crosslinked between two Teflon plates at
37°C for the designated time (10 or 30 min), and then gels of appropriated dimensions (3
mm in diameter and 1 mm in thickness) were obtained using a cork bore. These gels were
placed in 3 ml PBS and incubated at 37°C. All specimens were agitated on a shaker table
(70 rpm). After 0.5, 1, 2, 3, 6, 10, 14, 18, 21, and 28 days, the supernatant of each

specimen was collected and analyzed for radioactivity using a gamma counter (Cobra II
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Autogamma, Packard, Meridian, CT). The amount of TGF-B1 in the supernatant was
determined by correlation to a standard curve.

Cumulative release was determined by normalizing the total TGF-B1 released at
each time point with the sum of the total TGF-B1 released over the course of 28 days and
the TGF-B1 remaining in the gel at day 28. Release rates were determined by taking the
slope of the percent cumulative release curve for each sample over the stated range and
averaging the resultant slopes for each formulation. Accordingly, rates are stated in terms
of the change in the percent cumulative release per day. For all formulations of
microparticles, hydrogels, and composites, n was initially 6. However, some samples
were damaged in the collection of supernatant, resulting in an n of 4 to 6.

Statistical analysis

Results were statistically compared using the F test and Tukey’s multiple
comparison test (p < 0.05). Additionally, a factor effects analysis (132) was used to
analyze the potential single factor effects of OPF formulation (crosslinking time and
initial PEG molecular weight), microparticle loading, and microparticle crosslinking
extent on composite swelling (p < 0.05). Values are reported as average + standard

deviation.

Results

Microparticle Swelling
Gelatin microparticles formulated with 10 mM GA were found to exhibit a fold

swelling ratio of 12.2 £ 0.9. The swelling ratio of microparticles crosslinked with 40 mM

GA was found to be 10.5 = 0.4, significantly lower than the value for 10 mM GA
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microparticles. Volumetric equilibrium swelling ratios (Q) for loaded 10 and 40 mM GA
microparticles were estimated to be 2.0 and 1.8, respectively.
GPC

GPC analysis confirmed the number average molecular weights of the initial PEG
to be 2,850 + 30 and 8,580 + 180. The OPF synthesized with these PEG samples was
determined to be of initial number average molecular weight 5,200 + 110 (OPF3K) and
10,240 + 390 (OPF10K), respectively. The polydispersity indices of OPF3K and
OPF10K were determined to be 1.51 £ 0.02 and 1.15 £ 0.02, respectively.
Rheometry

Rheometry experiments demonstrated that OPF3K hydrogels require longer
crosslinking times than OPF10K hydrogels to achieve complete gelation at 37°C. The
gelation time for OPF3K hydrogels was 28.8 + 2.0 min, while the gelation time for
OPF10K hydrogels was only 10.5 £ 0.2 min. After 10 min, the viscosity of OPF3K
hydrogels reached approximately 23% of their final viscosity. However, after 10 min of
crosslinking at 37°C, OPF3K hydrogels retained their structure when removed from a
mold and swollen. Therefore, both OPF3K hydrogels crosslinked for 10 min and 30 min
were examined as drug delivery vehicles. Since OPF10K hydrogels are fully crosslinked
after 10 min, the effects of a longer crosslinking time were not explored for these
hydrogels.
Tensile Testing

Although, both OPF3K hydrogels crosslinked for 10 min and 30 min retain their
structural integrity for several days while swollen in PBS, OPF3K hydrogels crosslinked

for 10 min did not possess the mechanical integrity required for tensile testing according
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to ASTM D638-98. Accordingly, tensile testing of these hydrogels was not feasible.
Tensile testing of OPF3K and OPF10K hydrogels crosslinked for 30 and 10 min,
respectively, revealed that OPF3K hydrogels possess a significantly higher elastic
modulus (55.6 = 16.5) than OPF10K hydrogels (20.0 £ 1.4, see Table 2). However,
OPF3K hydrogels achieve a significantly lower strain at fracture (0.19 + 0.05) than
OPF10K hydrogels (0.46 + 0.08). Stress at fracture did not vary between OPF3K (10.4 +

2.7) and OPF10K (9.5 £ 0.8) hydrogels.

Table III- 2: Properties of OPF3K-10 hydrogels (crosslinked for 10 and 30 min) and
OPF10K hydrogels (crosslinked for 10 min), respectively. Mechanical and swelling
properties were statistically compared with asterisks indicating the greater value (p<0.05).

Hydrogel Formulation OPF3K-10min OPF3K-30min OPF10K-10min
Elastic Modulus (kPa) n/a 55.6+16.5* 200+ 1.4
Strain at Fracture (o) n/a 0.19+ 0.05 0.46+ 0.08 *
Stress at Fracture (t, kPa) n/a 104+ 2.7 8.5+0.8
Volumetric Swelling Ratio (Q) 1.3+ 0.1 1.2+ 0.0 33+02*
Fold Swelling Ratio (S) 18.2£4.0 155+ 4.1 253+£24%*
Molecular Weight Between
Crosslinks (M, g/mol) n/a 2380+ 70 4620 + 160
Mesh Size (§, A) n/a 93+ 3 136 + 3

Hydrogel Swelling
Hydrogel swelling experiments revealed a significant difference in both the

volumetric (Q) and fold swelling (S) ratios of OPF3K hydrogels and OPF10K hydrogels
(Table 2).mOPF10K hydrogel swelling ratios (Q = 3.3 = 0.2, S = 25.3 = 2.4) were
significantly greater than both OPF3K hydrogels crosslinked for 10 min (OPF3K-10min)
(Q=13+£0.1,S =18.2 + 4.0) and OPF3K hydrogels crosslinked for 30 min (OPF3K-
30min) (Q = 1.2 £ 0.0, S = 15.5 + 4.1). However, statistical differences were not
observed in the volumetric and fold swelling ratios of OPF3K-10min and OPF3K-30min

hydrogels.
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Hydrogel M, and ¢

Combining the results of tensile testing and volumetric swelling experiments, the
molecular weight between crosslinks (M;) and mesh size (£) of OPF hydrogels was
determined (Table 2). For OPF3K-30min hydrogels, M, was determined to be 2380 £+ 70
g/mol, while & was found to be 99 + 3 A. For OPF10K-10min hydrogels, M. was
determined to be 4620 + 160 g/mol, and & was found to be 136 + 3 A. Since tensile
testing of OPF3K hydrogels crosslinked for 10 min was not feasible, M, and £ were not
determined for this formulation.
Composite Swelling

Fold swelling ratios (S) for OPF-gelatin microparticle composites are shown in
Figure 1. A factor effects analysis was used to identify parameters of composites that
significantly influence swelling. Using this method to compare to fold swelling data for
composites formulated with OPF3K-10min and OPF3K-30 min, only crosslinking time
was found to significantly influence swelling (p < 0.05). Microparticle loading and
microparticle crosslinking extent were not significant factors affecting fold swelling.
However, when a factor effects analysis was used to compare fold swelling data for
composites formulated with fully crosslinked OPF (OPF3K-30min and OPF10K-10min),
OPF formulation, microparticle loading, and microparticle crosslinking extent were

found to be significant factors affecting swelling (p < 0.05).
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Figure III- 1: Fold swelling ratios for OPF-gelatin microparticle composites.
Parameters of composites correspond to Table 1. Error bars represent * standard
deviation with n = 6 for all formulations.
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In Vitro TGF-f1 Release Study
The cumulative release profiles of gelatin microparticles, OPF hydrogels, and

OPF-gelatin microparticle composites (Figures 2-6) were divided into four phases to
allow for quantitative comparison between formulations. Similar methods have been used
to describe TGF-B1 release profiles from other polymeric materials (106). A burst release
during the first 24 h (phase 1) was observed for all formulations. A period of continued
moderate to slow release then ensued. To better describe the release profiles of some
formulations, this period was divided into phase 2 (days 1-3) and phase 3 (days 6-21),
with phase 2 release rates generally exceeding phase 3 release rates. Finally, release
during days 21-28 (phase 4) appeared to be greatly influenced by the extent of OPF
degradation. Therefore, the burst release after day 1, release rates for phases 2 and 3, and
final cumulative release after day 28 were calculated as described above for all

formulations.
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Figure III- 2: Percent cumulative TGF-P1 release from gelatin microparticles
crosslinked with either 10 or 40 mM GA. Error bars represent + standard deviation

withn=41to 6.
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Figure III- 3: Percent cumulative TGF-Bf1 release from OPF3K hydrogels
(crosslinked for 10 and 30 min) and OPF10K hydrogels (crosslinked for 10 min).
Error bars represent + standard deviation with n=4 to 6 for all formulations.
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Figure III- 4: Percent cumulative TGF-f1 release from OPF3K-gelatin
microparticle composites crosslinked for 10 min. Error bars represent + standard
deviation with n =4 to 6 for all formulations.
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Figure III- 5: Percent cumulative TGF-f1 release from OPF3K-gelatin
microparticle composites crosslinked for 30 min. Error bars represent + standard
deviation with n =4 to 6 for all formulations.
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Figure III- 6: Percent cumulative TGF-p1 release from OPF10K-gelatin
microparticle composites crosslinked for 10 min. Error bars represent + standard
deviation with n =4 to 6 for all formulations.
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TGF-B1 Release Kinetics for Gelatin Microparticles
The TGF-B1 release profiles of gelatin microparticles were not affected by

microparticle crosslinking extent (Figure 2). No significant differences were seen in
either burst release or final cumulative release values from the two microparticle
formulations. Microparticles crosslinked with 10 mM GA exhibited a burst release of
50.7 + 4.8% after 1 day and a final cumulative release of 69.1 £ 8.0% after 28 days
(Table 3). Microparticles crosslinked with 40 mM GA exhibited a burst release of 52.4 £
3.2% after 1 day and a final cumulative release of 69.8 + 4.6% after 28 days. Both
microparticle formulations exhibited a phase 2 release rate of approximately 1.5% per
day and phase 3 release rate of 0.7% per day, further indicating that microparticle

crosslinking extent does not affect in vitro release kinetics.
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TGF-B1 Release Kinetics for OPF Hydrogels

As shown in Figure 3, OPF hydrogels fabricated with a crosslinking time of 10
minutes exhibited similar TGF-B1 release profiles. For both OPF3K-10min and OPF10K-
10min hydrogels, an initial burst release of approximately 50% (Table 4) was followed
by a phase 2 release rate of approximately 2-3% per day (Table 5) and phase 3 release of
< 1% per day (Table 6). However, the loosely crosslinked network of OPF3K-10min
hydrogels appeared to be more susceptible to hydrolytic degradation than fully
crosslinked OPF10K-10min hydrogels. Gel fragmentation and bleaching of their initial
brownish color, evidence of degradation, was visible by day 14 for OPF3K-10min
hydrogels. By day 28, OPF3K-10min hydrogels were completely degraded resulting in
much higher final cumulative release for these hydrogels (98.6 £ 0.9%, see Table 7) than

OPF10K-10min hydrogels (71.5 = 6.7%).

Table 1I1- 3: In vitro TGF-B1 release kinetics from gelatin microparticles initially
crosslinked with 10 or 40 mM GA.

Microparticle Crosslinking Extent 10 mM GA 40 mM GA
Burst Release (%) 50.7+4.8 524+3.2

Final Cumulative Release (%) 69.1 8.0 69.8 +4.6
Release Rate (%/day) for Phase 2 (Days 1-3) 1.6 0.2 14%0.2
Release Rate (%/day) for Phase 3 (Days 6-21) 0.7£0.2 06+0.1

Table III- 4: Percent cumulative TGF-p1 release after 1 day from OPF hydrogels
and OPF-gelatin microparticle composites. OPF3K and OPFI0OK composites
formulated with a crosslinking time of 10 min exhibited a significantly lower burst
release than their corresponding hydrogels (*, p< 0.05). OPF3K composites formulated
with a crosslinking time of 30 min exhibited a similar or greater (**, p < 0.05) burst
release than their corresponding hydrogel.

Microparticle Content Polymeric Content
g Microparticle | Microparticle Crosslinking . . .
g Polymer Extent (mM GA) OPF3K-10min OPF3K-30min OPF10K-10min

0.00 - 51.3£1.9 344+5.0 53.4+4.0
0.05 10 mM 332422 % 31.1£53 32.1£45*
0.05 40 mM 34419 * 32653 30,0+5.2*
0.20 10 mM 420+£26* 44.8 £ 1.5 ** 31959 *
0.20 40 mM 31429 * 394116 287+13*
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Table I1I- 5: Phase 2 (days 1-3) TGF-p1 release rates from OPF hydrogels and OPF-
gelatin microparticle composites. Rates are stated as change in percent TGF-$1 released
per day.

Microparticle Content Polymeric Content
g Microparticle | Microparticle Crosslinking OPF3K-10min OPF3K-30min OPF10K-10min
_ g Polymer Extent (mM GA)
0.00 - 2.1+1.1 26+0.5 3.1+£24
0.05 10 mM 1.5+£0.1 3509 1.3£0.2
0.05 40 mM 1.5£0.2 20102 1.0+£0.1
0.20 10 mM 6.8+4.2 85+27 1.0+£0.2
0.20 40 mM 36205 12023 1.3£0.1

Table III- 6: Phase 3 (days 6-21) TGF-p1 release rates from OPF hydrogels and
OPF-gelatin microparticle composites. Rates are stated as change in percent TGF-p1
release per day.

Microparticle Content Polymeric Content
g Microparticle | Microparticle Crosslinking . . .
g Polymer Extent (mM GA) OPF3K-10min OPF3K-30min OPF10K-10min
0.00 - 0.7+0.1 1.5+£0.1 0.5+0.1
0.05 10 mM 0.9+0.0 2.6+0.5 0902
0.05 40 mM 0.9+0.0 3.3+04 0.7+0.1
0.20 10 mM 0.6+0.2 05+£0.2 1.3+£09
0.20 40 mM 1503 09103 1.0+ 0.0

Table III- 7: Final percent cumulative TGF-f1 release after 28 days from OPF
hydrogels and OPF-gelatin microparticle composites. Asterisks indicate composites
with a lower final cumulative release than their corresponding hydrogel (p < 0.05).

Microparticle Content Polymeric Content
g Microparticle | Microparticle Crosslinking OPF3K-10min OPF3K-30min OPF10K-10min
__g Polymer Extent (mM GA)
0.00 - 98.6 £+ 0.9 848+ 7.6 71.5+6.7
0.05 10 mM 57.7+£23* 84.0+10.0 64.5+9.1
0.05 40 mM 57.7+2.8* 934+ 3.4 482+48*
0.20 10 mM 80.8+6.4* 89.0 3.1 65.6+8.7
0.20 40 mM 725+51* 848+ 2.3 65.019.6

By extending the crosslinking time for OPF3K hydrogels to 30 min, hydrogel
burst release was reduced to 34.4 + 5.0% (Table 4). These hydrogels exhibited similar
phase 2 and 3 release rates to hydrogels fabricated with a crosslinking time of 10 min.
Final cumulative release for OPF3K-30min hydrogels (84.8 + 7.6%, see Table 7)

appeared to be similar to final cumulative release values for OPF10K-10min hydrogels.
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Both of these fully crosslinked hydrogels remained intact through day 21 and exhibited
only minimal signs of fragmentation and color loss by day 28.
TGF-B1 Release Kinetics for OPF3K-10min Composites

Encapsulation of loaded gelatin microparticles within composites fabricated with
OPF3K crosslinked for 10 min allowed for reduction in cumulative TGF-B1 release when
compared to OPF3K-30min hydrogels. All composites formulated with OPF3K-10min
exhibited significantly lower burst release (Table 4) and final release values (Table 7)
than OPF3K-10min hydrogels. Although some evidence of OPF degradation was seen by
day 18, the gelatin component of these composites was hydrolytically stable, and thus,
prevented the high cumulative release values observed with OPF3K-10min hydrogels.
However, high microparticle loading (0.20 g microparticles/ g polymer) appeared to
elevate phase 2 release rates (Table 5) and resulted in higher final cumulative release
values (Table 7) than composites with low microparticle loading. Accordingly, these
results indicate that while microparticle encapsulation allows for reduction of burst
release within these loosely crosslinked gels, microparticle loading may increase the rate
of further release.
TGF-P1 Release Kinetics for OPF3K-30min Composites

Microparticle encapsulation within hydrogels of a small mesh size does not
appear to further reduce burst release, as evident in the results of studies with OPF3K-
30min composites. At low microparticle loading, burst release values from composites
formulated with OPF3K-30min were similar to burst release values from OPF3K-30min
hydrogels (Table 4) and OPF3K-10min composites. However, at higher microparticle

loading, burst release increased and was shown to be significantly greater than the burst
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release from OPF3K-30min hydrogels for one formulation. High microparticle loading
also increased phase 2 release rates in OPF3K-30min composites (Table 5) and directly
correlated with signs of degradation, including gel fragmentation and color loss, as early
as day 10. Since only minimal degradation was observed with OPF3K-30min hydrogels
by day 28, these combined results indicate that microparticle encapsulation may alter the
physical structure of highly crosslinked networks, leading to enhanced hydrolysis and
thus increased drug release.
TGF-B1 Release Kinetics for OPF10K-10min Composites

Like OPF3K-10min composites, microparticle encapsulation within OPF10K-
10min hydrogels again allowed for reduction of TGF-B1 release after day 1 and day 28
when compared to OPF10K hydrogels (Tables 4 and 7). Burst release values for all
composite formulations were significantly lower than burst release values from OPF10K-
10min hydrogels. Additionally, final cumulative release values were consistently (though
not significantly) lower for all OPF10K-10min composites when compared to final
cumulative release from OPF10K-10min hydrogels. Slightly elevated phase 3 rates
(Table 6) were observed for composites with high microparticle loading. Microparticle
encapsulation did not appear to alter OPF10K degradation. Thus, for OPF hydrogels with
a large mesh size (OPF3K-10min and OPF10K-10min), introduction of a microparticle
component appears to reduce burst release while increasing the rate of subsequent release.

Discussion
Rheometry, tensile testing, and swelling experiments allowed for the

determination of key OPF hydrogel parameters. At 37°C, both OPF3K and OPF10K can

be crosslinked into hydrogels which maintain their shape and structure within a clinically
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relevant time frame. However, OPF3K hydrogels require a longer incubation time (30
min) than OPF10K (10 min) to achieve full crosslinking. Tensile testing and swelling
experiments with OPF3K and OPF10K hydrogels crosslinked for 30 and 10 min,
respectively, allowed for mesh size (£) determination. From these calculations, it is
clearly seen that the mesh size of OPF hydrogels is determined by the parent PEG
molecular weight used during OPF synthesis. These findings agree with previous
investigations in our laboratory for OPF-PEG diacrylate hydrogels (127). Furthermore,
these results demonstrate the OPF hydrogel swelling and mechanical properties can be
tailored by adjusting OPF formulation.

Using the mechanical properties and volumetric swelling ratios of these hydrogels,
the approximate mesh size of OPF3K hydrogels crosslinked for only 10 min may be
inferred. Although OPF3K-10min hydrogels exhibit only a slightly higher volumetric
swelling ratio (Q = 1.3 £ 0.1), than OPF3K-30min hydrogels (Q = 1.2 £ 0.0), these
loosely crosslinked hydrogels possess much less mechanical integrity than fully
crosslinked OPF3K hydrogels. Accordingly, the observed volumetric swelling ratio of
OPF3K-10min hydrogels may be restricted by the presence of entangled, yet
uncrosslinked, polymer chains. Thus, the mesh size of OPF3K-10min hydrogels may be
presumed to be similar to that of OPF10K-10min hydrogels. The observed TGF-1
release profiles for these hydrogels support this assumption, since OPF10K-10min and
OPF3K-10min hydrogels exhibited similar initial release kinetics.

The utility of these hydrogels was further explored through encapsulation of
gelatin microparticles within the OPF network. Swelling studies with composites further

confirmed the effect of crosslinking time on OPF3K swelling. When fold swelling values
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of OPF3K-10min and OPF3K-30min composites were compared, only crosslinking time
was identified as a significant factor affecting swelling. However, when the fold swelling
values of fully crosslinked OPF10K-10min and OPF3K-30min composites were
compared, OPF formulation, microparticle loading, and microparticle crosslinking extent
were found to be significant factors effect swelling.

While OPF formulation and microparticle loading within composites were also
shown to affect in vitro TGF-B1 release, microparticle crosslinking extent did not appear
to influence TGF-P1 release. These results directly correlate with findings that suggest
that release of TGF-f1 complexed with gelatin microparticles is dependent on enzymatic
degradation (121). Since gelatin is not susceptible to degradation by simple hydrolysis,
the crosslinking extent, and thus equilibrium swelling ratio, of gelatin microparticles did
not influence the in vitro TGF-B1 release kinetics. However, in vivo, microparticle
crosslinking extent may influence the rate of enzymatic gelatin degradation, altering
release kinetics. Initial burst release from these microparticles is presumed to be due to
release of any TGF-f1 which was not complexed with the acidic gelatin during
microparticle loading. Minimal further release was observed over the course of 28 days
with low rates of TGF-B1 release (< 2% per day for phase 2 and < 1% per day for phase
3). Similar in vitro release profiles have been observed with gelatin microparticles loaded
with other growth factors (122, 124).

With all hydrogel formulations, an initial burst release was expected as hydrogels
reached their equilibrium swelling states. Both OPF3K-10min and OPF10K-10min
hydrogels, presumed to possess similar mesh sizes, exhibited approximately 50% burst

release. For OPF3K-30min hydrogels, which possess a smaller mesh size, burst release
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was reduced to only 35%. This value was found to be significantly lower than the burst
release of hydrogels with a larger mesh size (OPF3K-10min and OPF10K-10min) and
lower than the burst release for gelatin microparticles alone (p < 0.05), indicating that
burst release is diffusionally controlled. /n vitro release of TGF-B1 from OPF hydrogels
generally exhibited linear kinetics during phases 2 and 3. However, after approximately
21 days, TGF-B1 release kinetics were directly dependent on hydrogel degradation, as
evident in the high final cumulative release values for OPF3K-10min hydrogels, whose
loosely crosslinked network was susceptible to hydrolysis. Future investigations are
needed to quantitatively correlate hydrogel degradation with TGF-B1 release.

Release study results with composites indicated that release kinetics may be
tailored by varying OPF formulation and crosslinking, as well as microparticle loading.
As expected, complete (100%) TGF-B1 release was not achieved within the 28 day period
for any composite formulation, since loaded gelatin microparticles are resistant to
hydrolytic degradation. The observed kinetic profiles of composites appear to be greatly
influenced by the swelling characteristics of both their polymer and microparticle
components.

Addition of a microparticle component to hydrogels with large mesh sizes
(OPF3K-10min and OPF10-10min), allowed for reduction of TGF-B1 release burst
release to approximately 30-40%. However, microparticle encapsulation within hydrogels
of smaller mesh size did not reduce TGF-B1 burst release beyond the low value achieved
with OPF3K-30min hydrogels. In fact, at high microparticle loading within OPF3K-

30min composites, burst reduce was seen to increase. These trends can be understood by
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examining the volumetric swelling ratios (Q) of the OPF and gelatin components within
composites.

As previously discussed the true volumetric swelling ratio of the crosslinked
network of OPF3K-10min hydrogels (Q = 1.3 &+ 0.1) is most likely underestimated by the
presence of uncrosslinked polymer chains. Over time, these loose polymer chains may be
easily hydrolyzed to yield a volumetric swelling ratio of approximate magnitude to that
of OPF10K-10min hydrogels (Q = 3.3 + 0.2). Accordingly, the polymeric component of
composites formulated with OPF crosslinked for 10 min achieves greater volumetric
swelling at equilibrium than encapsulated microparticles (Q = 2.0 for 10mM GA
microparticles and 1.8 for 40 mM GA microparticles). However, OPF3K-30min
hydrogels have a lower volumetric swelling ratio (Q = 1.2 £ 0.0) than gelatin
microparticles. Consequently, microparticles encapsulated within OPF3K crosslinked for
30 min may exert forces on the polymer network, leading to enhanced gel fragmentation
and degradation, and thus, increased burst release and phase 2 release rates.

This work demonstrates that gelatin microparticles and OPF can be combined to
form novel drug delivery vehicles for TGF-B1. By altering microparticle loading and the
parameters which effect hydrogel swelling (crosslinking time and OPF formulation),
unique release profiles (Figures 2-6) are obtained with distinct delivery dosages after 28
days and dynamic release kinetics. Furthermore, the degradation of these delivery
vehicles may be manipulated by varying composite parameters. This duel ability to
control both drug delivery from and degradation of these new biomaterials confirm their

potential in studying the effects of TGF-B1 release kinetics on cartilage repair.
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Conclusions

This research demonstrates that OPF hydrogels and OPF-gelatin microparticle
composites can be utilized as injectable biomaterials for the controlled delivery of TGF-
Bl to articular cartilage defects. Specifically, these studies show that hydrogels with
different degradation times and swelling and mechanical properties may be formulated by
varying OPF formulation and crosslinking time. Furthermore, we have shown that gelatin
microparticles, loaded post-fabricationally with TGF-f1, can be encapsulated within
these hydrogels. Finally, in vitro release studies demonstrate that the swelling properties
of both the OPF and gelatin components of these biomaterials influence the kinetics of
TGF-B1 release. Therefore, unique in vitro TGF-B1 release profiles may be obtained by

altering microparticle loading and OPF formulation and crosslinking time.
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IV. TRANSFORMING GROWTH FACTOR-B1 RELEASE FROM OLIGO(POLY(ETHYLENE
GLYCOL) FUMARATE) HYDROGELS IN CONDITIONS WHICH MODEL THE
CARTILAGE WOUND HEALING ENVIRONMENT'

Abstract
This research demonstrates that controlled material degradation and transforming

growth factor-p1 (TGF-B1) release can be achieved by encapsulation of TGF-B1-loaded
gelatin microparticles within the biodegradable polymer oligo(poly(ethylene glycol)
fumarate) (OPF), so that these microparticles function as both a digestible porogen and a
delivery vehicle. Release studies performed with non-encapsulated microparticles
confirmed that at normal physiological pH, TGF-Bf1 complexes with acidic gelatin,
resulting in slow release rates. At pH 4.0, this complexation no longer persists, and TGF-
B1 release is enhanced. However, by encapsulating TGF-B1-loaded microparticles in a
network of OPF, release at either pH can be diffusionally controlled. For instance, after
28 days incubation at pH 4.0, final cumulative release from non-encapsulated
microparticles crosslinked in 10 mM and 40 mM glutaraldehyde (GA) was 75.4 = 1.6%
and 76.6 + 1.1%, respectively. However, when either microparticle formulation was
encapsulated in an OPF hydrogel (noted as OPF-10 mM and OPF-40 mM, respectively),
these values were reduced to 44.7 £ 14.6% and 47.4 £ 4.7%. More interestingly, release
studies, in conditions which model the expected collagenase concentration of injured
cartilage, demonstrated that by altering the microparticle crosslinking extent and loading
within OPF hydrogels, TGF-B1 release, composite swelling, and polymer loss could be

systematically altered. Composites encapsulating less crosslinked microparticles (OPF-10

' This chapter was published as the following article: TA Holland, JKV Tessmar, Y Tabata, and AG Mikos,
Transforming Growth Factor-Bl Release From Oligo(Poly(Ethylene Glycol) Fumarate) Hydrogels In
Conditions Which Model the Cartilage Wound Healing Environment, J. Control. Release, 94, 101-114
(2004).
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mM) exhibited 100% release after only 18 days and were completely degraded by day 24
in collagenase-containing PBS. Hydrogels encapsulating 40 mM GA microparticles did
not exhibit 100% release or polymer loss until day 28. Hydrogels with no microparticle
component demonstrated only 79.3 + 9.2% release and 89.2 + 3.4% polymer loss after 28
days in enzyme-containing PBS. Accordingly, these studies confirm that the rate of TGF-
B1 release and material degradation can be controlled by altering key parameters of these
novel, in situ crosslinkable biomaterials, so that TGF-p1 release and scaffold degradation
may be tailored to optimize cartilage repair.

Abbreviations

10 mM microparticles, gelatin microparticles crosslinked in 10 mM glutaraldehyde; 40
mM microparticles, gelatin microparticles crosslinked in 40 mM glutaraldehyde; GA,
glutaraldehyde; IEP, isoelectric point; MMP, matrix metalloproteinase; OPF,
oligo(poly(ethylene glycol) fumarate); OPF-10 mM composites, OPF hydrogels
encapsulating 10 mM microparticles; OPF-40 mM composites, OPF hydrogels
encapsulating 40 mM microparticles; PBS, phosphate buffered saline; PEG,
poly(ethylene glycol); TGF-B1, transforming growth factor-f1.

Introduction

Lesions to articular cartilage, the connective tissue lining diarthrodial joints,
frequently result from sports injuries, accidents, and other joint traumas. Unfortunately,
when these lesions occur in adults, the surrounding tissue generally fails to undergo
successful repair (2, 3). Further cartilage degeneration may result if this thin tissue layer
can no longer dissipate compressive loads, leaving the joint susceptible to further damage
upon loading. The complex structure of articular cartilage enables this tissue to serve its
important biomechanical role, but simultaneously appears to hinder repair, as lesions

often progress into osteoarthritis (1).
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Articular cartilage is an avascular tissue with low cellularity, high water content,
and a dense extracellular matrix (7). To enhance cartilage repair, current clinical therapies
actually require surgical drilling or abrasion through this matrix and into the underlying
subchondral bone to contact the cells and bioactive molecules of the bone marrow.
Unfortunately, these rigorous techniques require initial deepening of lesions, without
achieving complete tissue restoration and often leading to further tissue loss (1, 2).

As an alternative to these harsh surgical techniques, we have developed novel,
injectable drug delivery vehicles to enhance cartilage repair through the controlled
release of a therapeutic protein, transforming growth factor-f1 (TGF-B1). These release
systems are based on oligo(poly(ethylene glycol) fumarate) (OPF), a synthetic polymer
which can be used to fabricate biodegradable and biocompatible hydrogels (120, 133).
OPF, a water soluble polymer, can be injected into a defect site and crosslinked in situ at
physiological conditions, thereby eliminating the need for invasive surgeries. Previous
research has demonstrated that in vitro TGF-B1 release from OPF hydrogels can be
diffusionally controlled by altering the hydrogel mesh size, a material parameter
dependent on the poly(ethylene glycol) (PEG) length in OPF’s backbone structure (134).
Furthermore, we have demonstrated that encapsulation of TGF-Bl-loaded gelatin
microparticles in an OPF network minimizes the burst release commonly associated with
hydrogel delivery systems (134).

The use of degradable, gelatin microparticles in delivery systems for articular
cartilage not only allows for further control over drug release, but also enables these
hydrogels to become porous, and thus, serve as potential scaffolds for tissue growth.

Numerous synthetic and natural materials have been investigated as drug delivery
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vehicles (16, 115, 135), but in order for these biomaterials to function as tissue scaffolds,
supporting complete tissue repair, they must degrade on the time scale associated with
tissue ingrowth. Gelatin is enzymatically degraded by a number of matrix
metalloproteinases (MMPs), the enzymes which are upregulated in injured articular
cartilage (12-14). Thus, encapsulation of gelatin microparticles within the OPF network
should provide a means of enhancing the rate of hydrogel degradation, depending on both
the microparticle loading within these hydrogels and the local enzyme concentration.
Accordingly, this work investigates simultaneous use of gelatin microparticles as both a
TGF-B1 delivery vehicle and as a digestible porogen.

To analyze the resulting TGF-B1 release and the degradation of these OPF-gelatin
microparticle composites, a series of in vitro experiments were performed in the presence
and absence of a gelatin degrading enzyme at normal, physiological pH. Composites in
these studies contained microparticles crosslinked in either high or low concentrations of
glutaraldehyde (GA) to alter microparticle crosslinking extent. Since alterations in the
release profiles of some polymeric drug carriers have been observed at low pH (106), in
vitro release and degradation experiments were also performed in an acidic environment
to model the reduced pH commonly associated with inflammation in damaged tissues.
Specifically, the objectives of this work were to investigate the effects of microparticle
crosslinking extent and microparticle loading on TGF-B1 release, swelling, and polymer
loss when these OPF scaffolds were incubated in buffers which model healthy (phosphate
buffered saline, PBS), inflamed (acidic buffer), and injured (enzyme-containing PBS)

articular cartilage.
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Experimental Methods

Assessment of Collagenase Activity
To examine the effects of microparticle loading and crosslinking extent on TGF-

B1 release from hydrogels in the wound healing environment, in vitro release and
degradation experiments were performed in enzyme-containing PBS and enzyme-free
PBS. Several matrix metalloproteinases (MMPs) in articular cartilage are known to target
collagen, the protein from which gelatin is derived. Accordingly, bacterial collagenase
1A (E.C. 3.4.24.3, Sigma, St. Louis, MO) was utilized in this study at a concentration of
373 ng/ml to model MMP-1 (tissue collagenase) concentrations in the synovial fluid of
patients with osteoarthritis (136). Collagenase 1A is known to digest gelatin as it
recognizes the sequence -X-Gly-Pro-R-, where X is a neutral amino acid (137).

To determine the frequency of buffer exchanges for release and degradation
experiments, the decrease in the enzymatic activity of collagenase 1A at a concentration
of 373 ng/ml in PBS was assessed using the EnzChek Gelatinase/Collagenase Assay Kit
(Molecular Probes, Eugene, OR). After various incubation periods at 37°C, 180 ul of
enzyme-containing buffer was added to 20 ul of a 100 pg/ml solution of fluorescein
conjugated gelatin in PBS. This conjugated gelatin is heavily labeled with fluorescein so
that its fluorescence is normally quenched, but after digestion by collagenase it yields
highly fluorescent peptides. A microplate reader (FLx800, BIO-TEK Instrument,
Winooski, VT) set for excitation at 485 £ 10 nm and emission detection at 530 £ 15 nm
was used to quantify fluorescence. Values were corrected for background fluorescence of
the fluorescein labeled gelatin by subtracting the fluorescence value of 20 pl of non-
digested gelatin solution in 180 ul of enzyme-free PBS. Experiments were conducted in

triplicate.
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Gelatin Microparticle Fabrication

Acidic gelatin (Nitta Gelatin Inc., Osaka, Japan) with an isoelectric point (IEP) of
5.0 was used for microparticle fabrication according to a previously established method
(122). Briefly, 5 g gelatin was dissolved in 45 ml distilled, deionized water (ddH,0) by
mixing and heating (60°C). This aqueous gelatin solution was added dropwise to 250 ml
olive oil while stirring at 500 rpm. The temperature of the emulsion was then decreased
to approximately 15°C with constant stirring. After 30 min, 100 ml chilled acetone (4°C)
was added to the emulsion. After 1 hour, the resulting microspheres were collected by
filtration and washed with acetone to remove residual olive oil.

Microspheres were crosslinked by incubation in a 0.1 wt% solution of Tween 80
(Sigma, St. Louis, MO) in ddH,O containing either 10 mM or 40 mM glutaraldehyde
(GA) (Sigma, St. Louis, MO). Hereafter, these microparticles are referred to as 10 mM
microparticles and 40 mM microparticles. This crosslinking reaction was maintained at
15°C for approximately 15 h while stirring at 500 rpm. Crosslinked microparticles were
collected by filtration, washed with ddH,O, and then agitated in a 25 mM glycine
solution to block residual aldehyde groups of unreacted GA. After 1 hour, microparticles
were again collected by filtration, washed with ddH,0, and then vacuum dried overnight.
After drying, the microparticles were sieved to obtain particles 50-100 pm in size.
Microparticle Loading

For release studies, microparticles were loaded with TGF-B1 by swelling in
aqueous TGF-B1 solutions at pH 7.4 according to established methods (122, 123). At this
pH, TGF-B1 (with an IEP of 9.5) is positively charged, and therefore, forms a polyionic

complexation with negatively charged acidic gelatin (IEP of 5.0) (124). Solutions of
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TGF-B1 were composed of I'* labeled-TGF-B1 (Perkin Elmer Life Sciences, Boston,
MA) and unlabeled-TGF-f1 (R&D Systems, Minneapolis, MN) in a mass ratio of
approximately 0.06 to allow for detection of TGF-f1 release. The final TGF-B1
concentration in crosslinked hydrogels and composites prior to swelling was
approximately 200 ng/ml. This concentration of TGF-B1 has been shown to be
therapeutic in the treatment of full and partial thickness rabbit and porcine articular
cartilage defects when encapsulated in liposomes (105, 114).

Microparticle loading was achieved by adding 5 pl of TGF-B1 solution per mg
microparticle to dried microparticles. This solution volume is below the microparticles’
theoretical, equilibrium swelling volume to allow for complete drug absorption. The
resulting mixture was vortexed and incubated at 4°C for 15h. For degradation studies,
TGF-B1-free microparticles were prepared in a similar method using PBS to partially-
swell microparticles before encapsulating them in the hydrogels.

OPF Synthesis

Poly(ethylene glycol) (PEG), with initial average molecular weight 10,000
(Aldrich, Milwaukee, WI) was used to synthesize OPF according to a method developed
in our laboratory (125). Approximately 50 g PEG was first azeotropically distilled in
toluene to remove residual water and then dissolved in 500 ml anhydrous methylene
chloride. The resulting PEG solution was placed in an ice bath and stirred while 1.8
moles triethylamine (TEA, Acros, Pittsburgh, PA) per mole PEG and 0.9 moles distilled
fumaryl chloride per mole PEG were added dropwise. The reaction was maintained in a
nitrogen environment. Upon completion of reagent addition, the reaction vessel was

removed from the ice bath and stirred at room temperature.
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After 48 h, polymer purification was begun with the removal of methylene
chloride by rotary evaporation. The OPF was then dissolved in ethyl acetate and vacuum-
filtered to remove the salt precipitate formed by the reaction of chloride with TEA.
Finally, OPF was recrystallized twice in ethyl acetate, and the resulting powder was
vacuum dried for approximately 8 h. Dry, purified polymer was stored in a sealed vessel
at -20°C until use.

Gel Permeation Chromatography

OPF molecular weight was assessed by gel permeation chromatography (GPC) on
a system (Waters, Milford, MA) consisting of a pump (Model 510), injection module
(Model 717) and refractive index detector (Model 410). Samples of both the initial PEG
and final OPF were dissolved in chloroform, filtered using a chloroform resistant filter,
and then analyzed using a Waters Styragel HR 4E column (50-100,000 Da range). The
GPC was operated at a flow rate of 1 ml/min. Molecular weights were calculated from
elution time using Empower GPC Software (Waters, Milford, MA) and a calibration
curve generated with PEG standards. Samples were run in triplicate.

Composite and Hydrogel Fabrication

Gelatin microparticles, crosslinked with either 10 or 40 mM GA, were
encapsulated in OPF hydrogels following an established technique (134) to form OPF-10
mM or OPF-40 mM composites, respectively. Briefly, 0.15 g OPF was dissolved in 395
pl of PBS containing 14 mg N,N -methylene bisacrylamide (Sigma, St. Louis, MO) as a
crosslinking agent. Then 0.2 g gelatin microparticles per g OPF were added to the
polymer solution with an additional 118 pl PBS. The resulting mixture was thoroughly

vortexed. Finally, 51 pl of 0.3 M tetramethylethylenediamine (in PBS) (Sigma, St. Louis,



63

MO) and 51 pl of 0.3 M ammonium persulfate (in PBS) (Sigma, St. Louis, MO) were
added to initiate crosslinking. After vortexing, the suspension was injected into a Teflon
mold and incubated at 37°C. After 10 minutes incubation, this formulation of OPF forms
a crosslinked hydrogel, enabling the embedding of gelatin microparticles within the
polymer network (134). This procedure was also utilized to crosslink hydrogels with no
microparticle component. After completion of crosslinking, both composites and
hydrogels were removed from the mold, and a cork bore used to cut discs of
approximately 3 mm in diameter and 1 mm in thickness.

In Vitro TGF-f1 Release

Hydrogel and composite discs were placed into 3 ml of one of the following
isotonic buffers, PBS (pH 7.4), a citrate buffer (pH 4.0), or PBS (pH 7.4) containing
approximately 373 ng collagenase 1A per ml. Both formulations of TGF-B1-loaded
gelatin microparticles (5 mg) were also placed into each of these buffers. All specimens
were agitated on a shaker table (70 rpm) at 37°C. The supernatant of each specimen was
collected and replaced by fresh buffer after day 1, 2, 3, 6, 10, 14, 18, 21, 24, and 28. A
three to four day interval between buffer changes was utilized to maintain an enzyme
activity level of at least 25% of its initial activity as assessed by the collagenase assay
(described above).

At each time point, the supernatant of specimens was analyzed for radioactivity
using a gamma counter (Cobra II Autogamma, Packard, Meridian, CT). The amount of
TGF-P1 in the supernatant was determined by correlation to a standard curve. Cumulative
release was determined by normalizing the total TGF-B1 released at each time point with

the sum of the total TGF-B1 released over the course of 28 days and the TGF-B1
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remaining in the gel at day 28. Release rates were determined by taking the slope of the
percent cumulative release curve for each sample over the stated range and averaging the
resultant slopes for each formulation. Accordingly, rates are stated in terms of the change
in the percent cumulative release per day. For all treatments, n was initially 6. However,
some samples were damaged during the collection of supernatant, resulting in an n of §
for some formulations.
Hydrogel and Composite Degradation

TGF-B1-free hydrogels and composites were prepared and maintained as
described above for TGF-P1 release studies to facilitate parallel assessment of material
degradation. The supernatant of each specimen was exchanged using the previously
mentioned schedule. At days 1, 3, 6, 14, 18, 21, 24, and 28, specimens (n = 3 to 4 for
each treatment) were removed from the buffers for measurement. The wet weight (W)
immediately upon removal from the buffer and dry weight (W) after 24 hours of
vacuuming drying were recorded for each specimen. Accordingly, the fold swelling ratio
of hydrogels and composites at each time point were calculated by the equation,

Swelling Ratio = W =Wy

d
This value provides a means of assessing the ratio of water (g) per g of dry polymer in
each gel at the corresponding time point. Additionally, the percent polymer loss at each

time point was determined from the equation,

W, — W
% Polymer Loss = K—"W—d x100
K

X
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where Wy is the initial weight of the crosslinked hydrogel or composite (before
placement in buffer), and x is the theoretical fraction of OPF and gelatin initially present
in each specimen (x = 0.21 for hydrogels and 0.20 for composites).

Due to difficulty in handling, non-encapsulated microparticles were not included
as experimental groups in this extended degradation study. However, the fold swelling
ratios of both formulations of microparticles were determined after 24 h swelling in each
of the buffers (n = 6).

Statistical analysis

Polymer loss, swelling, cumulative release values, and release rates for scaffold
formulations (hydrogel, OPF-10 mM, and OPF-40 mM) in each buffer were statistically
compared using the F test and Tukey’s multiple comparison test (p < 0.05) (132).
Likewise, values for the two microparticle formulations were statistically compared.
Microparticles were not statistically compared to scaffolds since the total amount of
collagenase substrate (gelatin) per sample was not constant between microparticle and
scaffold samples. Additional statistical comparisons were performed, as stated, between
buffers for a single experimental group using the F test and Tukey’s multiple comparison

test. Values are reported as average + standard deviation.

Results

Collagenase Activity in PBS
To accurately model the in vivo ability of tissue collagenase to degrade gelatin, it

was necessary to maintain sufficient in vitro collagenase activity. Accordingly, an
activity assay was conducted to measure the change in rate of gelatin digestion by

collagenase 1A after various incubation periods at 37°C in PBS. The rate of gelatin
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digestion was measured as the increase in fluorescence due to the cleavage of fluorescein
conjugated gelatin. As shown in Figure 1, the digestion rate decreased to approximately
34% of its initial value (219.4 £ 2.5 U) after 24 h incubation. However, over the next 3
days, relatively little further loss of enzymatic activity was observed. In fact, collagenase
activity remained greater than 25% of its initial value until day 7 when the increase in
fluorescence per min was measured to be 49.85 + 0.22 U, approximately 23% of its initial
activity. Accordingly, a 3 to 4 day interval between buffer exchanges in release and
degradation experiments was utilized to ensure sufficient enzyme activity throughout the
28 day period. Timepoints generally followed the schedule of previous TGF-B1 release

experiments (134).

Figure IV- 1: Collagenase activity in PBS after various incubation periods at 37°C.
Activity values are calculated as the change in fluorescence per min (U) due to cleavage
of fluorescein conjugated gelatin. Error bars represent + standard deviation with n=3 at
each time point.
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GPC
GPC analysis confirmed the number and weight average molecular weights of the

initial PEG to be 9,190 £ 520 and 11,180 + 490, respectively. The synthesized OPF was
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determined to be of initial number average and weight average molecular weight 21,640
+ 1,370 and 144,310 + 5,210, respectively.
In Vitro TGF-f1 Release and Material Degradation

In general, TGF-B1 release profiles were seen to follow the same trends exhibited
in polymer loss profiles. However, the extent of release and degradation varied greatly,
depending on both the buffer and scaffold formulation. To quantify observed trends,
release profiles were divided into four phases following the methods of previous
investigations (106, 134). In all buffers, a burst release was observed during the initial 24
h (Phase 1) due to equilibrium swelling. While subsequent release at pH 4.0 proceeded at
fairly constant rates for all formulations, distinct release rates were observed in buffers of
pH 7.4 between days 1-3 (Phase 2) and days 6-21 (Phase 3). Accordingly, TGF-B1
release rates during these periods were calculated for all treatments. Final cumulative
release values were determined to describe the later portion of release curves (Phase 4) in

which release was greatly influenced by the extent of swelling and polymer loss.

Release in PBS
As shown in Figure 2a, both formulations of microparticles exhibited similar

TGF-B1 release profiles in standard PBS. Burst release values from 10 and 40 mM
microparticles were 46.3 = 1.6% and 50.6 + 1.4%, respectively (Table 1). Relatively little
further release was observed over the 28 day period. In fact, final cumulative release
values for both formulations were less than 65%. As previously discussed, an ionic
complexation of TGF-B1 with gelatin should persist at pH 7.4. Accordingly, since gelatin
is enzymatically degraded, low final release values were expected in the absence of any

enzymes.
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As shown in Figure 2b, burst release from hydrogels (43.6 £ 6.0%) was slightly
lower than the burst release from non-encapsulated microparticles. Encapsulation of
microparticles in an OPF network statistically reduced burst release to 30.6 £ 0.5% and
26.7 £ 0.3% with OPF-10 mM and OPF-40 mM composites, respectively. While Phase 2
release rates (Table 2) between hydrogels and composites were not significantly different
at pH 7.4, Phase 3 rates for OPF-10 mM (2.0 £ 0.4% per day) and OPF-40 mM
composites (2.3 £ 0.4% per day) were found to be statistically greater than the release
rate from hydrogels (1.0 = 0.2 % per day). The observance of higher Phase 3 release rates
for composites (when compared to hydrogels) agrees with previous experimentation
(134) and may be the result of disruption of the polymer network at high microparticle
loading. Final cumulative release values for both hydrogels and composites were

approximately 80%.

Table IV- 1: Burst release, phase 2 and 3 release rates, and final cumulative TGF-p1
release from microparticles in buffers of pH 4.0, pH 7.4, and pH 7.4 with
collagenase. Statistically greater values (p<0.05) between microparticle formulations in
each buffer are indicated by (*).

Buffer
Formulation pH 7.4 pH 4.0 pH 7.4 with enzyme
Burst Release (%) 10 mM 463%1.6 49015 363122
40 mM 506x14%* 56.1+£2.8* 38.8+1.4*
Phase 2 Release 10 mM 50£1.0 37207 6.8+£07*
Rates (%/day) 40 mM 4510 47+05* 42+0.2
Phase 3 Release 10 mM 02%0.0 0.6+0.0* 1.5£0.3
Rates (%/day) 40 mM 0200 041£00 20+£0.1*
Final Cumulative 10 mM 61.9+1.1 754%1.6 89.7+2.5*
Release (%) 40 mM 645 1.5% 76.6% 1.1 864 <06
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Table IV- 2: Burst release, phase 2 and 3 release rates, and final cumulative TGF-p1
release from hydrogels and composites in PBS. Composites exhibited significantly
lower burst (*, p<0.05) and statistically higher Phase 3 release rates (*, p<0.05) than
hydrogels.

Burst Release Phase 2 Rate Phase 3 Rate Cumulative Release
Delivery System (%) (%/day) (%/day) (%)
Hydrogel 436+ 6.0 29+1.6 1.020.2 79.3%9.2
OPF-10 mM Composite 306+0.5" 3.6+0.4 2004 * 81.8+£83
OPF-40 mM Composite 26.7+0.3" 2504 2304* 80.3£6.8

Swelling and Polymer Loss in PBS
As shown in Figures 2¢ and 2d, hydrogels and both composite formulations

exhibited similar swelling and polymer loss profiles in standard PBS. After the initial 24
hr, equilibrium swelling ratios were approximately 20 fold and polymer loss values were
between 15-30%. Over the following 17 to 20 days, the swelling ratios and polymer
content of all gels remained fairly constant. However, by the end of Phase 3 (day 21),
polymer loss from hydrogels, OPF-10 mM, and OPF-40 mM composites rose to 52.3 +
18.2%, 54.6 + 16.3%, and 39.5 = 15.2%, respectively. Appreciable increases in the
swelling ratios followed during Phase 4, and after 28 days incubation in standard PBS,
hydrogels, OPF-10 mM, and OPF-40 mM composites became highly swollen networks
with respective swelling ratios of 99.2 + 56.7, 169.5 = 79.8, and 130.1 £ 59.2. All
scaffold formulations exhibited approximately 80% polymer loss by day 28. No
significant differences were observed in the final swelling ratios or final polymer loss
values between formulations.
Release in an Acidic Environment

Both microparticle formulations exhibited enhanced TGF-p1 release at pH 4.0
when compared to pH 7.4 (Table 1). Although 40 mM microparticles exhibited a higher
burst value (56.1 £ 2.8%) than 10 mM microparticles (49.0 = 1.5%), final cumulative

release values between microparticle formulations were not statistically different. In fact,
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both formulations exhibited approximately 75% final cumulative release by day 28
(Figure 3a). Since both TGF-B1 and acidic gelatin have isoelectric points above 4.0, both
molecules are positively charged at this pH. Accordingly, the polyionic complexation
between gelatin and TGF-B1 will be disrupted in the acidic environment, leading to

enhanced growth factor release.

Figure IV- 2: TGF-P1 release and material degradation profiles in standard PBS
(pH 7.4). Average percent cumulative TGF-B1 release from gelatin microparticles (a) and
OPF scaffolds (b) are shown with n = 5 to 6 for all formulations. Average fold swelling
ratios (c) and percent polymer loss from scaffolds (d) are shown with n = 3 to 4 for all
formulations. Error bars represent + standard deviation.
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However, since enhanced release at pH 4.0 was not observed when microparticles
were encapsulated in a network of OPF (Figure 3b), release from composites appears to
be diffusionally controlled by the surrounding gel. Furthermore, burst release from OPF-

10 mM (23.6 £ 8.4%) and OPF-40 mM (22.9 + 2.0%) composites was significantly less
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than burst release from OPF hydrogels (37.0 £ 8.5%), indicating that encapsulation of
TGF-B1-loaded microparticles in these hydrogels provides a means of minimizing burst
release even in conditions that promote dissociation of this growth factor from the gelatin
microparticles. Subsequent release from both hydrogels and composites proceeded at a
rate of approximately 1.0% per day during both Phase 2 and Phase 3 (Table 3). For all
scaffolds at pH 4.0, less than 55% cumulative release was observed at the end of the 28

day period.

Table IV- 3: Burst release, phase 2 and 3 release rates, and final cumulative TGF-p1
release from hydrogels and composites in pH 4.0 buffer. OPF-10 mM and OPF-40
mM composites exhibited significantly lower burst release than hydrogels (*, p<0.05).

Burst Release Phase 2 Rate Phase 3 Rate Cumulative Release
Delivery System (%) (%/day) (%/day) (%)
Hydrogel 37.0+8.5 0.8+0.2 0.70.1 530 9.9
OPF-10 mM Composite 23.6+ 84" 09+03 0.820.2 447 £ 14.6
OPF-40 mM Composite 229+20" 1.1 +£0.1 09¢0.1 474+ 47

Swelling and Polymer Loss in an Acidic Environment
Just as TGF-P1 release from hydrogels and composites was reduced in the acidic

buffer, degradation rates of these scaffolds were greatly diminished at pH 4.0 (Figures 3¢
and 3d) when compared to observed degradation at pH 7.4. In fact, after the initial 24
hours of incubation in acidic buffer, scaffolds exhibited no measurable loss of polymer.
By the end of Phase 2 (day 3), swelling ratios were approximately 20-30 fold, allowing
polymer loss to proceed in a slow, linear fashion for all formulations. By day 28,
respective polymer loss values of hydrogels, OPF-10 mM, and OPF-40 mM composites
were 56.1 £ 7.3%, 33.9 + 14.5%, and 30.9 + 11.3%, while swelling ratios were found to
be 37.9 £ 5.2, 29.8 = 4.4, and 26.3 = 4.8. Both polymer loss and the swelling ratio of
hydrogels at day 28 were found to be significantly greater than the swelling ratio of

composites.
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Figure IV- 3: TGF-p1 release and material degradation profiles in acidic buffer (pH
4.0). Average percent cumulative TGF-B1 release from gelatin microparticles (a) and
OPF scaffolds (b) are shown with n = 5 to 6 for all formulations. Average fold swelling
ratios (c) and percent polymer loss from scaffolds (d) are shown with n = 3 to 4 for all
formulations. Error bars represent + standard deviation

a b
100 4 O 10mM Microparticles 100 1 4 OPF Hydrogel
O 40mM Microparticles @ OPF-10mM Composite
B OPF-40mM Composite
§% yo
: g
© €0 A v
2 60 2 60
SH 3401
2 2
20 1 20
00 . — . - 0 — —_— — - - .
0 4 8 12 16 20 24 28 0 4 8 12 16 20 24 28
Time (day) Time (day)
c d
250
A OPF Hydrogel 100 W 4 OFF Hydrogel
@ OPF-10mM Composite @ OPF-10mM Composite
2001 g OPF-40mM Composite u OPF-40mM Composite
80 1
s
E 150 1 §
= J
i » 1
100 £ *
* for | o { l
50 - 20 4
N —— e} [
e
0 0w —— .

0 ; ; 1’2 lvﬁ 2’0 24 28 0 4 8 12 16 20 24 1r8
Time (day) Time (day)

Composites were expected to swell less than hydrogels since the 24 hr
equilibrium swelling ratio of both 10 mM (83 £ 0.4) and 40 mM (5.6 = 1.3)
microparticles was less than the equilibrium swelling ratio of OPF hydrogels (14.5 = 2.4)
at pH 4.0. Accordingly, scaffolds consisting of OPF alone undergo enhanced hydrolysis
at pH 4.0 in comparison to scaffolds encapsulating gelatin microparticles.
Release in Collagenase-Containing PBS

Although the microparticle formulation did not influence TGF-1 release
profiles in the absence of collagenase at pH 7.4 or pH 4.0, release in the presence of

collagenase was shown to be dependent on microparticle crosslinking extent (Figure 4a).

A statistically higher phase 2 release rate was observed with microparticles crosslinked in
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10 mM GA (6.8 + 0.7% per day) when compared to the release rate from more
crosslinked (40 mM GA) microparticles (4.2 = 0.2% per day). However, during Phase 3,
the reverse trend was observed with 40 mM microparticles exhibiting a statistically
higher rate of release than 10 mM microparticles (Table 1). These results suggest that the
less crosslinked 10 mM microparticles are rapidly digested by collagenase, while the
more crosslinked structure of 40 mM microparticles slows enzymatic degradation. While
not quantified, visible disappearance, and thus, digestion of the 10 mM microparticles
had begun by day 18. Final cumulative release from 10 mM microparticles (89.7 + 2.5%)

was statistically greater than release from 40 mM microparticles (86.4 + 0.6%).

Table IV- 4: Burst release, phase 2 and 3 release rates, and final cumulative TGF-
B1 release from hydrogels and composites in collagenase-containing PBS. Composite
values which are statistically (p<0.05) less than or greater than the hydrogel value are
indicated by () and (*), respectively. Composite values which are statistically (p<0.05)
less than or greater than both the hydrogel value and opposing composite value are
indicated by (™) and (**), respectively.

Burst Release Phase 2 Rate Phase 3 Rate Cumulative Release
Delivery System (%) (%/day) (%/day) (%)
Hydrogel 39.5+1.7 29+0.1 1.5+0.3 90.3+5.6
QPF-10 mM Composite 32.8+4.8" 9.1 £(.8 ** 26+03* 100.0+£ 0.0 *
OPF-40 mM Composite 253+ 1.8”™ 36114 3.9+0.8 ** 99.5+1.2*

The susceptibility of 10 mM microparticles to enzymatic attack was further
demonstrated in release studies with scaffolds in collagenase-containing PBS (see Figure
4b and Table 4). As previously mentioned, composite burst release values in standard
PBS were shown to be statistically lower than hydrogel burst release. This trend was
repeated in the presence of collagenase, with an interesting addition. Burst release from
OPF-40 mM composites (25.3 + 1.8%) was also significantly less than burst release from
OPF-10 mM composites (32.8 + 4.8%). Furthermore, the Phase 2 release rate from OPF-

10 mM composites was dramatically higher (9.1 + 0.8% per day) than the corresponding



74

rates for release from hydrogels (2.9 + 0.1% per day) and OPF-40 mM composites (3.6 £
1.4% per day). However, by Phase 3, the highest release rates were observed with OPF-
40 mM composites since the encapsulated microparticles of these scaffolds undergo a
slower rate of enzymatic digestion. By day 18, OPF-10 mM composites exhibit 100%
TGF-B1 release, becoming completely degraded between days 21-24. In contrast, OPF-40
mM composites did not achieve 100% TGF-B1 release until day 28. At this time,

hydrogels exhibited a statistically lower final cumulative release value of 90.3 + 5.6%.

Figure IV- 4: TGF-p1 release and material degradation profiles in collagenase-
containing PBS (pH 7.4). Average percent cumulative TGF-B1 release from gelatin
microparticles (a) and OPF scaffolds (b) are shown with n = 5 to 6 for all formulations.
Average fold swelling ratios (c) and percent polymer loss from scaffolds (d) are shown
with n = 3 to 4 for all formulations. Error bars represent + standard deviation.

a b

g
g

3
3

% Cumulative Release
2
% Cumulative Release
2

-

=3
'Y
S

Q 10mM Microparticles A OPF Hydrogel
20 O 40mM Microparticles 20 @ OPF-10mM Composite
| OPF-40mM Composite
00 — v T r T T T [} T T v - r >
0 4 8 12 16 20 24 28 0 4 8 12 16 20 24 28
Time (day) Time (day)
c d
250
600 1004 & OPF Hydrogel
500 @ OPF-10mM Composite ¢
2001 400 B OPF-40mM Composite i I
300 80
200 P I
e
E 1501 100 = T
. 5 o ’
£ £
g 100 4 £
[ 2 401
50 1 A OPF Hydrogel 201 4 T
@ OPF-10mM Composite
w OPF-40mM Composite
0 . - - . T 0 —r T - T - T T
0 4 8 12 16 20 24 28 0 4 8 12 16 20 24 8
Time (day) Time (day)

Swelling and Polymer Loss in Collagenase-Containing PBS
As shown in Figures 4c and 4d, large swelling ratios and polymer loss values

were quickly exhibited with OPF-10 mM composites. In general, values for OPF-40 mM
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composites remained below OPF-10 mM values, while the lowest values were observed
for hydrogels with no microparticle component. The swelling ratio of OPF-10 mM
composites was 57.8 + 10.6 at the end of Phase 2 (day3) and quickly exceeded 100 fold
after 18 days incubation. By the beginning of Phase 4 (day 24), these scaffolds were
completely degraded.

OPF-40 mM composites exhibited slower degradation rates. The swelling ratio of
these composites persisted near 100 fold for days 18-24. However, by the end of Phase 4
(day 28), 2 of the 4 scaffolds in this treatment were completely degraded, while
remaining 2 scaffolds were extremely swollen, loose networks with an average fold
swelling ratio of 232 £ 56. In the presence of collagenase, hydrogels exhibited 89.2 =
3.4% polymer loss and a fold swelling ratio of 177 &+ 72 at day 28. These values were not
statistically different from hydrogel polymer loss and fold swelling values in standard

PBS.

Discussion
TGF-B1 release profiles from microparticles, hydrogels, and composites in

standard PBS agreed with previous investigations (134), demonstrating that drug delivery
systems with reproducible release kinetics can be easily fabricated. In particular, after
approximately 50% burst release, relatively little further release was observed from
microparticles as TGF-1 remains complexed to acidic gelatin at pH 7.4. As expected,
the microparticle crosslinking extent did not influence the kinetics of release from either
microparticles or composites at this pH. However, encapsulation of microparticles in an
OPF network was again shown to facilitate reduction of TGF-p1 burst release, indicating

that the polymer surrounding these microparticles serves to diffusionally control release.
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TGF-B1 release profiles from hydrogels and composites were seen to directly
correlate with swelling and polymer loss profiles in standard PBS. In particular, burst
release coincided with equilibrium swelling during the first 24 hours (Phase 1). A
moderate rate of release during days 1-3 (Phase 2) paralleled an observed steady loss of
polymer during this period. Polymer loss at this early stage may result from hydrolysis of
uncrosslinked polymer chains, resulting in increased gel swelling and TGF-B1 release.
Throughout Phase 3 (days 6-21), slightly reduced rates of TGF-B1 release were observed
(when compared to Phase 2). During this period, both composites and hydrogels appeared
to undergo minimal further swelling and polymer loss. Accordingly, release during this
time is presumably controlled by diffusion rather than hydrolytic degradation of the
polymer network. However, by days 24-28 (Phase 4), enhanced swelling and polymer
loss resulted in further release.

When hydrogels and composites were incubated in an acidic buffer to model the
pH frequently associated with inflammation, dramatically reduced swelling and polymer
loss were exhibited throughout the 28 day period. After only 24 hours, equilibrium
swelling ratios at pH 4.0 were found to be statistically lower than values at pH 7.4 for all
scaffold formulations. This trend persisted for both microparticles formulations,
indicating that enhanced TGF-B1 release from microparticles at pH 4.0 can not be
attributed to increased swelling, but, instead, results from disruption of the complexation
between TGF-B1 and gelatin. However, since TGF-B1 release from scaffolds was greatly
reduced at pH 4.0 (when compared to pH 7.4), diffusional control of TGF-B1 release can
still be achieved, despite elimination of electrostatic interactions, by encapsulating loaded

microparticles in a network of OPF.
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Further evidence of the diffusion barrier provided by the OPF network was seen
by comparing scaffold swelling and drug release at pH 7.4 and 4.0. Under normal
physiological pH, OPF hydrogels and composites were seen to quickly reach a swelling
ratio of approximately 20 fold. However, at acidic conditions, this value was reduced to
approximately 13 fold. Accordingly, the mesh size of the OPF network will be greater at
pH 7.4, than pH 4.0, allowing for faster diffusion of TGF-B1. Combined with previous
investigations (127, 134) which demonstrate that the mesh size of OPF hydrogels can be
systematically controlled by altering the length of the PEG chain in the repeating unit of
OPF, these results show that OPF network surrounding encapsulated microparticles can
be tailored to achieve the desired swelling extent, and thus, rate of drug diffusion.

Experiments in presence of collagenase demonstrated that systematic control of
material degradation and TGF-Bl1 delivery could be achieved by altering the
microparticle crosslinking extent and loading in OPF hydrogels. The influence of these
factors was promptly noted during Phase 1. The equilibrium swelling ratio of 10 mM
microparticles in the presence of collagenase (10.9 + 0.7) after only 24 hours incubation
was significantly greater than the swelling ratio in standard PBS (9.9 + 0.4), suggesting
that enhanced swelling in the presence of collagenase results from enzymatic degradation.
However, the 24 hr equilibrium swelling ratios of 40 mM microparticles in standard PBS
(8.0 £ 0.2) or in collagenase-containing PBS (7.8 + 0.1) were not statistically different.

Similar trends for swelling ratios were observed with scaffolds after 24 hr
incubation in standard PBS or in collagenase-containing PBS. For hydrogels and OPF-40
mM composites no statistical differences were found between equilibrium swelling ratios

in the absence or presence of collagenase within each experimental group. However, the
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swelling ratio of OPF-10 mM composites in collagenase-containing PBS (19.2 + 2.7) was
significantly greater than the equilibrium swelling ratio in standard PBS (16.0 £ 0.5).

More importantly, microparticle crosslinking extent and loading within hydrogels
was shown to affect the final fate of scaffolds. Enzymatic degradation of these
microparticles appeared to enhance the swelling and degradation of the synthetic
component of scaffolds. Specifically, composites encapsulating less crosslinked
microparticles (10 mM) exhibited complete TGF-B1 release within approximately 18
days and were completely degraded after 24 days. Composite encapsulating more
crosslinked microparticles (40 mM) exhibited complete TGF-B1 release within
approximately 28 days. As the gelatin microparticles within composites undergo
enzymatic attack, the digestion of gelatin fragments may allow for increased
microparticle swelling, exerting mechanical forces on the OPF network and ultimately
leading to network disruption (see Figure 5). Additionally, complete digestion of the
gelatin microparticles will result in the creation of large pores in these gels, allowing for
enhanced hydrolysis of OPF polymer chains. Studies with hydrogels (no microparticie
component) clearly demonstrate that OPF is not a substrate for collagenase digestion. For
these hydrogels, the final (28 day) values for TGF-B1 release, polymer loss, and swelling
in collagenase-containing PBS were not statistically different from values in standard
PBS. Furthermore, hydrogels exhibited only 89.2 + 3.4% polymer loss and significantly
lower final cumulative release than either composite formulation at 28 days.

Together, the results of both release and degradation experiments with composites
and hydrogels show that the inclusion of a digestible porogen will influence the rates of

growth factor release and scaffold degradation in the in vivo wound healing environment.
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This finding is of particular importance since recent cartilage engineering research has
demonstrated the importance of scaffold degradability in the quantity (138) and spatial

distribution (139) of chondrocytes, proteoglycans, and type II collagen.

Figure IV- 5: Degradation of OPF-gelatin microparticle composites in the presence
of collagenase. (a) Gelatin microparticles are initially encapsulated in a network of OPF.
(b) Collagenase digests gelatin segments, enhancing microparticle swelling. (¢) Increased
microparticle swelling disrupts the polymer network. (d) Complete digestion of gelatin
microparticles creates pore structures to allow for further hydrolysis of polymer chains.

Conclusions
This research demonstrates that encapsulation of TGF-Bl-loaded gelatin

microparticles within a network of the biodegradable polymer OPF provides a means of
controlling TGF-B1 release and material degradability. Specifically, release experiments
at normal physiological pH demonstrated that TGF-f1 burst release from non-
encapsulated microparticles is reduced when microparticles are embedded in a network
of OPF. Subsequent release at pH 7.4 directly correlates with hydrogel swelling and
polymer loss profiles. The ability of the OPF network to diffusionally control TGF-B1
release was again demonstrated in experiments performed in the acidic environment,
typical of inflamed tissue. At these conditions, TGF-B1 release from non-encapsulated
microparticles was accelerated, but when microparticles were encapsulated within a

crosslinked structure of OPF, sustained TGF-$1 release was achieved. Most interestingly,
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studies performed in the presence of collagenase demonstrated that complete TGF-p1
release and material degradation could be achieved within approximately 24 days by the
encapsulation of microparticles within an OPF network. Accordingly, these OPF
hydrogel release systems offer the novel ability to tailor both TGF-B1 release and
material degradation rates and demonstrate potential for use as tissue scaffolds in

articular cartilage repair.



81

V. OSTEOCHONDRAL REPAIR IN THE RABBIT MODEL UTILIZING BILAYERED,
DEGRADABLE OLIGO(POLY(ETHYLENE GLYCOL) FUMARATE) HYDROGEL
SCAFFOLDS'

Abstract
In this study, hydrogel scaffolds, based on the polymer oligo(poly(ethylene

glycol) fumarate) (OPF), were implanted into osteochondral defects in the rabbit model.
Scaffolds consisted of two layers — a bottom, bone forming layer and a top, cartilage
forming layer. Three scaffold formulations were implanted to assess how material
composition and transforming growth factor-f1 (TGF-B1) loading affected osteochondral
repair. Critical histological evaluation and scoring of the quantity and quality of tissue in
the chondral and subchondral regions of defects was performed at 4 and 14 weeks. At
both time points, no evidence of prolonged inflammation was observed, and healthy
tissue was seen to infiltrate the defect area. The quality of this tissue improved over time
with hyaline cartilage filling the chondral region and a mixture of trabecular and compact
bone filling the subchondral region at 14 weeks. A promising degree of Safranin O
staining and chondrocyte organization was observed in the newly formed surface tissue,
while the underlying subchondral bone was compietely integrated with the surrounding
bone at 14 weeks. Material composition within the bottom, bone forming layer did not
appear to affect the rate of scaffold degradation or tissue filling. However, no bone
upgrowth into the chondral region was observed with any scaffold formulation. TGF-p1
loading in the top layer of scaffolds appeared to exert some therapeutic affect on tissue

quality, but further studies are necessary for scaffold optimization. Yet, the excellent

¥ This chapter was published as the following article: TA Holland, EWH Bodde, LS Baggett, Y Tabata, AG
Mikos, JA Jansen, Osteochondral Repair in the Rabbit Model Utilizing Bilayered, Degradable
Oligo(Poly(Ethylene Glycol) Fumarate) Hydrogel Scaffolds, J. Biomed. Materials Res., 75, 156-167 (2005).
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tissue filling and integration resulting from osteochondral implantation of these OPF-
based scaffolds demonstrates their potential in cartilage repair strategies.

Abbreviations

C'/C, scaffolds with an upper OPF layer with loaded microparticles and a bottom OPF
layer of blank microparticles; C'/H, scaffolds with an upper OPF layer of loaded
microparticles and a bottom OPF layer of with no microparticles; C/H, scaffolds with an
upper OPF layer of blank microparticles and a bottom OPF layer with no microparticles;
H&E, hematoxylin and eosin; MSD, mean score per defect; MSF, mean score per
formulation; OPF, oligo(poly(ethylene glycol) fumarate); PBS, phosphate buffered
saline; TGF-B1, transforming growth factor-p1.

Introduction
Chronic joint pain and arthritis affects approximately one third of adults in the

United States (140) and is the leading causes of disabilities among Americans (141).
Many of these individuals suffer from lesions to articular cartilage, the thin tissue lining
diarthrodial joints which dissipates compressive loads and allows for pain-free movement
(3). Lesions, commonly inflicted during improper joint loading, sudden joint rotation, or
direct impact to a joint, often fail to heal properly due to the complex structure of this
unique tissue (2, 3). In particular, articular cartilage is an avascular tissue with a
relatively sparse cell population and a dense, well-ordered extracellular matrix (1, 7).
Since articular cartilage exhibits limited intrinsic repair, lesions may lead to further joint
degeneration and the onset of osteoarthritis (2, 85, 87).

Treatment options for patients with articular cartilage lesions are currently
restricted to surgical procedures aimed at either stimulating a healing response at the
injury site or filling the lesion with a tissue graft (87, 142). The former strategy is
undertaken by invasive drilling to deepen cartilage lesions to access the bioactive

molecules and reparative cells in the underlying bone marrow. The strategy of tissue
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grafting requires surgical disruption of healthy tissue to harvest a source of cartilage,
periosteal, or perichondrial cells for subsequent transplantation at the lesion site. Thus,
both treatment options inflict further tissue destruction before any therapeutic effect can
be achieved. Additionally, both surgical strategies have demonstrated very limited long
term efficacy. In general, surgical abrasion or drilling appears to produce mainly
fibrocartilage or fibrous tissue at the repair site which often deteriorates over time (1, 142,
143). Graft delamination and endochondral ossification are frequently encountered
following tissue transplantation (142-144). Accordingly, new treatment options are
necessary for the treatment of articular cartilage defects.

Through a series of investigations, our laboratory has developed a novel class of
injectable materials for the delivery of bioactive molecules to cartilage lesions to enhance
tissue repair (134, 145, 146). These systems are based on oligo(poly(ethylene glycol)
fumarate) (OPF), a synthetic polymer which can be used to fabricate biodegradable and
biocompatible hydrogels (119, 120). OPF, a water soluble polymer, can be injected into a
defect site and crosslinked in situ at physiological conditions, thereby eliminating the
need for harsh surgeries. Gelatin microparticles, incorporated into these gels at the time
of crosslinking, have been shown to act as enzymatically, digestible porogens to speed
scaffold degradation (146). Sustained growth factor delivery has been achieved by first
loading these microparticles with the desired growth factor and then encapsulating the
microparticles within the OPF network (134, 145, 146).

This current work evaluates three different formulations of bilayered OPF
hydrogel scaffolds in osteochondral repair. A bilayered scaffold design (Table 1) was

employed to spatially control drug loading and scaffold degradability in the approximate
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regions where cartilage and bone are found in healthy joints. For all formulations, the
upper scaffold layer consisted of an OPF hydrogel in which 0.20 g gelatin microparticles
per g polymer were encapsulated. This scaffold composition was utilized since
microparticles embedded in the OPF network at this concentration have previously been
shown to act as digestible porogens (146). Accordingly, it was hypothesized that this
composition would allow for rapid and adequate cell infiltration to the chondral portion

of defects from the surrounding cartilage and synovium (60).

Table V- 1: Three formulations of OPF scaffolds implanted into osteochondral
defects

Scaffold Formulations
c'/C C'H C/H
Composnte:' Composnte:' Composite:
Chondral laver Gel encapsulating Gel encapsulating Gel encapsulatin
y TGF-p1-loaded TGF-p1-loaded >apsuwaing
. . . . blank microparticles
microparticles microparticles
Subchondral Composxte:. . Hy(?rogel . . Hyt?rogel .
laver Gel encapsulating | with no microparticles | with no microparticles
4 blank microparticles or TGF-p1 or TGF-p1

In two scaffold formulations (abbreviated as C*/C and C'/H), microparticles
within this upper composite layer were loaded with transforming growth factor-f1 (TGF-
B1), while microparticles in the third scaffold formulation (abbreviated as C/H) were
loaded with PBS. TGF-B1 is an excellent candidate for cartilage drug delivery strategies
as this growth factor has been shown to enhance chondrocyte proliferation (36, 37) to
promote the chondrogenic differentiation of progenitor cells (10, 28, 29), and to increase
cartilage extracellular matrix synthesis (32, 34, 35). The bottom layer of all scaffolds was
unloaded (TGF-B1-free) since TGF-B1 delivery to the osseous tissue of osteochondral

defects has resulted in bone upgrowth into the cartilaginous region of defects (105). In
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two scaffold formulations (C*/H and C/H), the bottom layer was composed solely of an
OPF hydrogel without any porogen. This material composition was chosen to act as a
structural barrier to further prevent bone upgrowth, since OPF hydrogels have been
shown to degrade slower than OPF-gelatin microparticle composite gels (146).
Histological evaluation of the quantity and quality of tissue repair in the upper
and lower portion of defects treated with these three scaffold formulations was performed
at both 4 and 14 weeks to assess the following questions:
1. Do these novel, hydrogel scaffolds support cartilage and bone growth in the rabbit
osteochondral defect model?
2. How does the quality and quantity of tissue repair compare over time?
3. Does the rate of material degradation in the lower, bone forming portion of
scaffolds affect tissue formation?
4. How does TGF-B1 delivery to the upper portion of osteochondral defects affect
cartilage repair?

Experimental Methods

Gelatin Microparticle Fabrication and Loading
Gelatin microparticles were fabricated from acidic gelatin (Nitta Gelatin Inc.,

Osaka, Japan) and crosslinked in 10 mM glutaraldehyde (Sigma, St. Louis, MO)
according to previously established methods (122). After drying, the microparticles were
sieved to obtain particles 50-100 um in size and then sterilized by exposure to ethylene
oxide gas (123).

Sterile microparticles were then loaded with TGF-B1 by swelling in an aqueous
solution of TGF-B1 at pH 7.4 according to previous methods (134, 146). At this pH,
TGF-B1 (with an isoelectric point of 9.5) is positively charged, and therefore, forms a
polyionic complexation with negatively charged acidic gelatin (isoelectric point of 5.0)
(122, 123). A TGF-P1 loading solution concentration of 1.2 pg TGF-B1/ml PBS was

utilized to achieve an overall growth factor loading of approximately 200 ng TGF-$1/ml
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in the top crosslinked, layer of scaffolds. This concentration of TGF-B1 has previously
been shown to be therapeutic in the treatment of full and partial thickness rabbit and
porcine defects (105, 114). Blank microparticles were loaded with PBS in a similar
fashion.
OPF Synthesis

OPF with an initial number average molecular weight of 12,300 £ 100 and weight
average molecular weight of 51,300 + 6,700 was synthesized according to a method
developed in our laboratory (125). Molecular weight determination was likewise
conducted using established procedures for gel permeation chromatography with samples
run in triplicate (146). The resulting OPF was sterilized by exposure to UV light for 3 h
following an established technique (147).
Scaffold Fabrication

Table 1 displays the three different scaffold formulations fabricated for this study.
All scaffolds consisted of two layers: a top, cartilage forming layer and a bottom, bone
forming layer with respective thicknesses of 1 mm and 2 mm. Although the thickness of
articular cartilage was expected to vary amongst animals, these dimensions were chosen
as a means of tailoring scaffold composition and drug loading to the upper or lower
portion of defects, rather than as a model of exact anatomy. Since the animals utilized in
this study were already undergoing bilateral joint surgery for creation of the
osteochondral defects, scaffolds were implanted, rather than injected, at the defect site.

As noted in Table 1, the scaffold formulations have been assigned abbreviations
based on the material compositions within each layer — either an OPF hydrogel layer (H)

or a composite gel layer (C) in which gelatin microparticles were encapsulated in the
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OPF network. The first letter of each abbreviation corresponds to the material
composition of the upper, cartilage forming layer. Subscripts “-” or “+” respectively refer
to upper layers containing microparticles loaded with PBS or loaded with TGF-f1. No
growth factors were added to the bottom, bone forming layer of any scaffold formulation.

All scaffolds were fabricated using a two step crosslinking procedure (Figure 1) in
which an OPF solution with the desired bottom layer composition was first injected into a
mold and partially crosslinked prior to the injection and crosslinking of the upper layer.
More specifically, 0.15 g OPF was dissolved in 395 pl of PBS containing 14 mg N,N’-
methylene bisacrylamide (Sigma, St. Louis, MO) as a crosslinking agent. Then, the
appropriate amount of microparticles (32 mg or 0 mg) was added to the polymer solution
with an additional 118 pl PBS. The resulting mixture was thoroughly vortexed. Finally,
51 pl of 0.3 M tetramethylethylenediamine (in PBS) (Sigma, St. Louis, MO) and 51 pl of
0.3 M ammonium persulfate (in PBS) (Sigma, St. Louis, MO) were added to initiate
crosslinking. After vortexing, the suspension was injected into a cylindrical Teflon mold
(3 mm in diameter) to a height of 2 mm and incubated at 37°C to achieve crosslinking.
The cytocompatibility of this tetramethylethylenediamine/ammonium persulfate initiating
system has previously been demonstrated by the successful encapsulation of rat marrow
stromal cells in OPF hydrogels during the time of crosslinking (147, 148).

After 5 minutes incubation, this formulation of OPF forms a partially crosslinked
hydrogel, enabling lamination to a second layer (134, 146). Accordingly, at this time, a
second solution of OPF-gelatin microparticles was injected into the Teflon mold to form
the upper scaffold layer (1 mm in height). Prior to injection, this solution was mixed as

previously described. The mold was then incubated at 37°C for 10 min to achieve
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complete crosslinking of both layers. It should be noted that all PBS, initiator, and
bisacrylamide solutions were sterilized prior to use by filtration through a cellulose
acetate membrane filter (0.2 pm pore diameter) according to an established procedure
(147). The final dimensions of all scaffolds matched the dimensions of osteochondral
defects in the rabbit model (3 mm in diameter x 3 mm in depth) (149-151). Scaffolds

were fabricated 2 to 4 hours prior to implantation.

Figure V-1: Overview of the methods utilized for scaffold fabrication and
implantation, as well as subsequent retrieval and processing of tissue

Crosslinking Crosslinking
(37°Cfors min: ) (37°C for 10 min) Implantation
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L]

Addition of Addition of
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bone Tissue harvest
(4 & 14 wks
Eost-surgery)

Joint
surface

Histological Slide
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of defect with degrading implant
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Animal Surgery
Seventeen, 4-month old New Zealand white rabbits were utilized in this study. All

surgical procedures followed protocols approved by the University of Nijmegen’s Animal
Care and Use Committee and were based on a well-established bilateral, rabbit,
osteochondral defect model (149-151). Eight of the seventeen rabbits were used to
examine tissue repair at 4 weeks with the remaining nine rabbits utilized to examine

repair at 14 weeks.
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Prior to surgery, anesthesia was induced by an intravenous injection of
Hypnorm® (0.32 mg/ml fentanyl citrate and 10 mg/ml fluanisone) and atropine. General
inhalation anesthesia was then maintained by a mixture of nitrous oxide, isoflurane, and
oxygen administered through a constant volume ventilator. To reduce peri-operative
infection risk and to minimize post-operative discomfort, antibiotic prophylaxis (Baytril
2.5%, Enrofloxacin, 5-10 mg/kg) and Fynadyne® were preoperatively administered to
the rabbits.

After administration of anesthesia, rabbits were immobilized on their back. Hair
from both legs of each animal was shaved, and the legs disinfected with povodine-iodine.
Both knee joints were then exposed through a medial parapatellar longitudinal incision.
The capsule was incised, and the medial femoral condyle exposed after lateral luxation of
the patella. With the knee maximally flexed, a full-thickness defect (3 mm in diameter
and 3 mm in depth) was created in the center of the condyle using a dental drill (KAVO,
Intrasept 905, KAVO Nederland BV, Vianen, The Netherlands). A 2 mm drill bit was
first used to establish a 2 mm diameter defect. This defect was then irrigated and
gradually enlarged using drill bits with a diameter of 2.8 mm and then 3.0 mm. All bits
were fashioned with a 3 mm stop to ensure a defect of precisely 3 mm in depth was
created. All debris was removed from the defect with a curette and the edge carefully
cleaned with a scalpel blade.

A scaffold was then placed into the defect. Subsequently, the patella was
repositioned, and the capsule and muscle closed with a continuous 4-0 Vicryl suture.
Finally, the skin was closed with single intracutaneous 4-0 Vicryl sutures. This procedure

was repeated for both knees of each rabbit with different scaffold formulations implanted
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into the right and left knees of each rabbit. More specifically, five rabbits received one
C'/H scaffold and one C'/C scaffold, while an additional six rabbits received one C/H
scaffold and one C*/H scaffold. Finally, the last six rabbits received one C*/C and one C°
/H scaffold.

To minimize post-operative discomfort, Fynadyne® was administered for two
days postoperatively. The animals were housed in conventional rabbit cages which
allowed for unrestricted weight-bearing activity and were observed for signs of pain,
infection and proper activity.

Tissue Processing

At four and fourteen weeks post-surgery, rabbits were euthanized by intravenous
administration of Nembutal (pentobarbital). The tissue surrounding the medial femoral
condyle was retrieved en bloc. Specimens were fixed in 10% buffered formalin (pH 7.4)
for 1 week, decalcified in Formical2000 (Decal Corporation, Congers, NY, USA) for 2
weeks, dehydrated through graded ethanols, and embedded in paraffin. Using a
microtome (Leica RM 2165, Leica Microsystems, Nussloch, Germany), longitudinal
sections of 6 um in thickness were taken throughout the defect. Sections from the defects’
center and lateral and medial edges were then stained with hematoxylin and eosin (H&E).
Likewise, center, lateral, and medial sections were separately stained with Safranin
O/light green and Masson’s trichrome. This methodical processing of the sections
allowed for subsequent evaluation of tissue repair at the defect edges and center.

In addition to standard H&E, the two additional staining methods enabled
identification of key attributes of the newly formed tissue — in particular,

glycoasminoglycan and collagen content. Safranin O is routinely used in cartilage
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histology since this stain colors basophilic structures, like the negatively charged
glycoasminoglycans of articular cartilage, with shades of red. Light green is a neutral
stain utilized as a counter stain in Safranin O-stained sections. Masson’s trichrome
staining is also a well established histological technique for evaluating connective tissue.
This technique identifies collagen fibers with a green color, while cell nuclei and

cytoplasm are respectively stained black and red (152).

Histological Scoring
Histological sections were blindly and independently scored by two evaluators

(TH and EB) using a modified graded system based on the five histological
characteristics examined in the original O’Driscoll method for examining tissue graft
performance: graft integration and integrity, and cartilage morphology, regularity, and
thickness (153). However, since the present study examined the performance of
degradable implants, rather than tissue grafts, this system was amended to examine neo-
tissue ingrowth and integration, rather than graft integrity and integration (Table 2).
Additionally, since the material composition of the bottom, subchondral layer of these
implants was varied to examine how the rate of implant degradation affected tissue
formation, parameters were also included to separately examine neo-tissue in-growth and
morphology in this region. Overall implant degradation was also scored.

Finally, following well established modifications to the original O’Driscoll
system, additional parameters examined potential chondrocyte clustering within the
newly formed cartilaginous tissue (154-156), as well as the cellularity and GAG content
(assessed by Safranin O staining) within the neo-tissue and in the cartilage immediately

adjacent to the defect (151, 154, 156). Similarly, apparent total collagen content in the
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neo-tissue was assessed by Masson’s trichrome staining. These parameters were scored
relative to the respective characteristics of uninjured cartilage far removed from the
defect site. Thus, the histological scoring system shown in Table 2 facilitated a thorough,
systematic means of evaluating tissue quality and quantity in the overall 3 x 3 mm defect,
as well as in the subchondral (the bottom 2 mm) and chondral (the upper 1 mm) regions
of defects. Furthermore, this comprehensive system allowed for assessment of possible
degenerative changes in the tissue adjacent to defects.
Statistical analysis

Ordered logistic regression of histological scores was performed using SAS
Version 8.2 statistical software (SAS, Cary, NC, USA). This statistical method provides a
means of assessing potential factors affecting outcomes with discrete, ordinal values
(157). For each histological parameter, ordered logistic regression was performed to
analyze the potential single factor affects of time, scaffold formulation, and location
within the defect (edge vs. center sections). The Wald Chi Square test statistic with a
significance level of 0.05 was first used to confirm the validity of each regression. An
analysis of effects was then performed with a significance level of 0.05. Potential two and
three factor interactions amongst time, scaffold formulation, and location were also

evaluated for each histological parameter.

Calculation of Average Histological Scores
Ordered logistic regression revealed that section location (edge vs. center) within

defects was not a significant factor affecting any of the twelve histological parameters.
Thus, for each parameter, the medial, lateral, and center scores for a particular defect

were averaged. Then, at each time point, the mean score and corresponding standard
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deviation amongst these averages was calculated for each treatment group. These values
are reported in Tables 3 and 4 as mean scores per formulation (MSF) = standard

deviation.

Table V- 2: Histological scoring system for evaluation of overall tissue filling (a),
subchondral bone repair (b), and cartilage repair (c)

(a) Overall tissue filling

Overall defect evaluation (throughout the entire defect depth) Score
1. Percent filling with neo-formed tissue
100% 3
>50% 2
<50% 1
0% 0
2. Percent degradation of the implant
100% 3
>50% 2
<50% 1
0% 0

(b) Subchondral bone repair

Subchondral bone evaluation (within the bottom 2 mm of defect) Score
3. Percent filling with neo-formed tissue
100% 3
>50% 2
<50% 1
0% 0

4, Subchondral bone morphology
Normal, trabecular bone
Trabecular, with some compact bone
Compact bone
Compact bone and fibrous tissue
Only fibrous tissue or no tissue

5. Extent of neo-tissue bonding with adjacent bone
Complete on both edges
Complete on one edges
Partial on both edges
Without continuity on either edge

S = N WA

O = N W
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(c) Cartilage repair
Cartilage evaluation (within the upper 1 mm of defect) Score
6. Morphology of neo-formed surface tissue
Exclusively articular cartilage
Mainly hyaline cartilage
Fibrocartilage
Only fibrous tissue or bone
No tissue
7. Thickness of neo-formed cartilage
Greater than surrounding cartilage
Similar to the surrounding cartilage
Less than the surrounding cartilage
No cartilage
8. Joint surface regularity
Smooth, intact surface
Surface fissures (<25% neo-surface thickness)
Deep fissures (25-99% neo-surface thickness)
Complete dissruption of the neo-surface
9. Chondrocyte clustering
None at all
< 25% chondrocytes
25-100% chondrocytes
No chondrocytes present (no cartilage)
10. Cell and glycoasminoglycan (GAG) content of neo-formed cartilage
Normal cellularity with normal Safranin O staining
Normal cellularity with moderate Safranin O staining
Clearly less cells with poor Safranin O staining
Few cells with no or little Safranin O staining or no cartilage
11. Collagen content
Normal
Moderately reduced
Severly reduced
Absent or no cartilage
12. Cell and glycoasminoglycan (GAG) content of adjacent cartilage
Normal cellularity with normal GAG content
Normal cellularity with moderate GAG content
Clearly less cells with poor GAG content
Few cells with no or little GAGs or no cartilage

O = N W O == N W O == N W S - N W O = W S = N W b

O = W

It should be noted that for all parameters, except parameter 7, scores of maximum

value correspond to the characteristics of healthy, uninjured tissue. For parameter 7 (neo-
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cartilage thickness), a score of 2, rather than the maximum value of 3, corresponds to
normal cartilage thickness. Although neo-cartilage thickness was commonly observed to
be thinner than the surrounding cartilage, only one instance of overfilling was noted.
Thus, average scores for this parameter accurately represent relative tissue thickness.
Results Animal Health & Macroscopic Joint Appearance at Recovery

Animals appeared to recover quickly from the bilateral surgical procedure and
were observed to regain full movement within less than one week. The rabbits continued
to exhibit no physical limitations, with normal behavior and movement observed
throughout the 14 week period. It should be noted that complications during the surgical
creation of one defect led to exclusion of that specimen from the study. With all other
defects, no signs of inflammation, infection, or swelling were noticed upon visible

inspection of the joint surfaces at the time of tissue retrieval.

Histological Appearance

Tissue Repair at 4 Weeks
No evidence of a persistent inflammatory response was observed at 4 weeks

despite the significant extent of implant degradation which was observed at this early
time point. Immature tissue was seen to fill greater than 50% of the defect area in
histological sections of joints treated with all scaffold formulations. The overall
percentage of tissue filling and scaffold degradation appeared to vary amongst all defects,
regardless of scaffold type. Compact bone and a small amount of fibrous tissue generally
filled the subchondral portion of defects (the bottom 2 mm). However, in many

specimens, especially those with little scaffold material remaining, some trabecular bone
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was already present at this early time point. Overall, this osseous tissue was well
integrated with the surrounding bone.

Likewise, the newly formed tissue in the chondral region of defects (the upper 1
mm) displayed continuity with both the adjacent cartilage and underlying subchondral
tissue. This neo-surface had the appearance of fibrocartilage or fibrous tissue and was
generally thinner than the surrounding, uninjured cartilage. Elongated, thin cells and
sparse Safranin O staining were observed at 4 weeks (Figure 2). Some fissures in the neo-
surface were present, but these generally did not extend to the underlying bone. Both the
subchondral and chondral tissue adjacent to the defect site maintained a healthy

appearance.

Figure V- 2: Sections showing representative 4-week tissue repair in three defects
after osteochondral implantation of C'/C (A and D), C'/H (B and E), and C/H (C
and F) scaffolds. Figures A-C show H&E stained tissue sections, while Figures D-F
show sections stained with Safranin O/light green. Original magnification of all sections
is 2.5x. Arrows point towards the joint surface, while surface fissures are respectively
indicated by FI.
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Tissue Repair at 14 Weeks

In general, by 14 weeks, defects were completely filled with tissue, and scaffolds
were completely degraded. With all treatment groups, the neo-formed subchondral and
chondral tissue had undergone considerable remodeling between 4 and 14 weeks, as
apparent in the morphology of the newly formed tissue at this later time point (Figure 3).
In some sections, the only visible marker of the former defect area was a slightly thinner
cartilage layer with less intense Safranin O staining than the surrounding joint surface.
Trabecular bone, and sometimes a small amount of remaining compact bone, filled the
subchondral region. In all cases, this bone was completely integrated with the adjacent
bone.

The new joint surface was also well-integrated with the surrounding cartilage at
14 weeks, but was occasionally dotted with fissures as shown in Figure 3i. With all
treatment groups, chondrocytes now populated the former defect area but were reduced in
number when compared to the uninjured cartilage. These chondrocytes were often
arranged in a zonal organization resembling healthy articular cartilage. As shown in the
magnifications of Figures 3g and 3h, chondrocytes near the joint surface were slightly
elongated. Below these cells, more rounded chondrocytes were seen to form columns and
to stain more intensely for GAG, as expected for cells in the intermediate zone of
articular cartilage (3, 4). Cartilage surrounding this neo-formed surface maintained a

healthy appearance and thickness (Figure 3a-c).
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Figure V- 3: Sections (stained with Safranin O/light green) showing representative
14-week tissue repair in three defects after osteochondral implantation of C*/C (A,
D, and G), C'/H (B, E, and H), and C7/H (C, F, and I) scaffolds. The boxed regions in
A-C (2.5x magnification) are shown at higher magnifications in D-F (10x), and G-I (20x).
Arrows point towards the joint surface, while columnar arrangements of chondrocytes,
cell clusters, and cartilage fissures are respectively indicated by CO, CL, and FIL.

Histological Scores at 4 Weeks
As previously discussed, some variability in tissue filling and scaffold

degradation was observed in 4 week sections. Again, scaffold type was not seen to
influence the degree of tissue filling or scaffold degradation. Mean histological scores for
subchondral bone morphology were between 2.0 and 1.0 (Table 3), indicating the

predominance of remodeling compact bone with some remaining fibrous tissue in this
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portion of defects at 4 weeks. Contrary to expectations, the material composition of the
bottom layer of scaffolds did not influence bone filling, morphology, or integration.
However, no bone upgrowth into the chondral region was observed with any of the

treatment groups.

Table V- 3: Mean histological scores per scaffold formulation (MSF) at 4 weeks.
Values are shown as mean + standard deviation.

Mean Score Per Formulation
C'/C (n=4) | C"/H (n=6) | C/H (n=5)

Histological Parameter

Overall defect evaluation

1. Percent filling with neo-formed tissue 22 + 08127 + 0423 = 0.7
2. Percent degradation of the implant 27 £ 05127 = 0423 = 0.7
Subchondral bone evaluation

3. Percent filling with neo-formed tissue 20 £ 07121 £ 11121 £ 08
4. Subchondral bone morphology 15 £ 1115 1017 =+ 07
5. Extent of neo-tissue bonding with adjacent bone 20 £ 10121 = 13130 = 00
Cartilage evaluation

6. Morphology of neo-formed surface tissue 1.8 £+ 0616 = 0516 = 0.5
7. Thickness of neo-formed cartilage 13 £+ 10]07 £ 04108 = 0.8
8. Joint surface regularity 26 £ 05120 £ 0617 £ 038
9. Chondrocyte clustering 1.6 £+ 11112 £ 1.0]09 = 09
10. Cell and GAG content of neo-formed cartilage 11 £ 08107 £ 0.8]08 £ 0.8
11. Collagen content 1.7 £ 12112 £ 097113 = 1.3
12. Cell and GAG content of adjacent cartilage 23 + 03] 18 = 03]26 = 04

Histological evaluation revealed that TGF-B1 delivery had little effect on early
cartilage repair. Regardless of treatment group, the neo-surface at 4 weeks scored
between 1.0 and 2.0 for surface tissue morphology, reflecting the fibrous nature of this
new surface. Critical histological scoring revealed that this tissue was thinner and
contained lower cell, GAG, and collagen content than the surrounding uninjured cartilage
(See Table 3). Very limited degenerative changes were observed in the cartilage adjacent
to defects. As shown in Table 3, mean scores for cell and GAG content in the

surrounding cartilage tissue (Parameter 12) were at or near 2.0 for all formulations,
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indicating normal cellularity with moderately reduced GAG content. Again, these
findings further confirm the biocompatibility of these OPF composites and their
degradation products. By 14 weeks, the surrounding cartilage, as well as the neo-formed
surface, displayed overall improvements in tissue quality as reflected in the higher

histological scores at this later time point.

Histological Scores at 14 Weeks
In general, scaffolds were completely degraded at 14 week. Tissue filling was

seen to statistically improve by 14 weeks. However, perhaps the most striking
improvements between 4 and 14 weeks were observed in the morphology of both the
subchondral and chondral regions of the former defect areas. While the 4 week mean
scores for subchondral bone morphology were below 2.0 for all treatments, by 14 weeks
these scores had risen to 3.0 £ 0.7, 2.7 + 0.6, 3.1 + 0.9, for defects treated with C*/C,
C*/H, and C/H, respectively. Thus, the compact bone and fibrous tissue present at 4
weeks and undergone significant remodeling to form trabecular bone at 14 weeks. As
shown in Figure 3, this bone was completely integrated with the surrounding bone. In fact,
maximum scores of 3.0, indicating complete bonding on both defect edges, were awarded
to all tissue sections evaluated at 14 weeks.

Tissue quality in the chondral portion of the former defect area had also improved
considerably by week 14 (See Figure 3). In fact, scores for tissue morphology, thickness,
chondrocyte clustering, and cell, GAG, and collagen content were statistically higher at
14 weeks than at 4 weeks. For example, scores for cell and GAG content, which had been
at or below 1.0 at 4 weeks, now approached 2.0 at 14 weeks, indicating an increase in

both cellularity and GAG content. Likewise, scores for total collagen content were also
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seen to improve between 4 and 14 weeks. Perhaps most indicative of the overall
improvement in tissue quality were the elevated 14 week mean scores for surface tissue
morphology (2.9 £ 0.6,2.7 £ 0.5,2.6 + 0.8 for C"/C, C'/H, and C/H treatment groups,
respectively). These scores reflected the high frequency of hyaline cartilage filling the
chondral region and the zonal arrangement of chondrocytes at 14 weeks. It should be
noted that this cartilage was still thinner than the surrounding cartilage, but its thickness
had statistically improved between 4 and 14 weeks. While Safranin O staining in
cartilage immediately adjacent to the former defect was slightly reduced (when compared
to cartilage far from the defect site), normal chondrocyte density and arrangement
perpetuated this tissue indicating that no severe, adverse effects were inflicted by these

OPF-based scaffolds.

Table V- 4: Mean histological scores per scaffold formulation (MSF) at 14 weeks.
Values are shown as mean + standard deviation. Asterisks (*) indicate those parameters
which were shown to statistically improve over time from 4 week values.

Mean Score Per Formulation
C’/C (n=4) | C'/H (n=6) | C/H (n=5)

Histological Parameter

Overall defect evaluation

1. Percent filling with neo-formed tissue” 28 + 0326 + 02]29 = 0.2
2. Percent degradation of the implant 28 £ 03126 £ 0229 + 0.2
Subchondral bone evaluation

3. Percent filling with neo-formed tissue* 28 £ 03127 £ 03]29 = 0.2
4. Subchondral bone morphology* 30 £ 07127 £ 0631 £ 09
5. Extent of neo-tissue bonding with adjacent bone 30 £ 00}30 £ 0030 £ 0.0
Cartilage evaluation

6. Morphology of neo-formed surface tissue* 29 £ 0627 £ 05126 = 0.8
7. Thickness of neo-formed cartilage* 17 £ 04117 £ 02]15 = 06
8. Joint surface regularity 26 £ 05124 £ 0422 £ 03
9. Chondrocyte clustering* 21 £ 07117 £ 04119 = 0.7
10. Cell and GAG content of neo-formed cartilage* 19 £ 0617 £ 0517 £ 0.6
11. Collagen content* 23 £ 07122 £ 0624 £ 1.0
12. Cell and GAG content of adjacent cartilage* 28 £ 03127 £ 0326 = 04
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Discussion

The rigorous histological analysis undertaken in this study allowed for critical
evaluation of tissue repair in osteochondral defects treated with three different
formulations of OPF hydrogel scaffolds. More specifically, the twelve-parameter system
shown in Table 2 permitted individual assessment of the neo-formed tissue in both the
subchondral and chondral regions of defects. At either time point and in either region of
the defect, no evidence of persistent inflammation was observed. Overall, at 4 weeks,
scaffolds were largely degraded with immature tissue filling defects. Although mainly
compact bone with some fibrous tissue filled the subchondral region at 4 weeks, this
tissue had been remodeled to contain predominantly trabecular bone at 14 weeks.
Likewise, the fibrocartilage filling the subchondral region of defects at 4 weeks had been
remodeled to contain mainly hyaline cartilage at 14 weeks.

This observed improvement in bone and cartilage morphology indicate the
biocompatibility of these OPF-based scaffolds and their degradation products. In
previous in vitro studies, designed to model the low pH environment typical of prolonged
inflammation, OPF-gelatin microparticle composites and OPF hydrogels were seen to
degrade at a relatively slow rate at decreased pH. In fact, less than 60% polymer loss was
observed at pH 4.0 after 4 weeks (146). In the presence study, scaffold degradation in
vivo generally exceeded 60% at 4 weeks. Thus, this observation indicates that low pH,
and thus an inflammatory environment, did not persist around the defect site.
Furthermore, since neither inflammatory cells nor joint swelling were observed at either 4
or 14 weeks, the biocompatibility of the byproducts from these degrading OPF scaffolds

is clearly confirmed.
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In this study, the observed rate of implant degradation conformed to the expected
degradation kinetics for scaffold layers consisting of an OPF-gelatin microparticle
composite at normal, physiological conditions (146). However, layers containing OPF
gels with no microparticles were expected to degrade at a slower rate, as complete
degradation at pH 7.4 within 4 weeks was not observed in prior in vitro studies (146).
Compressive loading during normal, joint movement may explain this enhanced rate of
gel degradation. Scaffold type, and thus composition, did not appear to greatly affect the
extent of repair. However, bone upgrowth into the chondral region was not observed with
either material composition, demonstrating that both compositions have degradation rates
which support controlled osteochondral repair. The similar in vivo degradation profiles of
these scaffolds may account for the similar healing responses observed amongst scaffold
formulations.

Like scaffold degradation, bone integration was not observed to significantly
change between 4 and 14 weeks. While partial integration was occasionally observed at
the early time point, 4 week scores for this parameter were not found to be statistically
different from the complete integration observed at 14 weeks. Often, when grafts (87) or
degradable scaffolds (150, 151) are utilized in cartilage repair, incomplete integration
with the surrounding tissue is observed upon long term evaluation. This may lead to
displacement of the implant and inflict further joint pain (87). Thus, the excellent tissue
integration exhibited with these novel scaffolds demonstrates their potential in advancing
the treatment of cartilage lesions.

Likewise, the lack of statistical changes in joint surface regularity scores reflects

the utility of these scaffolds in cartilage engineering. At both 4 and 14 weeks, disruptions
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in the joint surface were generally limited to surface fissures, as indicated by the
histological scores in Table 3 and 4. It should be noted that scaffold type was seen to
affect this marker of cartilage repair. In particular, higher scores corresponded with TGF-
B1-loaded scaffolds. While these results suggest some therapeutic effect of the TGF-p1
released from these scaffolds, further research is necessary to investigate why growth
factor delivery did not affect additional markers of tissue repair. Since other researchers
have also encountered a lack of significant differences between treatment groups upon
histological evaluation of osteochondral scaffolds (100, 151), this issue may be related to
the complexity of articular cartilage repair and/or the use of relatively young animals
with higher regenerative potential. Although numerous other studies have also utilized
the current animal model (150, 151), future studies will investigate these scaffolds in the
osteochondral repair in older animals.

However, the excellent tissue filling and integration resulting from osteochondral
implantation of these novel OPF-based scaffolds demonstrates their potential for
improving cartilage repair. As shown in Figure 3, hyaline cartilage with well-organized
chondrocytes and intense GAG staining was seen to fill the chondral portion of defects at
14 weeks. Trabecular bone with some remodeling compact bone was seen to fill the
subchondral region. Untreated rabbit osteochondral defects have been shown to be filled
with highly fibrillar, fibrous tissue or fibrocartilage in the chondral region with bone up
to or beyond the tidemark (150). Accordingly, the quality of repair achieved with these
scaffolds reveals their promise in advancing cartilage repair and compels further in vivo

investigations with these materials.
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Conclusions

Through osteochondral implantation of OPF-based hydrogels, the potential of this
novel class of degradable scaffolds has been demonstrated in the field of cartilage tissue
engineering. Specifically, this research illustrates that OPF-based hydrogel scaffolds
undergo biocompatible degradation and support healthy tissue growth in rabbit,
osteochondral defects. Tissue quality was seen to improve over time with mostly hyaline
cartilage filling the chondral region and a mixture of trabecular and compact bone filling
the subchondral region at 14 weeks. Although scaffold material composition was not seen
to affect scaffold degradation or tissue filling, no bone upgrowth into the chondral region
was observed, and new bone tissue was completely integrated with the surrounding bone
at 14 weeks. Although further studies are necessary to optimize these scaffolds, TGF-p1
loading in the top layer of scaffolds appeared to exert some affect on cartilage quality in
the defect area. Accordingly, this research demonstrates the exciting potential of these

OPF-based hydrogels as carriers of bioactive agents for cartilage repair.
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VL. DUAL GROWTH FACTOR DELIVERY FROM DEGRADABLE OLIGO(POLY(ETHYLENE
GLYCOL) FUMARATE) HYDROGEL SCAFFOLDS FOR CARTILAGE TISSUE
ENGINEERING'

Abstract
This work describes the development of a non-invasive means of simultaneously

delivering insulin-like growth factor-1 (IGF-1) and transforming growth factor-p1 (TGF-
B1) to injured cartilage tissue in a controlled manner. This novel delivery technology
employs the water-soluble polymer, oligo(poly(ethylene glycol) fumarate) (OPF) in the
fabrication of biodegradable hydrogels which encapsulate gelatin microparticles. Release
studies first examined the effect of gelatin IEP and crosslinking extent on IGF-1 release
from these microparticles. In the presence of collagenase, highly crosslinked, acidic
gelatin (IEP = 5.0) provided sustained release of IGF-1, 95.2 + 2.9% cumulative release
at day 28, while less crosslinked microparticles and microparticles of alternate IEP
exhibited similar release values after only 6 days. Encapsulation of these highly
crosslinked microparticles in a network of OPF provided a means to further control
release, reducing final cumulative release to 70.2 + 4.7% in collagenase-containing PBS.
Final release values from OPF-gelatin microparticle composites could be altered by
incorporating less crosslinked, non-loaded microparticles within these constructs. Finally,
this technology was extended to the dual delivery of IGF-1 and TGF-B1 by loading these
growth factors into either the OPF hydrogel phase or gelatin microparticle phase of
composites. Release profiles were successfully manipulated by altering the phase of
growth factor loading and microparticle crosslinking extent. For instance, by loading

TGF-B1 into the gelatin microparticle phase, a burst release of 10.8 + 0.7% was achieved,

1 This chapter was published as the following article TA Holland and AG Mikos, Dual Growth Factor
Delivery From Degradable Oligo(Poly(Ethylene Glycol) Fumarate Hydrogel Scaffolds for Cartilage Tissue
Engineering, J. Control. Release, 101, 111-125 (2005).
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while loading this growth factor into the OPF hydrogel phase resulted in a burst release
of 25.2 + 1.5%. With either system, simultaneous, slow release of IGF-1 over a 4 week
period was accomplished by selectively loading this protein into highly crosslinked,
encapsulated microparticles. These results demonstrate the utility of these systems in
future studies to assess the interplay and time course of multiple growth factors in
cartilage repair.

Abbreviations

CC-PBS, collagenase-containing phosphate buffered saline; GA, glutaraldehyde; H,
oligo(poly(ethylene glycol) fumarate) hydrogel phase of composites; IEP, isoelectric
point; IGF-1, insulin-like growth factor-1; MPs, microparticles; OPF, oligo(poly(ethylene
glycol) fumarate); PBS, phosphate buffered saline; TGF-B1, transforming growth factor-
B1; 10, composite phase consisting of acidic gelatin microparticles crosslinked in 10 mM
GA; 40, composite phase consisting of acidic gelatin microparticles crosslinked in 40
mM GA; Subscripts: b, IGF, TGF, IGF*, TGF*, respective loadings with PBS, non-
radioactive solutions of IGF-1 or TGF-B1, or solutions containing trace I' 1abeled IGF-1
or trace I'? labeled-TGF-B1.

Introduction
Severe cartilage degeneration afflicts an estimated 20.7 million Americans with

joint pain and, in some cases, lifelong debilitation (158). Degeneration may often be
initiated by lesions to articular cartilage during sports activities, accidents, or improper
joint loading, making this tissue more susceptible to additional injuries (2, 3). This
tendency toward repeated injury, coupled with the tissue’s low cellularity and isolation
from the vascular network’s rich supply of bioactive molecules, severely limit intrinsic
cartilage repair (7, 115). Accordingly, surgical strategies for repair have focused on
accessing the regenerative signaling molecules and cells within the subchondral bone
marrow. Unfortunately, these techniques require invasive drilling or abrasion through the

overlying articular cartilage and into the marrow, and thus, inflict further tissue damage
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before any therapeutic effect is achieved. Furthermore, the biomechanical and
biochemical properties of the resulting tissue generally fail to match that of uninjured
cartilage (1, 2).

As an alternative to these harsh surgical techniques, our laboratory has developed
a class of novel, injectable materials for the delivery of bioactive molecules to cartilage
lesions to enhance tissue repair. These systems are based on oligo(poly(ethylene glycol)
fumarate) (OPF), a synthetic polymer which can be used to fabricate biodegradable and
biocompatible hydrogels (119, 120). OPF, a water soluble polymer, can be injected into
a defect site and crosslinked in situ at physiological conditions, thereby eliminating the
need for invasive implantation and retrieval surgeries. Furthermore, we have shown that
gelatin microparticles may be incorporated to these gels at the time of crosslinking to act
as enzymatically, digestible porogens to speed scaffold degradation (146). More
specifically, the rate of scaffold degradation may be controlled by alterihg the
crosslinking extent of these microparticles and their loading within the OPF network.
Additional research has demonstrated the utility of gelatin microparticles as simultaneous
carriers of growth factors within these synthetic hydrogel scaffolds (134, 146). In
particular, controlled drug release can be achieved by altering either the microparticle
composition or hydrogel mesh size of these delivery systems.

Thus far, these novel release systems have focused on the delivery of
transforming growth factor-p1 (TGF-B1), a 25 kDa protein which has been shown to
promote the chondrogenic differentiation of progenitor cells (10, 28, 29), to increase
cartilage extracellular matrix synthesis (32, 34, 35), and to enhance chondrocyte

proliferation (36, 37). However, numerous other bioactive molecules are involved in the
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maintenance and repair of articular cartilage. In particular, insulin-like growth factor-1
(IGF-1) has been show to act primarily in an anabolic fashion to increase proteoglycan
and type II collagen synthesis (33, 38, 52, 53, 159). In fact, IGF-1, also know as
somatomedin C, was initially discovered as result of its ability to promote sulfate
incorporation into proteoglycans (33, 52). Maintenance of the proper level and
distribution of proteoglycan networks and collagen fibers in articular cartilage is of
utmost importance, since these extracellular matrix components, respectively, impart
cartilage tissue with its compressive and tensile strength (3, 7, 8). Thus, sustained
delivery of IGF-1 provides a potential means to stimulate proteoglycan and collagen
synthesis in injured cartilage, enhancing the biomechanical and biochemical properties of
repaired tissue.

Accordingly, the following work investigates the delivery of IGF-1 from gelatin
microparticles, OPF hydrogels, and OPF-gelatin microparticle composites. In particular,
initial studies were performed to identify how gelatin isoelectric point (IEP) and
crosslinking extent affect IGF-1 release from microparticles in standard phosphate
buffered saline (PBS) and collagenase-containing PBS (CC-PBS). Upon identification of
the appropriate microparticle carrier for IGF-1, further release studies were performed to
assess release from microparticles encapsulated in a network of OPF. To examine IGF-1
diffusion through the OPF network alone, IGF-1 release from OPF hydrogels (with no
encapsulated microparticles) was also examined. Additionally, the effect of co-
encapsulation of non-loaded microparticles with IGF-1-loaded microparticles in

composites was also assessed.
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Finally, this technology for the release of IGF-1 was extended towards the
development of systems for dual release of TGF-B1 and IGF-1. Since IGF-1 has been
shown to function mainly as a progression factor (33, 38, 52, 53, 159), effectively
stimulating in vitro matrix synthesis when continuously delivered to chondrocyte cultures
for six weeks (159), dual release systems were designed to provide sustained delivery of
IGF-1 over the course at least four weeks. In contrast, since TGF-B1 has been shown to
act effectively as a chemotractant (60, 105), morphogen (10, 28, 30), and progression
factor (32, 34, 35), the carrier of TGF-B1 in these composites was manipulated between
the hydrogel or microparticle phase, to achieve varied TGF-Bl release profiles. In
addition to assessing how carrier of TGF-f1 affected the release kinetics of this growth
factor, further studies were conducted to assess how TGF-B1 release affected IGF-1

release from these systems.

Experimental Methods

Gelatin Microparticle Fabrication
Basic and acidic gelatin (Nitta Gelatin Inc., Osaka, Japan) with respective

isoelectric points of 9.0 and 5.0 were used separately to fabricate basic or acidic
microparticles according to an established method (122). Briefly, 5 g gelatin was
dissolved in 45 ml distilled, deionized water (ddH,0) by mixing and heating (60°C). This
aqueous gelatin solution was added dropwise to 250 ml olive oil while stirring at 500 rpm.
The temperature of the emulsion was then decreased to approximately 15°C with constant
stirring. After 30 min, 100 ml chilled acetone (4°C) was added to the emulsion. After 1
hour, the resulting microspheres were collected by filtration and washed with acetone to

remove residual olive oil.
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Microspheres were crosslinked in a 0.1 wt% solution of Tween 80 (Sigma, St.
Louis, MO) containing either 10 mM or 40 mM glutaraldehyde (GA) (Sigma, St. Louis,
MO) for 15 h at 15°C. By altering the GA concentration in this reaction, the crosslinking
extent of the resulting microparticles may be systematically controlled (134). Crosslinked
microparticles were collected by filtration, washed with ddH,O, and then agitated in a 25
mM glycine solution to block residual aldehyde groups of unreacted GA. After 1 hour,
microparticles were again collected by filtration, washed with ddH,0, and then vacuum
dried overnight. After drying, the microparticles were sieved to obtain particles 50-100
um in size.
Microparticle Loading

Acidic microparticles crosslinked with 10 mM GA were diffusionally loaded with
TGF-f1 following previously established methods (122, 134). In particular,
microparticles were partially swollen in aqueous TGF-B1 solutions at pH 7.4. At this pH,
the TGF-B1-gelatin binding is enhanced by an ionic complexation between positively
charged TGF-B1 (IEP of 9.5) and negatively charged acidic gelatin (IEP of 5.0) (124,
146). However, at physiological pH, a significant charge density is not expected to be
associated with IGF-1 (IEP of 7.5). Therefore, both basic and acidic gelatin
microparticles, were loaded with this growth factor and utilized in release studies to
examine their potential as a carrier of IGF-1.

Growth factor loading solutions were composed of trace 1'% labeled-growth factor
(Perkin Elmer Life Sciences, Boston, MA) and unlabeled-growth factor (R&D Systems,
Minneapolis, MN) to allow for detection of drug release. Microparticle loading was

achieved by adding 5 pl of the growth factor solution per mg dried microparticles. This
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solution volume is below the microparticles’ theoretical, equilibrium swelling volume to
allow for complete drug absorption. The resulting mixture was vortexed and incubated at
4°C for 15h. A loading solution of 2.38 ng TGF-Bl1/ul PBS was applied to load
microparticles with this growth factor. The loading solution for IGF-1-loaded
microparticles was composed of 1.19 ng IGF-1/ul PBS. These growth factor
concentrations were chosen to provide a total, initial loading of approximately 200 ng
TGF-B1/g gel and 100 ng IGF-1/g gel in composites fabricated for dual growth factor
delivery. These growth concentrations are within the range of those shown to be
therapeutic in the treatment of full and partial thickness rabbit and porcine articular
cartilage defects (105, 114). For consistency, these respective solutions were applied to
all TGF-f1- and IGF-1-loaded microparticles. Accordingly, the total growth factor
loading in some formulations varied from that of the total loading in composites for dual
growth factor release. Loadings are shown in Tables 1 and 2. Systems with blank

microparticles were loaded with PBS (5 ul PBS/mg dried microparticle).

Table VI- 1: Composition and loading of systems for IGF-1 release

Gel Composition Total IGE-1
H) (10) MPscrosslinked | (40) MPs crosslinked iga ding
Formulation | Hydrogel with 10mM GA with 40mM GA
Loading | gMPsperg Loading | gMPsperg Loading | (ngIGF-1 per
Solution polymer Solution polymer Solution g gel)
Higp+ IGF* | - 100
H,40,gps PBS | —eerm e 0.20 IGF* 200
H,10,40,Gp» PBS 0.10 PBS 0.10 IGF* 100

In Vitro Growth Factor Release from Gelatin Microparticles
IGF-1 release from acidic and basic gelatin microparticles, each crosslinked with

10 mM GA, was assessed in standard PBS or collagenase-containing PBS (CC-PBS).

TGF-B1 release from acidic gelatin microparticles was also examined under the same
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conditions. This enabled comparison of the extent of the IGF-1-gelatin complexation to
the TGF-B1-gelatin complexation, which has been shown to persist in standard PBS for at
least 4 weeks (134). The effect of microparticle crosslinking extent on IGF-1 release from

microparticles was also assessed.

Table VI- 2: Composition and loading of systems for IGF-1 and TGF-f1 release

Gel Composition Protein Loading
! H) (10) MPs crosslinked | (40) MPs crosslinked | TGF-g1
Formulation | Hydrogel |  with 10mM GA with 40mM GA | (ng TGE- | 1OF]
Loading | gMPsperg Loading | gMPsperg Loading Bl perg (ne IGF-I;
Solution | polymer Solution polymer Solution gel) pergee
H, 1076p+40,6r PBS 0.10 TGF* 0.10 IGF 200 100
Hy1016¢40,Gp» PBS 0.10 TGF 0.10 IGF* 200 100
Hygpe10,40ge | TGF* 0.10 PBS 0.10 IGF 200 100
H1gr10440,Ge= TGF 0.10 PBS 0.10 IGF* 200 100

After the 15 h incubation period, loaded microparticles of the indicated
composition were then placed into vials with 3 ml of PBS or 3 ml PBS containing 373 ng
bacterial collagenase 1A (E.C. 3.4.24.3, Sigma, St. Louis, MO) per ml. This collagenase
concentration was chosen to model tissue collagenase concentrations in the synovial fluid
of patients with osteoarthritis (136). All specimens were agitated on a shaker table (70
rpm) at 37°C. The supernatant of each specimen was collected and replaced by fresh
buffer following a schedule designed to maintain an enzyme activity at least 25% of
initial enzymatic activity throughout the study (146).

At each time point, the supernatant of each specimen was analyzed for
radioactivity using a gamma counter (Cobra II Autogamma, Packard, Meridian, CT). The
amount of growth factor in the supernatant was determined by correlation to a standard
curve. Cumulative release was determined by normalizing the total growth factor released

at each time point with the sum of the total growth factor released over the course of 28
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days and the growth factor remaining in the specimens at day 28. Release rates were
determined by taking the slope of the percent cumulative release curve for each sample
over the stated range and averaging the resultant slopes for each formulation.
Accordingly, rates are stated in terms of the change in the percent cumulative release per
day. For all treatments, n was 4 to 6.
OPF Synthesis and Characterization

OPF with an initial number average molecular weight of 21,600 £ 1,400 and
weight average molecular weight of 144,300 + 5,200 was synthesized according to a
method developed in our laboratory (125). Molecular weight determination was likewise
conducted using established procedures for gel permeation chromatography (146) with
samples run in triplicate.
Hydrogel and Composite Fabrication

The OPF hydrogel and composite formulations assessed during the course of this
work are shown in Tables 1 and 2. As indicated, these systems were comprised of at least
one of three phases: the OPF hydrogel phase (H), acidic microparticles crosslinked with
10 mM GA (10), and acidic microparticle crosslinked with 40 mM GA (40).
Abbreviations of each phase in a given formulation are followed by the subscripts b, TGF,
or IGF, and respectively, refer to phases which were blank (loaded with PBS), loaded
with TGF-P1, or loaded with IGF-1. Asterisks indicate the use of trace I'** labeled-
growth factor to detect growth factor release.

All gel formulations were fabricated by first dissolving 0.15 g OPF in 395 pl of
PBS containing 14 mg N,N’-methylene bisacrylamide (Sigma, St. Louis, MO) as a

crosslinking agent. Although crosslinking may proceed solely through the OPF double
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bonds, methylene bisacrylamide is added to accelerate the reaction. For composite
fabrication, 0.2 g gelatin microparticles per g OPF were then added to the polymer
solution, and the mixture thoroughly vortexed. For hydrogels with no microparticle
component, microparticles were omitted. Finally, for both composites and hydrogels, 118
ul PBS, 51 pl of 0.3 M tetramethylethylenediamine (in PBS) (Sigma, St. Louis, MO), and
51 pl of 0.3 M ammonium persulfate (in PBS) (Sigma, St. Louis, MO) were added to
initiate crosslinking.

The cytocompatibility of this tetramethylethylenediamine/ammonium persulfate
initiating system has previously been demonstrated by the successful encapsulation of rat
marrow stromal cells in OPF hydrogels during the time of crosslinking (147, 148). For
systems designed with growth factor loading in the OPF hydrogel phase (H), the PBS
aliquot in this step contained the appropriate concentration of the desired protein to
achieve the loading indicated in Table 1. After vortexing, the suspension was injected
into a Teflon mold and incubated at 37°C. After 10 minutes incubation, this formulation
of OPF forms crosslinked hydrogels or composites (134). After completion of
crosslinking, gels were removed from their mold, and a cork bore used to cut discs of
approximately 3 mm in diameter and 1 mm in thickness.

Single and Dual Growth Factor Release from Hydrogels and Composites in Vitro

Initial release studies examined IGF-1 release alone from hydrogels and two
composite formulations (Table 1). The first composite formulation, abbreviated Hy40,GF,
was composed of two phases: 0.20 g IGF-1-loaded microparticles (crosslinked with 40
mM GA) per g polymer and the surrounding OPF hydrogel phase. This formulation

allowed for examination of the effect of microparticle encapsulation on release kinetics.
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The second composite formulation, abbreviated Hy10,40i6r+, was composed of three
phases: unloaded 10 mM microparticles, IGF-1-loaded 40 mM microparticles, and the
surrounding OPF hydrogel phase. For these constructs the microparticle density was
again 0.20 g microparticles per g polymer, with a 1:1 mass ratio between the two
microparticle types. IGF-1 release from this composite formulation was examined since
dual release systems utilized the same material composition. Accordingly, comparing the
release profiles of Hy10p40igr+ and Hy40,6r+ constructs allowed for assessment of the
effect of co-encapsulating a population of non-loaded gelatin microparticles on IGF-1
release. Additionally, the IGF-1 release profiles of Hy104,4016p+ constructs were later
compared to IGF-1 release profiles in dual release systems to assess the effect of co-
loaded TGF-B1 on IGF-1 release.

As shown in Table 1, dual release systems were based on the three phase
composition discussed above, with IGF-1 delivery from encapsulated 40 mM
microparticles. TGF-f1 was delivered from either the encapsulated 10 mM microparticles
(Hp1076r40i6r) or from the surrounding OPF hydrogel (HrgrlOp40i6r). For each dual
release formulation, two sets of gels were fabricated to separately follow TGF-B1 and
IGF-1 release, as noted with an asterisk in abbreviations. For the first set, the loading
procedure was performed with an IGF-1 solution containing trace I'* labeled-IGF-1,
while loading of the second set was performed with a TGF-P1 solution containing trace
' labeled-TGF-B1. All specimens (for both single and dual release studies) were placed
in 3 ml of PBS or CC-PBS and maintained according to the methods described above for

release studies with non-encapsulated microparticles. For all formulations, n was 4 to 6.
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Statistical analysis

The F test and Tukey’s multiple comparison test (p < 0.05) was used to
statistically compare the cumulative release values and release rates exhibited by the
three treatments of non-encapsulated, IGF-1-loaded microparticles (132). Likewise, these
tests were used to compare measured release values and rates in OPF systems for IGF-1
delivery. For dual delivery systems, the F test (p < 0.05) was used to assess potential
statistical differences in IGF-1 release values and rates obtained between the two
composite formulations. Potential statistical differences in TGF-f1 release values and
rates were assessed in the same manner. For all statistical comparisons, treatments in
each buffer were separately compared. Additional statistical analysis was performed as
discussed below.
Results

To quantify observed trends, release profiles were divided into four phases
following the methods of previous investigations (106, 134, 146). Phase 1 was clearly
defined by a 24 h burst release from non-encapsulated microparticles, hydrogels, and
composites. Distinct release rates were then noted between days 1-3 (Phase 2) and days
6-21 (Phase 3), especially for composites and microparticles in the presence of
collagenase. Final cumulative release values were determined to describe the later portion
of the observation period (Phase 4) and appeared to correlate well with the extent of
visible gel or microparticle degradation.
In Vitro Growth Factor Release from Gelatin Microparticles

IGF-1 release profiles from basic (IEP = 9.0) and acidic (IEP = 5.0) gelatin
microparticles crosslinked with the indicated GA concentration are shown in Figures la

(PBS) and 1b (CC-PBS). Release studies performed in standard PBS allowed for the
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evaluation of the extent of the gelatin-IGF-1 complexation. TGF-B1 release from acidic
gelatin microparticles (crosslinked with 10 mM GA) was performed as a control since
this growth factor is known to have a persistent complexation with acidic gelatin (Figures
1c). Parallel studies, conducted in CC-PBS, examined the effect of microparticle

crosslinking on gelatin digestion and growth factor release.

Figure VI-1: Effect of gelatin microparticle IEP and crosslinking extent on growth
factor release: Average percent cumulative IGF-1 release from microparticles in PBS
and in CC-PBS is shown in Figures (a) and (b), respectively, and compared to average
percent cumulative TGF-B1 release from microparticles in PBS (¢) and in CC-PBS (d).
Error bars represent + standard deviation with n = 4 to 6 for each formulation.
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Release in Standard PBS

As shown in Figure la, after only 24 h, basic microparticles crosslinked with 10
mM GA demonstrated a very high burst release (74.4 £ 5.1%). The remaining IGF-1 in
these microparticles appeared to diffuse over the next few days, with 90.3 + 1.4% release

by day 3 and 93.3 + 1.1% by day 28. On the contrary, when acidic gelatin was employed
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in the fabrication of gelatin microparticles, significantly lower burst release and final
cumulative release values were obtained (Table 3a). In fact, the IGF-1 release profile
from acidic gelatin microparticles crosslinked with 10 mM GA appeared to correlate well
with the observed TGF-B1 release profile (Figure 1c) from this same microparticle
formulation. These results confirmed expectations that gelatin of an IEP below
physiological pH would act as a more effective complexation agent due to the slight
positive charge character associated with IGF-1 (IEP = 7.5) in PBS. It should be noted
that microparticle crosslinking extent appeared to affect the extent of complexation as
IGF-1 burst release from microparticles crosslinked with 10 mM GA (22.2 = 8.2%) was
statistically lower than burst release from microparticles crosslinked with 40 mM GA
(48.0 £ 18.4%). Likewise, final cumulative release in PBS was statistically lower for
microparticles crosslinked with 10 mM GA (31.6 + 9.1%) rather than 40 mM GA (67.1 £
18.7%).
Release in CC-PBS

However, in the presence of collagenase, the more tightly crosslinked structure of
microparticles crosslinked with 40 mM GA appeared to slow enzymatic gelatin digestion
and subsequent IGF-1 release when compared to release from less crosslinked 10 mM
microparticles. As shown in Figure 1b and Table 3b, the highest IGF-1 burst (75.5
3.1%) and final cumulative (99.5 + 0.1%) release values were observed with basic
microparticles, presumably due to their low crosslinking density and poor ability to
complex with IGF. Statistically lower burst (64.3 + 4.3%) and final cumulative (95.0 =
0.6%) release values were obtained with acidic microparticles crosslinked with 10 mM

GA. However, acidic gelatin microparticles crosslinked with 40 mM GA demonstrated
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the lowest burst release (49.6 = 7.8%) among all formulations since their tight network
structure resists degradation by collagenase.

Trends in Phase 2 and 3 release rates further demonstrated that release and
degradation kinetics may be controlled by altering the crosslinking extent of these
microparticles. As shown in Table 3b, the Phase 2 release rate (10.7 + 0.7% per day) for
acidic microparticles crosslinked with 10 mM GA was statistically higher than the
corresponding rate (6.7 £ 0.5% per day) for microparticles crosslinked with 40 mM GA.
However, by the beginning of Phase 3 (day 6), release from the less crosslinked
microparticles had risen to approximately 91%, and accordingly, IGF-1 release during
this period fell to 0.2 £ 0.1% per day. In contrast, the more crosslinked microparticles
exhibited only 66% release by day 6, and thus, demonstrated a Phase 3 release rate of
almost ten fold higher (1.6 £ 0.2 % per day). Moreover, both TGF-B1 and IGF-1 release
(Figures 1b and 1d) from acidic microparticles crosslinked with 10 mM GA proceeded

with very similar release kinetics in CC-PBS.

Table VI- 3: Burst release, phase 2 and 3 release rates, and final cumulative IGF-1
release from various microparticle formulations in PBS (a) and in CC-PBS (b). For
each measurement, the highest and lowest values (p<0.05) amongst formulations are
indicated by (#) and ("), respectively.

(a) Release in PBS
Microparticle Formulation | Burst Release | Phase 2 Rate | Phase 3 Rate Cumulative
IEP | GA Concentration (%) (%/day) (%/day) Release (%)
9 10 mM 744 + 51* 8.0+2.0 0.1 £0.0" 933+ 11"
S 10 mM 222+ 8§20 1.4 +0.3" 0.3 +0.1" 316 9.1°
5 40 mM 48.0 + 18.4 6413 0.2 +0.1 67.1 £18.7
(b) Release in CC-PBS
Microparticle Formulation | Burst Release | Phase 2 Rate | Phase 3 Rate | Cumulative
IEP | GA Concentration (%) (%/day) (%/day) Release (%)
10 mM 75.5 +3.1" 8.8 1.3 0.1 £0.0 99.5 + 0.1*
10 mM 643 +4.3 10.7 + 0.7* 0.2 +£0.1 95.0 £ 0.6
40 mM 49.6 + 7.8* 6.7 £ 0.5" 1.6 +0.2" 95.2+£29
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IGF-1 Release from Hydrogels and Composites in Vitro

Release in Standard PBS
Since acidic microparticles crosslinked with 40 mM GA provided sustained

release of IGF-1 for 28 days in CC-PBS, this microparticle formulation was utilized in
preparing OPF-gelatin microparticle composites. Figure 2a provides IGF-1 release
profiles from two formulations of composites (Hy40;6r+ and Hy10,40i6r+) in standard
PBS, as well as the IGF-1 release profile from OPF hydrogels (Higer) with no
microparticle component. By comparing Figures la and 2a, the dramatic reduction in
burst release, obtained by encapsulating these microparticles in a network of OPF, is seen.
More specifically, burst release in standard PBS was reduced from approximately 48%
with non-encapsulated microparticles to approximately 14% with both formulations of
composites. As shown in Table 4a, both composite formulations also exhibited burst
release values statistically lower than the burst release from OPF hydrogels (47.0 = 3.9%)).
Likewise, the final cumulative release from both composite formulations (44.6 + 1.4%
for Hy401p+ and 48.3 £ 1.7% for Hy10,40,gr+) was statistically lower than the final
cumulative release from OPF hydrogels (79.2 + 3.3%) in PBS, indicating that the use of a
gelatin carrier for IGF-1 within these networks provides a means to tightly control release.
It should also be noted that the final cumulative release values exhibited with composites
were below the value exhibited by non-encapsulated microparticles, indicating that the
OPF crosslinking procedure does not disrupt the IGF-gelatin complexation and binding.
As previously mentioned, two composite formulations were examined to assess
the effect of a population of co-encapsulated, non-loaded microparticles on IGF-1 release
kinetics. As shown in Figure 2a, initially the non-loaded, 10 mM microparticles appeared

to have no effect on IGF-1 release from the 40 mM microparticles as no significant
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differences in either the burst release values or Phase 2 release rates were observed
between composite formulations in PBS (Table 4a). However, composites encapsulating
microparticles crosslinked with both 10 and 40 mM GA (H10,4016¢+) eventually yielded
statistically higher Phase 3 release rates and cumulative release values than constructs
encapsulating only the more crosslinked microparticles (Hy40igr+). As later discussed,

this trend appeared to be more pronounced in release studies conducted in CC-PBS.

Table VI- 4: Burst release, phase 2 and 3 release rates, and final cumulative IGF-1
release from OPF hydrogels (Higrx) and two formulations of OPF-gelatin
microparticle composites (H,40,6r+ and Hp10,40,6r+) in PBS (a) and in CC-PBS (b).
For each measurement, the highest and lowest values (p<0.05) amongst formulations are
indicated by (#) and ("), respectively.

(a) Release in PBS

Gel Formulation

Burst Release | Phase 2 Rate | Phase 3 Rate Cumulative

(%) (%/day) (%/day) Release (%)

Hgpe 47.0 + 3.9 8.0 +0.9" 0.6 + 0.0 79.2 +3.3"

Hy40,6¢» 14.2 £ 0.4 6.0 +0.3 0.8 +0.1 44.6 + 1.4°
Hy10p40;65+ 13.5 + 0.4 5502 1.0 +0.1% 483 + 1.7

(b) Release in CC-PBS

Gel Formulation

Burst Release | Phase 2 Rate | Phase 3 Rate Cumulative

(%) (%/day) (%/day) Release (%)

Higps 52.5 +3.7" 74 +1.0° 0.5+0.1° | 80906
Hy40,Gp 16.3 £ 1.7 15.1 £2.9 0.8 +0.2 70.2 + 477
Hp1004016e« | 143+ 1.6 12.9 + 0.4 13+0.1" | 883 +26"

Release in CC-PBS
In the presence of collagenase, reduced microparticle burst release was still

achieved by encapsulation in a network of OPF. Likewise, composite burst release
values (16.3 = 1.7% for Hy40igr+ and 14.3 £ 1.6% for Hp10,40,6r+) were dramatically
lower than the burst release value from hydrogels (52.5 = 3.7%) in CC-PBS (Figure 2b).
However, as encapsulated microparticles were enzymatically digested by collagenase, the
rate of IGF-1 release from composites began to exceed the rate of release from hydrogels.

In fact, both Phase 2 and Phase 3 composite release rates were statistically higher the
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corresponding rates obtained with hydrogels. And by day 28, final cumulative release
from Hy10,40ip+ composites (88.3 + 2.6%) exceeded final cumulative release from

hydrogels (80.9 £ 0.6%).

Figure VI- 2: OPF systems for IGF-1 delivery: Average percent cumulative IGF-1
release from both OPF hydrogels (Higr+) and two formulations of OPF-gelatin
microparticles composites (Hy40i6r+ and Hp10p40igr+) are shown in PBS (a) and in CC-
PBS (b). Error bars represent + standard deviation with n = 4 to 6 for each formulation.
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More interestingly, gels encapsulating a population of less crosslinked
microparticles exhibited statistically higher Phase 3 and final cumulative release values
than gels only encapsulating the more crosslinked (40 mM) microparticles (see Table 4b).
Specifically, the final cumulative release from Hp40;6p+ composites (70.2 = 4.7%) was
intermediate to those values mentioned for hydrogels and H,10p40;6e+ composites. By
day 28, only fragments of Hy10,40;6r+ composites remained in CC-PBS, while Hy40,gg+
composites were in tact, yet highly swollen networks. Accordingly, the less crosslinked,
non-loaded microparticles in Hy10p40igp+ constructs appear to accelerate degradation and
IGF-1 release, when compared to Hy40i6r+ and Higr+ gels, by acting a digestible porogen
which is quickly degraded by collagenase. A faster rate of enzymatic digestion of
microparticles crosslinked with 10 mM GA (vs microparticles crosslinked with 40 mM

GA) was also observed in studies with non-encapsulated microparticles.
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Dual IGF-1 and TGF-B1 Release from Hydrogels and Composites in Vitro

Two different formulations of three phase composites (HplOrgrdOigr or
H1or10,4016F) were utilized to simultaneously deliver IGF-1 and TGF-B1. The method of
IGF-1 delivery was kept constant between formulations to provide a means of sustained
delivery of this growth factor for approximately 4 weeks. IGF-1 release profiles from
both formulations are shown in Figure 3a (PBS) and Figure 3b (CC-PBS). Since TGF-f1
plays a number of different regulatory roles in cartilage tissue, the method of TGF-p1
delivery was altered to achieve different release profiles. TGF-B1 release profiles from
both formulations are shown in Figure 3c (PBS) and Figure 3d (CC-PBS).

Release in Standard PBS

As shown in Figure 3a and Table 5a, IGF-1 release proceeded in an almost
identical fashion from both composite formulations in standard PBS. A burst release of
approximately 16% was exhibited after 24 hrs, followed by Phase 2 and 3 release rates of
5-6% per day and 1% per day, respectively. Final cumulative release from both
formulations was approximately 50% in PBS. In fact, no statistical differences between
composite formulations were present in any of these measured parameters.

IGF-1 burst release, Phase 2 and 3 rates, as well as final cumulative release in
these dual release systems (HplOrgr40igr+ and Hrygrl0,4016r+) were also statistically
compared to respective values obtained from constructs formulated with the same
material composition but loaded only with IGF-1 (Hy10,40i65+). No statistical differences
were seen among Phase 2 rates, Phase 3 rates, or final cumulative burst release values.
However, the burst release (13.5 + 0.4%) from composites only loaded with IGF-1
(Hy10u4016r+) was statistically lower than burst release from composites loaded with both

TGF-B1 and IGF-1 (16.6 + 1.1% for Hp1016r4016e+ and 16.3 £ 2.1% for Hrgrl 0p401gr),
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indicating that TGF-B1 loading in these composites may slightly accelerate initial IGF-1
release. A similar trend among IGF-1 burst release values was noted in CC-PBS and is

discussed below.

Figure VI- 3: OPF systems for IGF-1 and TGF-$1 delivery: Figures (a) and (c)
respectively show simultaneous release of IGF-1 and TGF-B1 from two formulations of
OPF-gelatin microparticle composites (Hy1016r40i6r and Hrgr1 044016r) in PBS. Figures
(b) and (d) respectively display IGF-1 and TGF-B1 release from these composites in CC-
PBS. Error bars represent + standard deviation of average percent cumulative release
values with n = 4 to 6 for each formulation.
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The rate of TGF-B1 release in standard PBS (Figure 3b) was altered by loading
this growth factor within either the OPF hydrogel phase or within encapsulated 10 mM
microparticles. As shown in Table 5a, when TGF-f1 was delivered from the hydrogel
phase faster overall delivery of this growth factor was achieved. In fact, burst release

values, Phase 2 rates, and final cumulative TGF-B1 release values were statistically
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higher for Hrge+10,40i16r composites. Since the use of a gelatin carrier for IGF-1 was
shown to greatly slow release in the absence of gelatin digesting enzymes, these results

were expected for TGF-B1 and agree with previous findings (134, 146).

Table VI- 5: Burst release, phase 2 and 3 release rates, and final cumulative IGF-1
and TGF-B1 release from dual release systems (Hp101gr4016r and Hrgrl0p40i6F) in
PBS (a) and in CC-PBS (b). IGF-1 release values from composites are statistically
compared (p<0.05) and higher values indicated by (#). The same statistical evaluation is
provided for TGF-P1 release values from composites.

(a) Release in PBS
Gel Formulation Burst Release | Phase 2 Rate | Phase 3 Rate Cumulative
(%) (%/day) (%/day) Release (%)
IGF-1 Release
Hy1076p40ip+ | 16.6 + 1.1 59+0.5 0.9 £ 0.0 50.9 £2.3
Hrgrl0p40i6p= | 163 £2.1 54+0.7 0.8 +0.3 46.1 £7.1
TGF-B1 Release
Hy1016r+40i6r | 15.5 1.4 45+05 1.6 +0.1" | 58.8+1.8
Hgr10,4016r | 24.8 £ 0.5 57 +0.6" 1.1 £0.0 63.4 +0.6"
(b) Release in CC-PBS
Gel Formulation Burst Release | Phase 2 Rate | Phase 3 Rate Cumulative
(%) (%/day) (%/day) Release (%)
IGF-1 Release
Hy10r6r40ir+ | 17.4 1.3 12.5 0.5 1220.1" | 86.6+22
Hygrl0p40i6p« | 18.8 2.2 12.7 £0.5 0.9 +0.0 77.9 +9.4
TGF-B1 Release
Hy1016p+40i6r | 10.8 £0.7 5707 23+01" | 866+ 1.2
Higp10540ir | 25.2 +1.57 54 +0.5 1.1 0. 76.3 + 14.1

Release in CC-PBS
Since these delivery systems will ultimately be used in vivo in the presence of

tissue collagenase and other matrix metalloproteinases, release studies in CC-PBS may
more accurately model expected release trends. Under these conditions, very similar IGF-
1 release profiles (Figure 3b) were again observed when comparing composite
formulations. However, release values were higher than observed in standard PBS. Initial

burst release values from both formulations were approximately 18%, with subsequent
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Phase 2 release rates of approximately 13% per day (Table 5b). However, Phase 3 rates
were found to be statistically different between formulations (1.2 = 0.1% per day for
Hp1076r40i6r+ and 0.9 = 0.0% per day for Hygrl10p4016r+). Final cumulative release from
Hyp1016r40i6r+ composites (86.6 = 2.2%) was higher, though not statistically, than
cumulative release from HrgrlOp40igr+ constructs (77.9 + 9.4%). Accordingly, these
results may suggest that free TGF-B1 in the OPF hydrogel phase of composites may
migrate and help to eventually stabilize the IGF-gelatin interactions.

Statistical comparison of IGF-1 release profiles from composites loaded only with
IGF-1 (Hy10p40i6r+) with dually loaded composites provides further evidence that TGF-
B1 may interact with IGF-1 to slightly alter release kinetics. More specifically, IGF-1
burst release values from composites loaded with both IGF-1 and TGF-pf1 (17.4 + 1.3%
for Hp10716r4016r+ and 18.8 = 2.2% for Hrgrl0,4016r+) Were statistically higher than the
burst release from composites loaded with only IGF-1 (14.3 = 1.6%). This trend was also
seen in standard PBS. Thus, initially, free TGF-f1 (TGF-B1 in the OPF hydrogel phase or
TGF-p1 which is not tightly complexed to gelatin) may accelerate IGF-1 release.
However, in the later stages of release experiments (Phases 3 and 4), IGF-1 release from
Hrorl0p4016r+ composites was seen to be slower than release from either Hy1016r40165+
or Hy1044016r+ composites. For instance, final cumulative IGF-1 release from
Hrgrl0p40igr+ composites (77.9 = 9.4%) was statistically lower than release from
Hp1016r40i6r* (86.6 = 2.2%) or Hy10p40i6r+ (88.3 £ 2.6%) composites. This later trend
may indicate the free TGF-B1 in the OPF hydrogel phase ultimately migrates to the

gelatin phase to stabilize IGF-1-gelatin interactions. In Hy1016r4016r+ constructs, tightly
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complexed TGF-f1 may be unable to dissociate from its gelatin carrier and serve the
same role.

TGEF-P1 release profiles from these dual release systems are shown in Figure 3d.
Initially, significantly higher burst release was observed when TGF-B1 was loaded into
the hydrogel phase of composites. As shown in Table 5b, release after 24 hrs was 25.2 +
1.5% from Hrgpe10,4016r composites but only 10.8 = 0.7% from HplOrge+40iGr
composites. However by the beginning of Phase 3 (day 6), enzymatic digestion of gelatin
allowed TGF-B1 release from HylOrgr+40igr composites to exceed release from
Hrgr+10p4016F composites. In fact, the Phase 3 TGF-B1 release rate for composites with
TGF-B1 loading in the microparticle phase (2.3 + 0.1% per day) was statistically greater
than the rate for composites with TGF-p1 loading in the hydrogel phase (1.1 £ 0.1% per
day). Final cumulative TGF-B1 release from HylOrgp+40iGr composites rose to
approximately 87%, while the corresponding value in Hrgpx10,40i6r composites was
only 76%. Accordingly, these results indicate that TGF-B1 release rates in the presence of
collagenase may be systematically adjusted by altering the material phase of TGF-B1
loading.

Discussion

Since IGF-1 has been shown to function primarily as a progression factor,
stimulating the synthesis of collagen and proteoglycans in cartilage tissue, a series of in
vitro release experiments were conducted to determine an effective means of providing
sustained IGF-1 release over the course of several weeks. Because gelatin has been
shown to form an effective ionic complexation with a number of growth factors, allowing

for controlled drug delivery (124), gelatin microparticles were explored as a possible
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IGF-1 carrier. Initial release experiments were assessed the effect of gelatin
microparticle IEP and crosslinking extent on IGF-1 release. Since gelatin is primarily
degraded by enzymatic digestion, growth factors which effectively complex or bind to
these microparticles will generally display release profiles with two prominent features in
standard, enzyme-free PBS (134). First, any non-complexed or poorly bound growth will
be released during the first 24 hrs as these microparticles reach equilibrium swelling.
However, unlike diffusion controlled release systems, relatively little subsequent release
will be observed due to the growth factor-gelatin complexation.

As shown in Figure 1a and Table 3a, IGF-1 did not appear to effectively complex
with basic gelatin microparticles (IEP of 9.0). However, acidic gelatin microparticles
crosslinked with 10 mM GA retained approximately 68% of their loaded IGF-1 over the
course of 28 days in standard PBS. Similar retention values were observed when this
microparticle formulation was loaded with TGF-B1, a growth factor which has been
shown to form an effective ionic complexation with acidic gelatin (124), indicating that
acidic gelatin was a promising IGF-1 carrier. However, lower retention of IGF-1 in PBS
was observed with acidic microparticles crosslinked with 40 mM GA. Since TGF-B1
retention in gelatin microparticles in standard PBS is not affected by their crosslinking
extent (134, 146), these results may suggest that the lysine and hydroxylysine amino acid
residues in gelatin, which react with the aldehyde groups of GA, are also utilized in IGF-
gelatin binding. Alternatively, the more tightly crosslinked network of these gelatin
microparticles may prevent efficient diffusional loading of IGF-1. Yet, since decreased
growth factor retention in these highly crosslinked microparticles is not observed with

TGF-B1, a protein with a substantially higher molecular weight (25 kDa) than IGF-1 (7.5
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kDa), it is unlikely that this behavior is due to diffusional limitations during IGF-1
loading.

However, since gelatin is enzymatically degraded, release studies in CC-PBS
more accurately model expected in vivo release profiles. As shown in Figure 1b, both
basic and acidic microparticles crosslinked with 10 mM GA were rapidly digested by
collagenase, releasing 90% of their IGF-1 as early as day 6. Only the more crosslinked
(40 mM) acidic microparticles provided a means of sustained IGF-1 delivery over the
course of 28 days in CC-PBS. Accordingly, this microparticle formulation was utilized in
subsequent studies aimed at optimizing IGF-1 delivery.

More specifically, further experiments examined IGF-1 release when these
microparticles were encapsulated in a network of OPF. The encapsulation procedure
provides a means of maintaining microparticles within a defect site to localize growth
factor delivery. Additionally, as shown in Figure 2, encapsulated IGF-1-loaded
microparticles exhibited much lower burst release values than both non-encapsulated
microparticles and OPF hydrogels (with no microparticle component) in PBS and CC-
PBS, allowing for sustained IGF-1 release over the course of 4 weeks.

While release profiles from the two composite formulations were very similar, the
final extent of IGF-1 release from these systems in CC-PBS was shown to be dependent
on microparticle crosslinking. Hy10p40i6p+ composites, which encapsulated both IGF-1-
loaded 40 mM microparticles and non-loaded 10 mM microparticles, exhibited
statistically higher release (88.3 + 2.6%) than Hy40igr+ composites (70.2 £ 4.7%), which
encapsulated only IGF-1-loaded 40 mM microparticles. Accordingly, the non-loaded, less

crosslinked microparticles appear to speed release by acting as a porogen which is readily
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digested in the presence of collagenase. Furthermore, since higher final release from
Hp10p,40i6p+ composites was also observed in standard PBS, these results indicate that
non-loaded microparticles do not act as a significant reservoir for IGF-1. Accordingly, by
adjusting the amount and crosslinking extent of encapsulated microparticles, release
kinetics may be systematically tailored.

A final set of release experiments examined dual delivery of IGF-1 and TGF-p1
from three phase composites. IGF-1 was again loaded into the 40 mM microparticle
phase to allow for sustained release. However, TGF-B1 loading was varied between the
10 mM microparticle phase (Hy10r6r40i16F) and the OPF hydrogel phase (Hrgrl 0440iGF).
As expected, very similar IGF-1 release profiles in were observed with both composite
formulations since IGF-1 was delivered from the same phase in each formulation. As
discussed above, statistical comparison of IGF-1 release values from Hy1076r40i6r+ and
H1or10p4016F+ composites with values from composites loaded only with IGF-1
(Hp10p40i6p») indicated that the presence of co-loaded TGF-B1 slightly alters IGF-1
release. In particular, as shown in Figure 3b, when TGF-B1 was loaded into the OPF
hydrogel phase, lower final IGF-1 release was observed, indicating that free TGF-p1 may
eventually diffuse to sites of IGF-1-gelatin interactions and help to stabilize this complex.
While further experiments are need to explore this phenomenon, these release systems
proved successful in providing sustained release of IGF-1 with very similar release
profiles. As designed, these dual release systems exhibited less than 90% final cumulative
IGF-1 release in CC-PBS over a 4 week period.

As shown in Figure 3d, altering the phase of TGF-f1 loading proved to be a

successful means of altering TGF-B1 release kinetics. Significantly lower burst release
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(10.8 = 0.7%) was observed when this growth factor was released from the 10mM
microparticle phase, rather than the hydrogel phase (25.2 = 1.5%). Gradual release of
TGF-p1 from Hp10rcr40i6r composites then continued as encapsulated microparticles
were digested by collagenase. However, TGF-B1 release from Hrgr+10v40i6r proceeded
in a diffusion-controlled manner, defined a high burst release with a steady subsequent
release rate. Final cumulative release values for both systems were not statistically
different at day 28. Accordingly, since the total amount of TGF-B1 released from these
systems over a 4 week period was approximately equal, yet delivered via unique release
profiles, implementation of these two systems in vivo would allow a means of assessing
how TGF-B1 release kinetics affect tissue repair.
Conclusions

This research details the development of a non-invasive means of simultaneously
delivering both IGF-1 and TGF-B1 to damaged articular cartilage through the use of an
injectable, biodegradable scaffold comprised of the polymer OPF and gelatin
microparticles. More specifically, a series of release studies assessed the effects of gelatin
IEP and crosslinking extent on IGF-1 release from gelatin microparticles and
demonstrated that highly crosslinked, acidic microparticles (IEP = 5.0) serve as an
effective carrier of IGF-1, providing sustained delivery of this progression factor over the
course of 4 weeks. Furthermore, encapsulation of these IGF-1-loaded microparticles in a
network of the biodegradable polymer OPF, provided a means to further control and
localize release. Using these OPF-gelatin microparticle composites, dual release of TGF-
B1 and IGF-1 was achieved with growth factor loading in either the microparticle phase

or OPF phase of gels. Parameters such as microparticle crosslinking extent and density
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within these gel networks, as well as the phase of growth factor loading, provided an
effective means of controlling the release profiles of these growth factors. Accordingly,
this ability provides a powerful tool by which researchers can now assess the release

kinetics of one or more growth factors on tissue repair.
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VII. DEGRADABLE HYDROGEL SCAFFOLDS FOR IN ViIvO EVALUATION OF GROWTH
FACTOR INTERACTIONS IN CARTILAGE REPAIR

Abstract
As our population ages, treatment for joint pain associated with articular cartilage

damage is becoming a prevalent challenge. Accordingly, this work investigates local
delivery of two regulatory proteins - transforming growth factor-f1 (TGF-Bl1) and
insulin-like growth factor-1 (IGF-1) — to cartilage defects from degradable scaffolds as a
potential strategy for improving cartilage repair. The effects of TGF-1 and/or IGF-1
delivery on osteochondral repair in adult rabbits were examined through
histomorphometric analysis of 11 markers of osteochondral repair. Complete scaffold
degradation occurred allowing for assessment of the healing response at 12 weeks post-
surgery. When compared to untreated defects, higher scores were observed with IGF-1-
treated defects for the 6 markers of neo-surface repair: neo-surface morphology, cartilage
thickness, surface regularity, chondrocyte clustering, and the chondrocyte and
glycoasminoglycan content of the neo-surface and the cartilage surrounding the defect.
Surprisingly, the benefits of IGF-1 delivery were not maintained when this growth factor
(GF) was co-delivered with TGF-B1, despite numerous in vitro reports of the
combinatory actions of these growth factors. While localized delivery of IGF-1 may be a
promising repair strategy, further in vivo assessment is necessary, since fibrous tissue was
commonly observed in the neo-surface of all treatment groups. More importantly, this
study highlights the need to rigorously examine GF interactions in the wound healing
environment and demonstrates that in vitro observations do not directly translate to the in

vivo setting.
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Abbreviations

CC-PBS, collagenase-containing PBS; ECM, extracellular matrix; IGF-1, insulin-like
growth factor-1; GAGs, glycoasminoglycans; GF, growth factor; mesenchymal stem
cells, MSCs; MPs, microparticles; OPF, oligo(poly(ethylene glycol) fumarate); PBS,
phosphate buffered saline; TGF-B1, transforming growth factor-p1.

Introduction

The prevalence of joint pain among adults is projected to steadily increase
throughout the next 25 years. In fact, by 2030, an estimated 65 million adult Americans
will be diagnosed with arthritis (160). Accordingly, clinicians, biologists, and biomedical
engineers are working to develop new cartilage repair strategies by investigating how
various bioactive factors participate in the regulation of healthy articular cartilage (115,
161). Numerous signaling molecules have been isolated from articular cartilage (115).
However, research efforts to understand how multiple factors interact have primarily
been limited to in vitro studies (61, 80, 159, 162-167). Given the inherent difficulties
associated with maintaining in vitro cultured chondrocytes in their differentiated state
(168), in vivo methods for studying GF interactions in the wound healing environment are
necessary.

While a few carriers have been developed for dual GF delivery to calcified and
vascular tissues (169-171), cartilage research has yet to employ synthetic carriers for
controlled dual drug delivery in vivo. Fibrin clots have been utilized for GF localization
in chondral defects (114), but in order to investigate how the kinetics of release affect
healing, synthetic carriers which allow for precise tailoring of drug release rates and
material properties are desired. Towards this goal, our laboratory has developed a novel
class of hydrogels to deliver multiple GFs (145, 172). These systems are based on

oligo(poly(ethylene glycol) fumarate) (OPF), a water soluble polymer that crosslinked to
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form biodegradable and biocompatible hydrogels (172). Gelatin microparticles (MPs),
incorporated into these gels at the time of crosslinking, have been shown to act as
enzymatically digestible porogens to speed in vitro scaffold degradation (146). Sustained
GF delivery has been achieved by first loading MPs with the desired GF(s) and then
encapsulating these MPs within the OPF network (134, 145, 146). Alternatively, GFs can
be entrapped within the OPF phase of composites for accelerated release (145).

Co-encapsulation of bovine chondrocytes with GF-loaded MPs in these gels has
demonstrated the stimulatory action of incorporated TGF-B1. In particular, OPF scaffolds
co-encapsulating TGF-Bl-loaded MPs and bovine chondrocytes were seen to have
statistically higher cellularity than constructs co-encapsulating chondrocytes and blank
MPs after 21 and 28 days of in vitro culture (173). Most recently, OPF scaffolds were
seen to undergo biocompatible degradation and support healthy tissue in-growth in
osteochondral defects in 4-month-old, New Zealand White rabbits (172).

The present work employs these OPF scaffolds to investigate the potential roles of
TGF-B1 and IGF-1 in osteochondral repair in adult rabbits, since these growth factors are
among those most widely investigated for articular cartilage repair (115, 161). In
particular, TGF-B1, a 25 kDa protein, has been shown to promote the chondrogenic
differentiation of progenitor cells (10, 28, 29) and to enhance chondrocyte proliferation
(36, 37, 173). IGF-1, a 7.5 kDa protein, appears to primarily act in an anabolic fashion to
increase proteoglycan and type II collagen synthesis (33, 38, 52, 53, 159). Accordingly,
scaffolds were designed to provide fast, initial release of TGF-B1 as a chemotractant and
morphogen (10, 28, 60) and/or sustained release of IGF-1 as a stimulator of ECM

synthesis (52, 53, 65, 98). GF loadings were based on concentrations shown to be
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therapeutic in the treatment of full and partial thickness rabbit and porcine defects (105,
114).

To investigate the role of TGF-B1 and IGF-1 in cartilage repair, three different
formulations of bilayered OPF hydrogels were fabricated and implanted in rabbit
osteochondral defects to spatially localize GF delivery to the approximate region where
cartilage is found in a healthy joint. The first two scaffold formulations (Table 1) were
loaded with either TGF-B1 or IGF-1 to separately examine the effects of these factors on
cartilage repair. A third group of scaffolds was loaded with both TGF-B1 and IGF-1 to
examine the combinatory role of these molecules. After 12 weeks, tissue repair in
untreated defects and in defects treated by scaffold implantation was examined by
histomorphometric analysis. Additionally, to estimate growth factor release from these

scaffolds, a 28-day in vitro release study was conducted.

Table VII- 1: In vivo study design

Protein Loading (ng/ g gel) Repetitions/
Scaffold Type TGF-p1 TIGR Treatment
TGF-B1 200 0 11
IGF-1 0 200 10
Dual (TGF-B1&IGF-1) 200 200 11
Noscaffold | - | = e 11

Results

In Vitro Growth Factor Release
TGF-B1 and IGF-1 release experiments estimated protein release kinetics from

OPF scaffolds (Figure 1) in standard phosphate buffered saline (PBS) and in collagenase-
containing PBS (CC-PBS). The later buffer was utilized since gelatin MPs degrade
primarily by enzymatic hydrolysis (146). High TGF-B1 burst release occurred within the

first 3 days (65.5 = 3.3% in PBS and 60.8 = 3.4% in CC-PBS) as expected for proteins
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released from the OPF phase of scaffolds. More specifically, GFs are released by
diffusion as OPF scaffolds swell, and burst release is greatly influenced by hydrogel
mesh size (134, 145). Lower burst release was expected for IGF-1 since gelatin MPs were
utilized as an intermediate carrier, making drug release dependent on enzymatic
degradation of the gelatin network and diffusion through the scaffold (145, 146). Indeed,
IGF-1 burst release was only 28.4 £ 1.4% in PBS and 43.3 £ 4.9% in CC-PBS,
statistically lower than the corresponding values for TGF-B1 release. Likewise, 28-day
cumulative IGF-1 release in PBS (47.3 £ 2.0%) and in CC-PBS (67.4 £ 4.0) was
significantly lower than the corresponding TGF-B1 release values (84.'6 + 1.1% in PBS

and 83.6 £ 1.5% in CC-PBS).

Figure VII- 1: In vitro IGF-1 (o) and TGF-f1 (©) release from OPF scaffolds in PBS
(a) and in CC-PBS (b). Data is shown as average cumulative release with error bars
representing + standard deviation (n = 6).
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Animal Health & Macroscopic Joint Appearance at Recovery
Animals regained full movement within approximately one week with normal

behavior and movement observed throughout the 12-week period. It should be noted that
5 specimens were removed from the study due to complications common to adult rabbits
but unrelated to the surgeries (obstructed digestive tract and pre-existing bacterial skin
infection). Accordingly, each treatment group included 10 to 11 specimens. With these
joints, no signs of inflammation, infection, or swelling were noticed upon visible
inspection of the joint surfaces at 12 weeks.
Histological Appearance

Three histological sections per defect were observed by light microscopy,
allowing for assessment of the healing response at the defect edges and center (See
Materials & Methods). The subchondral regions of untreated defects contained a majority
of osseous tissue. However, in 8 of 11 defects, cartilaginous tissue regions occupied up to
30% of the subchondral region. These regions were generally covered by a fibrous
surface and primarily existed at the subchondral/chondral interface. However, in some
cases, this un-remodeled tissue penetrated as far as 2 mm from the joint surface. The neo-
surface of untreated defects was mainly composed of fibrous tissue and often extended
into the joint space (Figure 2). In general, the neo-surface of control specimens was
highly disrupted by fissures.

In all sections of specimens treated with OPF scaffolds, no remaining hydrogel
material or MPs were observed and degradation appeared to be complete at 12 weeks
(Figures 3-6). The subchondral regions of these defects were generally filled with a

majority of trabecular bone. However, like untreated defects, regions of hypertrophic
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cartilage were also visible at the subchondral/chondral interface in some specimens
within each treatment group. The frequency of these hyaline subchondral regions (#
defects per treatment) was 45%, 27%, and 18% in TGF-B1-, TGF-B1&IGF-1-, and IGF-
1-treated defects, respectively. Figure 3 shows the most striking example of cartilaginous
tissue remaining in the subchondral region. However, it should be noted that in all other
defects, these regions were confined to less than 30% of the subchondral zone. In fact,
complete subchondral restoration with trabecular bone and complete integration with the
surrounding osseous tissue was frequently observed (Figure 6).

The neo-formed surface morphology of defects treated with scaffolds was
primarily composed of fibrous tissue of variable thickness, but fibrocartilage was
observed in several specimens within each group. Likewise, regions of cartilage-like cells
were often visible near the defect margins (Figure 4), but true articular cartilage repair
with a zonal organization of cells was only observed once in an IGF-1-treated defect.
Very thin fibrous tissue was sometimes observed with all experiment treatments and
tended to accompany complete or near complete subchondral restoration, as exemplified
by Figures 4 and 6. In other specimens, thick surface tissue with fissures was observed,
especially when subchondral remodeling was incomplete (Figure 5).

Histomorphometric Analysis

Quantitative scoring of 11 markers of osteochondral repair (Table 2) (172)
examined the potential effects of GF delivery and location within the defect (edge vs.
center). Section location within the former defect did not significantly impact any of the
11 markers of osteochondral repair, indicating that the observed tissue response was

generally uniform throughout the defect. However, it should be noted that regions of un-
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remodeled subchondral tissue were often located towards the middle of the subchondral
zone on lateral, medial, and center sections. New bone and chondrocytes appeared to

infiltrate the subchondral and chondral regions from the defect margins.

Figure VII- 2: Histological section displaying the thick fibrous tissue commonly
observed at the neo-surface and that often accompanied un-remodeled cartilaginous
regions in the subchondral zone. The boxed regions in (a) (2X magnification) are
shown at 20X magnification to illustrate the cell morphology observed in portions of the
chondral (b) and subchondral (c) regions. This defect was untreated.

(a) (b)

(©)

No significant differences in overall tissue filling and implant degradation were

observed among the four treatment groups (Figure 3a). All sections received maximal

scores for scaffold degradation, and scores for overall tissue filling approached but did
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not equal the maximal score. This difference was due to the very thin neo-surface tissue

often observed amongst specimens from all treatment groups.

Figure VII- 3: Histological section displaying the most striking example of
cartilaginous tissue remaining in the subchondral defect area. The boxed regions in
(a) (2X magnification) are shown at 20X magnification to illustrate the fibrous tissue and
hypertrophic cartilage observed in portions of the chondral (b) and subchondral (c)
regions, respectively. This defect was treated by IGF-1 delivery.

(2) (b)

Likewise, average scores for bone filling and bone morphology were below their
maximal scores (Figure 3b) since un-remodeled regions were observed in all treatment
groups. However, the high average scores for bone integration reflect the complete
integration commonly observed with all treatments. Although the frequency of

inadequate bone filling was highest amongst untreated defects, scaffold implantation was
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not observed to significantly influence subchondral bone repair. However, improved bone
healing with scaffold implantation was not expected since growth delivery was confined
to the upper portion of osteochondral defects, and repeated research has demonstrated
that scaffolds alone often serve as insufficient templates to guide tissue regeneration
(174-179). Since the goal of this study was to examine the GF interactions in cartilage

repair, GFs were not delivered to the subchondral bone.

Figure VII- 4: Histological section displaying fibrocartilage in-growth near the
chondral defect margins and significant subchondral restoration. The boxed regions
in (a) (2X magnification) are shown at 20X magnification to illustrate the spherical shape
of cartilage cells in the neo-surface (b) and small regions of remodeling tissue in
subchondral region (c). This defect was treated by IGF-1 delivery.
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Figure VII- 5: Histological section displaying excessive fibrous tissue growth into the
joint space and significant subchondral restoration. The boxed regions in (a) (2X
magnification) are shown at 20X magnification to illustrate the spindle-like cells in the
neo-surface (b) and small regions of remodeling tissue in subchondral region (c). This
defect was treated by TGF-B1 delivery.

(a) (b)

()

As shown in Figure 7¢, the neo-surface of defects treated by IGF-1 delivery had

significantly higher scores for 5 indicators of neo-surface repair when compared to
untreated defects and defects treated by TGF-B1 delivery. These results suggest the
potential of IGF-1 delivery strategies in chondral repair. However, since a large variation
in tissue quality was observed within this treatment group, these findings should be
interpreted cautiously. True articular cartilage with a zonal arrangement of chondrocytes

was only observed in one IGF-1 treated defect, leading to higher average scores and
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standard deviations for this treatment group. As reflected by the average scores in Figure

7c¢, fibrous tissue was generally observed in the neo-surface of all treatments. Only 30-

40% of IGF-1, TGF-B1, and TGF-p1&IGF-1-treated defects, and 20% of untreated

defects, had sufficient “cartilage-like” cells to meet the criterion for classification as non-

fibrous (Table 2¢).

Table VII- 2: Histological scoring system for the overall defect (a), subchondral

region (b), and chondral region (c)

(a) Overall tissue filling

Overall defect evaluation (throughout the entire defect depth)

Score

1. Percent filling with neo-formed tissue
100%
>50%
<50%
0%
2. Percent degradation of the implant
100%
>50%
<50%
0%

O = N W

O = N W

(b) Subchondral region

Subchondral bone evaluation

Score

3. Percent filling with neo-formed tissue
100%
>50%
<50%
0%
4, Subchondral bone morphology
Normal, trabecular bone
Trabecular, with some compact bone
Compact bone
Compact bone and fibrous tissue
Only fibrous tissue or no tissue
5. Extent of neo-tissue bonding with adjacent bone
Complete on both edges
Complete on one edges
Partial on both edges
Without continuity on either edge

S~ N W

O = N WS

O = N W
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(b) Chondral region
Cartilage evaluation Score
6. Morphology of neo-formed surface tissue
Exclusively articular cartilage
Mainly hyaline cartilage
Fibrocartilage (spherical morphology observed with > 75% of cells)
Only fibrous tissue (spherical morphology observed with < 75% of cells)
No tissue
7. Thickness of neo-formed cartilage
Similar to the surrounding cartilage
Greater than surrounding cartilage
Less than the surrounding cartilage
No cartilage
8. Joint surface regularity
Smooth, intact surface
Surface fissures (<25% neo-surface thickness)
Deep fissures (25-99% neo-surface thickness)
Complete dissruption of the neo-surface
9. Chondrocyte clustering
None at all
< 25% chondrocytes
25-100% chondrocytes
No chondrocytes present (no cartilage)
10. Chondrocyte and glycoasminoglycan (GAG) content of neo-formed cartilage
Normal cellularity with normal Safranin O staining
Normal cellularity with moderate Safranin O staining
Clearly less cells with poor Safranin O staining
Few cells with no or little Safranin O staining or no cartilage
11. Chondrocyte and glycoasminoglycan (GAG) content of adjacent cartilage
Normal cellularity with normal GAG content
Normal cellularity with moderate GAG content
Clearly less cells with poor GAG content
Few cells with no or little GAGs or no cartilage

S = N W O - N W O = N W O = N W N

O = N W

O - N W

One of the most interesting findings of this study centered upon the apparent lack
of TGF-B1 and IGF-1 synergy when simultaneously delivered to osteochondral defects.
Compared to untreated defects, treatment with both GFs only improved scores for only
two parameters: the regularity of the neo-surface and the chondrocyte/GAG content of
the adjacent surface. However, all experimental treatments were observed to have

significantly higher scores for the adjacent cartilage’s chondrocyte/GAG content when
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compared to untreated defects. This finding suggests that scaffold implantation reduces

degenerative changes to the surrounding cartilage.

Figure VII- 6: Histological section displaying thin fibrous tissue growth along the
surface of a joint with complete subchondral restoration. The boxed regions in (a)
(2X magnification) are shown at 20X magnification to illustrate the morphology of the
fibrous neo-surface (b) and the mature bone in the subchondral region (c). This defect
was treated by TGF-f1&IGF-1 delivery.
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Figure VII- 7: Comparison of results following histomorphometric analysis of the
overall defect (a), subchondral region (b), and chondral region (c). Data is shown as
average scores with error bars representing + standard deviation (n = 10 to 11 defects per
treatment). Scores with significant differences (p<0.05) compared to untreated defects
(control), defects treated by TGF-B1-loaded scaffolds, or defects treated by dual TGF-
B1&IGF-1-loaded scaffolds are respectively indicated by C, T, and D.
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Discussion

Numerous scaffolds have been investigated for cartilage drug delivery (115), but
as of yet, these scaffolds have not been employed to examine the in vivo effects of
multiple GFs. OPF scaffolds have numerous material parameters which can be
manipulated to achieve desired drug release rates (134, 145, 146) and to study delivery of
multiple GFs. Here, we examine in vivo delivery of two proteins, TGF-p1 and IGF-1,
whose single and combined effects have been the focus of numerous in vitro
investigations.

TGF-B1 has been shown to promote in vitro chondrogenic differentiation of
mesenchymal stem cells (MSCs) and chondrocyte proliferation, (10, 27-29, 31, 173).
However, stimulation of GAG synthesis and mRNA expression for type II collagen,
important markers of the chondrogenic phenotype, frequently do not accompany TGF-
B1-stimulated proliferation (61, 80, 173). However, several studies have demonstrated

that together TGF-B1 and IGF-1 can synergistically promote proliferation, GAG
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synthesis, and collagen II expression in vitro (61, 163, 165, 166). These results are not
surprising since IGF-1 was initially identified for its ability to promote GAG
incorporation into proteoglycans and has been shown to regulate cartilage matrix
synthesis (33, 52, 98). Due to these reports, scaffolds for in vivo analysis of possible
TGF-B1/IGF-1 synergy were designed to provide fast, initial release of TGF-B1 (Figure
1) as a morphogen in the earlier stages of healing (10, 28) and sustained release of IGF-1
as a progression factor (52, 53, 65, 98).

Surprisingly, when these scaffolds were used in the repair of osteochondral
defects in adult rabbits, combinatory delivery of TGF-f1 and IGF-1 did not result in
widespread improvement to the quality of the neo-surface when compared to untreated
defects. Dual delivery of TGF-Bl and IGF-1 only appeared to improve neo-surface
regularity (vs. untreated defects), indicating that findings of in vitro TGF-B1 and IGF-1
synergy do not directly correlate with in vivo observations. These inconsistencies may be
due to the complex in vivo environment and the numerous cell types involved in the
healing response.

For example, previous studies have demonstrated TGF-f1’s pluripotent
stimulation of chemotaxis and proliferation of inflammatory cells, fibroblasts,
chondrocytes, and other cells (20, 21, 60, 105). And although TGF-B1 is known to
promote chondrogenesis (115, 161), high dosages of exogenous TGF-B1 (42, 180-182),
have frequently been associated with in vivo formation of osseous or chondroid
outgrowths in joints. Lower doses of TGF-B1 (200-600 ng/ml) have been reported to be
therapeutic, but these studies have been almost exclusively limited to chondral defects

(60, 114). In the present study, numerous instances of excessive tissue growth at the neo-
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surface were observed in defects treated by TGF-B1 and TGF-f1&IGF-1 delivery, as well
as in untreated defects. Accordingly, IGF-1 may be a more promising candidate than
TGF-B1 for delivery strategies, especially since this GF appears to act primarily as a
progression factor (98).

Here, individual delivery of IGF-1 resulted in consistently higher scores than
untreated defects and defects treated with only TGF-f1 (Figure 3¢). However, given the
large variation in healing responses in IGF-1-treated defects, these results do not
conclusively confirm the therapeutic ability of this GF. Instead, these results and the
apparent lack of TGF-$1&IGF-1 synergy demonstrate the necessity for in vivo studies to
more accurately examine the role of GFs in healing.

Additionally, the present study’s thorough histological analysis led to several
other interesting observations. Our findings of hyaline cartilaginous regions in the
subchondral zone agree with previous reports (183) and the suggestion that the post-
injury response involves a rapid influx of mesenchymal cells into the defect area and the
fabrication of embryonic-like cartilage tissue throughout the defect (Figure 3) and
sometimes into the joint space (183, 184). As shown in Figure 2, this cartilage appears to
become hypertrophic in the subchondral zone as vascularization initiates bone formation
at the defect margins and progressively inward. These observations support previous
suggestions that vascularization controls the rate at which the cartilaginous tissue
disappears (184). However, the cartilage repair tissue near the chondral surface, initially
isolated from vascularization, appears to undergo a simultaneous, but separate
remodeling as illustrated by the fibrous tissue along the neo-surface in Figures 2, 3 and S.

Since spherical chondrocyte-like cells and GAG staining were primarily observed near
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the chondral defect margins (Figure 4), cells near the joint surface appear to play a major
role in this process (60, 114).

Understanding the role of GF interactions in chondrogenesis will undoubtedly
prove beneficial, since very thin surface tissue commonly accompanied complete
subchondral restoration in this study (Figure 6) and in other investigations (185) (183).
GF delivery via scaffolds remains a logical strategy for articular cartilage repair, but this
study highlights the need for the caution when interpreting the implications of in vitro
studies. As evident by this research, the in vitro effects of GFs, including the synergistic
actions of multiple factors, may not always translate to the wound healing environment.
Thus, thorough in vivo analysis of GF interactions in tissue repair is necessary. The
flexible design properties of OPF hydrogels allow these scaffolds to be used as powerful
tools to explore the effectiveness of various GF delivery regimes in the cartilage wound
healing environment and in other many other tissue defects. Accordingly, these systems
will help scientists to unravel the vital interactions and signaling cascades of these

complex molecules in tissue repair.

Materials and Methods

Gelatin Microparticle Fabrication and Loading
Gelatin MPs (50-100 pm) were fabricated from acidic gelatin (Nitta Gelatin Inc.,

Osaka, Japan), crosslinked in 40 mM glutaraldehyde (Sigma, St. Louis, MO), and then
sterilized by exposure to ethylene oxide gas using established methods (134, 172). Sterile
MPs were then loaded with IGF-1 (R&D Systems, Minneapolis, MN) by swelling in an
aqueous solution of IGF-1 (1.19 ug IGF-1/ml PBS) to achieve an overall GF loading of
approximately 200 ng IGF-1/ml in the top crosslinked, layer of scaffolds (145). Blank

MPs were loaded with PBS.
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OPF Synthesis

High molecular weight poly(ethylene glycol) PEG) (Polysciences, Warrington,
PA) with a number average molecular weight (M,) of 25,400 + 500 and weight average
molecular weight (M,,) of 41,900 = 300, was utilized to synthesize OPF (M, = 32,500 +
1400, My, = 74,900 + 10,000) according to established methods (134). The molecular
weights of the parent PEG and resulting OPF were determined by gel permeation
chromatography (n=3) (146). OPF was sterilized by exposure to UV light for 3 h
following an established technique (172).

Scaffold Fabrication

All implanted scaffolds consisted of 2 layers: a top, cartilage forming layer and a
bottom, bone forming layer with respective thicknesses of 1 and 2 mm. These dimensions
were chosen as a means of restricting drug loading to the upper portion of defects, rather
than as a model of exact anatomy. No GFs or MPs were added to the bone forming layer
of any scaffold formulation. This basic scaffold design was modeled after a design
previously shown to undergo degradation in a timeframe sufficient to support
osteochondral tissue repair (172).

Approximately 4 hrs prior to implantation, scaffolds were fabricated using a 2
step crosslinking procedure (172). To form the bottom layer, 0.15 g OPF was dissolved in
395 pl of PBS containing 14 mg N,N’-methylene bisacrylamide (Sigma, St. Louis, MO)
as a crosslinking agent. Then, 118 pl PBS, 51 ul of 0.3 M tetramethylethylenediamine (in
PBS) (Sigma, St. Louis, MO) and 51 ul of 0.3 M ammonium persulfate (in PBS) (Sigma,
St. Louis, MO) were added to initiate crosslinking. After vortexing, the suspension was
injected into a cylindrical Teflon mold to a height of 2 mm and incubated at 37°C for S

min to achieve partial crosslinking, enabling lamination to a second layer (134, 172).
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During this time, the polymer solution for the top scaffold layer was prepared as
outline above, except that 32 mg IGF-1-loaded or PBS-loaded MPs were added to the
polymer solution. For scaffolds loaded with TGF-B1, the PBS addition contained 1.65 ng
TGF-B1/ul (R&D Systems, Minneapolis, MN). The final mixture was injected into the
mold to form the upper scaffold layer and incubated at 37°C for 10 min for complete
scaffold crosslinking.

All PBS, initiator, and bisacrylamide solutions were sterilized prior to use by
filtration according to an established procedure (172). Furthermore, the cytocompatibility
of this initiating system has been demonstrated by cellular successful encapsulation of
bovine chondrocytes (173) in OPF hydrogels during crosslinking. The final dimensions
of all scaffolds matched the dimensions of osteochondral defects in the rabbit model (3
mm in diameter x 3 mm in depth) (151) with the top, scaffold layer containing 200 ng of
the indicated GF(s) per g crosslinked gel (Table 1).

Quantification of In Vitro Growth Factor Release

To approximate the expected in vivo release profiles of TGF-f1 and IGF-1, dual
release of these GFs from OPF-gelatin microparticle composites was assessed in vitro in
standard PBS or PBS containing 370 ng bacterial collagenase 1A (Sigma, St. Louis, MO)
per ml. Since gelatin is degraded primarily by enzymatic hydrolysis, this collagenase
concentration was chosen to model tissue collagenase concentrations in the synovial fluid
of patients with osteoarthritis (136). Single layer scaffolds (3 mm in diameter and 1 mm
in thickness) were crosslinked according to the method described above with the
exception that one of the two GF solutions contained a trace amount of I'*® labeled-GF

(Perkin Elmer Life Sciences, Boston, MA) to allow for detection of drug release. Thus,
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two sets of scaffolds were fabricated to separately detect TGF-f1 and IGF-1 release from
scaffolds. Previously, GF release profiles from these scaffolds have been shown to be
controlled by scaffold composition, rather than protein interactions (145). Accordingly,
the individual release of TGF-f1 and IGF-1 from scaffolds incorporating only one of
these GFs was not assessed.

After crosslinking, scaffolds (n=6) were placed in 3 ml of the indicated buffer and
were agitated on a shaker table (70 rpm) at 37°C. The supernatant of each specimen was
collected and replaced by fresh buffer following an established schedule (145, 146). GF
release was determined by correlation of measured radioactivity (Cobra II Autogamma,
Packard, Meridian, CT) to a standard curve.

Animal Surgery

Twenty-four, 6-month old New Zealand White rabbits were utilized in this study.
Adult rabbits were utilized since the capacity for articular cartilage repair decreases with
age (186). All surgical procedures were based on an established bilateral, rabbit,
osteochondral defect model (151, 172) and were approved by the Animal Care and Use
Committees of Radboud University Nijmegen and Rice University. Prior to surgery,
anesthesia was induced by an intravenous injection of Hypnorm® (0.32 mg/mli fentanyl
citrate and 10 mg/ml fluanisone) and atropine. General anesthesia was then maintained
by a mixture of nitrous oxide, isoflurane, and oxygen administered through a ventilator.
To minimize peri-operative infection risk and post-operative discomfort, antibiotic
prophylaxis (Baytril 2.5%, Enrofloxacin, 5-10 mg/kg) and Fynadyne® was

preoperatively administered.
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Following anesthesia, rabbits were immobilized on their back. Both legs were
then shaved and disinfected with povodine-iodine. The left knee was then exposed
through a medial parapatellar longitudinal incision. After lateral luxation of the patella,
the medial femoral condyle was exposed. With the knee maximally flexed, a full-
thickness defect (3 mm in diameter x 3 mm in depth) was created in the center of the
condyle using a dental drill (KAVO, Intrasept 905, KAVO Nederland BV, Vianen, The
Netherlands). A 2 mm drill bit was first used to establish a 2 mm diameter defect and
then gradually enlarged using drill bits with diameters of 2.8 and 3.0 mm. All bits were
fashioned with a 3 mm stop to ensure a defect depth of precisely 3 mm. Debris was
removed from the defect with a curette and the edge carefully cleaned with a scalpel
blade.

For rabbits belonging to one of the three experimental treatment groups, an
appropriate scaffold was then placed into the defect, while untreated defects remained
empty. Subsequently, the patella was repositioned, and the capsule and muscle closed
with a continuous 4-0 Vicryl suture. Finally, the skin was closed with single
intracutaneous 4-0 Vicryl sutures. This same procedure was repeated for the right knee
but with this knee receiving a different treatment from that of the left knee. Thus, each
treatment group utilized twelve rabbits (n=12). To minimize post-operative discomfort,
Fynadyne® was administered for two days postoperatively. The animals were then
housed in conventional rabbit cages, which allowed for unrestricted weight-bearing

activity and were observed for signs of pain, infection, and proper activity.
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Tissue Processing

At 12 weeks post-surgery, rabbits were euthanized by intravenous administration
of Nembutal (pentobarbital). The tissue surrounding the medial femoral condyle was
retrieved en bloc, fixed in 10% buffered formalin (pH 7.4) for 1 week, decalcified in 5%
formic acid for 14 days, dehydrated through graded ethanols, and embedded in paraffin.
Using a microtome (Leica RM 2265, Leica Microsystems, Bannockburn, IL),
longitudinal sections of 6 pm in thickness were taken from the defects’ center and lateral
and medial edges and then stained with Safranin O to identify the glycoasminoglycans of
articular cartilage with shades of red and light green as a counter stain.
Histomorphometric Analysis

Histological sections (n=3) were blindly and independently scored by two
evaluators (TH and VJ) using a previously established graded system (172). This
histological scoring method was based on the original O’Driscoll system (153) and
examines the extent of neo-tissue in-growth and implant degradation, as well as detailed
evaluations of the subchondral and chondral regions (Table 2). It should be noted that the
scale for thickness of the neo-formed cartilage was modified from its original form (172).
Previously, neo-cartilage thickness was scored from 0 to 3, with scores of 3 and 2
respectively indicating cartilage of “increased thickness” or “similar thickness” to normal
articular cartilage. However, for the present study, this scale was revised so that
maximum scores represent the desired healing response for all parameters. Additionally,
the criterion for classifying chondral tissue morphology was further specified to clearly
distinguish between fibrocartilage and fibrous tissue. In particular, a neo-surface was
designated as “fibrous” if less than 75% of its cell population was observed to have a

spherical, chondrocyte-like morphology (Table 2).
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Statistical analysis

A significance level of 0.05 was utilized for all statistical analysis. The F test was
used for the comparisons of in vitro TGF-B1 and IGF-1 release values. Following
previous methods, ordered logistic regression of histological scores was performed using
SAS Version 8.2 statistical software (SAS, Cary, NC, USA) to analyze the potential
single factor affects of treatment group and location within the defect (edge vs. center
sections) (157, 172). Figures display average values + standard deviation of the

measured variable.
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VIII. SUMMARY

The engineering goals of this research centered upon the development and
characterization of hydrogel systems for controlled growth factor delivery and the
utilization of these systems in examining the potential effects of growth factors in
articular cartilage repair. Initial studies demonstrated that oligo(poly(ethylene glycol)
fumarate) (OPF) hydrogels could be successfully fabricated for the controlled release of
transforming growth factor-B1 (TGF-p1). Hydrogel mesh size was seen to affect the
material properties of these gels as well as the release kinetics of TGF-B1. Additional
investigations demonstrated that TGF-B1 release rates could be further controlled by
releasing this protein from gelatin microparticles encapsulated in OPF hydrogels.

Since gelatin degrades primarily by enzymatic digestion, further in vitro studies
characterized these release systems in the presence of collagenase to more accurately
model the cartilage wound healing environment. These investigations revealed that
microparticle crosslinking extent and loading within the OPF network influence material
degradation and TGF-B1 release under these conditions. Specifically, microparticles
appeared to act as digestible porogens to speed the rate of scaffold degradation.

Next, bilayered OPF hydrogel scaffolds were successfully fabricated to spatially
control protein loading to the cartilage region of osteochondral defects in 4 month old
rabbits. These scaffolds were seen to undergo biocompatible degradation and support
healthy tissue growth in young rabbits. Histomorphometric analysis confirmed that tissue
quality in both the chondral and subchondral regions of defects improved between 4 and
14 weeks post-surgery. However, TGF-B1 delivery did not appear to greatly influence

cartilage repair.
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Accordingly, further investigations examined these hydrogel systems as carriers
of TGF-B1 and/or insulin-like growth factor (IGF-1) since these growth factors have been
shown to synergistically promote chondrocyte proliferation and cartilage extracellular
matrix synthesis in vitro. Highly crosslinked microparticles were seen to function as an
effective carrier of IGF-1, enabling sustained delivery of this progression factor over the
course of 4 weeks. Furthermore, the phase of growth factor loading was observed to
provide an effective means of controlling the release profiles of these growth factors.

Scaffolds were successfully fabricated for a large initial release of TGF-f1 from
the hydrogel phase and/or sustained release of IGF-1 from the microparticle phase. When
implanted into osteochondral defects in 6 month old rabbits, complete scaffold
degradation was observed at 12 weeks post-surgery. Histomorphometric analysis
revealed that growth factor delivery had no effect on subchondral repair. Individual
delivery of IGF-1 delivery appeared to improve neo-surface repair, although articular
cartilage was rarely observed. Surprisingly, the apparent benefits of IGF-1 delivery were
not maintained when this growth factor was co-delivered with TGF-f1. Thus, these
results highlight the necessity of investigations to study the effectiveness of growth factor
delivery regimes in situ since in vitro findings do not always correlate to the wound
healing environment.

The hydrogel delivery systems developed through this work will undoubtedly
prove useful in further examining the role of IGF-1 and TGF-B1 in chondrogenesis. As
demonstrated through these investigations, the design flexibility and biocompatibility
afforded by these and other tissue engineering scaffolds will aid in providing greater

understanding of tissue repair and improving clinical treatments.
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X. APPENDIX: BIODEGRADABLE POLYMERIC SCAFFOLDS, IMPROVEMENTS IN BONE
TiSSUE ENGINEERING THROUGH CONTROLLED DRUG DELIVERY'

Abstract
Recent advances in biology, medicine, and engineering have led to the discovery

of new therapeutic agents and novel materials for the repair of large bone defects caused
by trauma, congenital defects, or bone tumors. These repair strategies often utilize
degradable polymeric scaffolds for the controlled, localized delivery of bioactive
molecules to stimulate bone ingrowth as the scaffold degrades. Polymer composition,
hydrophobicity, crystallinity, and degradability will affect the rate of drug release from
these scaffolds, as well as the rate of tissue ingrowth. Accordingly, this chapter examines
the wide range of synthetic, degradable polymers utilized for osteogenic drug delivery.
Additionally, the therapeutic proteins involved in bone formation and in the stimulation
of osteoblasts, osteoclasts, and progenitor cells are reviewed to direct attention to the

many critical issues influencing effective scaffold design for bone repair.

Abbreviations

bFGF, basic fibroblastic growth factor; BMP, bone morphogenetic protein; BSA, bovine
serum albumin; CMC, carboxymethylcellulose; IGF-1, insulin-like growth factor-1; OPF,
oligo(poly(ethylene glycol) fumarate); PCCP-SA, poly(carboxyphenoxy propane-sebacic
acid); PCL, poly(e-caprolactone); PDGF, platelet derived growth factor; PEG,
poly(ethylene glycol); PGA, poly(glycolic acid); PLGA, poly(lactic-co-glycolic acid);
PLLA, poly(L-lactic acid); PMMA, poly(methyl methacrylate); PPF, poly(propylene
fumarate); PPF-DA, poly(propylene fumarate)-diacrylate; rh, recombinant; ST-NH-
PEG-PLA,, N-succinimidyl tartrate monoamine poly(ethylene glycol)-poly(D,L-lactic
acid); TGF-p1, transforming growth factor-B1; VEGF, vascular endothelial growth factor.

t This chapter was published as the book chapter: TA Holland and AG Mikos, “Biodegradable Polymeric
Scaffolds, Improvements in Bone Tissue Engineering through Controlled Drug Delivery,” in Advances in
Biochemical Engineering/Biotechnology, K Lee and DL Kaplan, Eds., Springer Verlag, New York (2005).
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Introduction

The field of tissue engineering continues to revolutionize modern medicine by
designing novel materials to restore tissue function. For the repair of large tissue defects,
scientific efforts have demonstrated the utility of implanting tissue scaffolds, or solid
substrates, to which cells can attach, allowing the in-growth of new tissue (1). Although
the presence of a tissue scaffold is necessary in wound and tissue repair, repeated
research has demonstrated that scaffolds alone often fail to provide a sufficient template
to guide tissue regeneration (2-7). Consequently, tissue engineering strategies must utilize
biomaterials specifically designed to immobilize bioactive ligands, support cell
transplantation, or deliver therapeutic molecules in order to achieve complete tissue
repair (8-18). While each of these approaches have been used to enhance healing in a
number of clinical applications, bone defects are excellent candidates for local drug
delivery strategies, since these defects often have access to the cells which growth factors
target. Accordingly, the following discussion examines novel, degradable, polymeric
scaffolds developed to locally deliver regulatory molecules for bone repair. A brief
overview of the degenerative conditions affecting bone tissue, the cellular processes
involved in bone formation and remodeling, and the regulatory molecules guiding these
events is first provided so that readers clearly understand the physiological and biological
challenges in bone tissue engineering. Subsequently, recent advances in drug delivery for
bone repair are reviewed with an emphasis on polymeric scaffold design and the
parameters affecting drug release.
Degenerative Bone Disorders

Trauma, congenital defects, and bone metastases frequently result in large bone

deficiencies in both load bearing and non-load bearing skeletal sites. Additionally, a
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number of other degenerative bone conditions are also in need of improved clinical
therapies. Specifically, osteoporosis, Paget’s disease, and rheumatoid arthritis lead to
significant bone deterioration due to the excessive proliferation and resorptive activity of
osteoclasts (19). Although hormone replacement therapies may help to inhibit bone
resorption, oral ingestion of these pleotrophic agents has also been associated with an
increased incidence of cancer and thromboembolic events (19, 20). Furthermore, these
treatment options, and the use of non-degradable bone cements to fill osseous voids, fail
to stimulate osteoblasts to synthesize new bone. Although, poly(methyl methacrylate)
(PMMA), a clinically used bone cement, has also been explored as a local delivery
vehicle for chemotherapeutics, hormones, and antibiotics, observed release rates are
generally too slow since this polymer is non-degradable (21-23). Additionally, PMMA
requires elevated curing temperatures (60°C) which may engender further osteonecrosis
(24, 25). Accordingly, improved clinical strategies and materials for localized delivery of
therapeutic molecules to bone defects are imperative.
Bone Formation

Bone tissue provides our bodies with an internal mechanical support system,
while ensuring calcium homeostasis and housing the biological elements required for
hematopoiesis, the process by which blood and immune cells are renewed (26). This
important tissue is formed from two distinct pathways. Intramembraneous bone
formation, in which mesenchymal progenitor cells differentiate directly into osteoblasts,
or bone forming cells, leads to the development of the periosteal surfaces of the long
bones, parts of the mandible and clavicle, and many cranial bones. Alternatively, the long

bones and vertebrae are formed through endochondral bone formation in which
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mesenchymal progenitor cells differentiate first into chondrocytes. These cells deposit a
cartilaginous template which is later mineralized and replaced by bone (26).

Upon fracture, bone is repaired by a process which recapitulates many of the
events of both intramembraneous and endochondral bone formation (26). Initially, after
injury, a hematoma fills the defect site and may act as a source of signaling molecules to
recruit reparative cells. An inflammatory response ensues as fibroblasts and macrophages
replace this clot with an external callus, a fibrovascular tissue rich in collagen fibers.
Within 7-10 days, intramembraneous bone, or hard callus, formation near the defect
edges begins as osteoprogenitor cells of the periosteum differentiate into osteoblasts.
Simultaneously, endochondral bone formation proceeds as additional progenitor cells
differentiate into chondrocytes, which replace the external callus with cartilage. Finally,
this cartilaginous, soft callus is mineralized and remodeled by the combined actions of

both osteoclasts and osteoblasts (25, 26).

Bone Remodeling by Osteoclasts and Osteoblasts
Although bone remodeling follows fracture, this dynamic tissue is continually

undergoing remodeling to maintain mechanical integrity and to respond to the body’s
changing demands (26, 27). Remodeling results from the balance of two key processes,
osteolysis, bone resorption by osteoclasts, and osteogenesis, bone formation by
osteoblasts. Osteoclasts mature from macrophage precursor cells, and like many cells of
the immune system, release numerous enzymes into the surrounding tissue. Osteolysis
begins as the cell membrane of osteoclasts polarizes to secrete hydrochloric acid for
dissolution of bone’s inorganic, mineral component. Then, lysosomal protease and

cathepsin K are mobilized to degrade the remaining organic component, mainly type I
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collagen fibers (27). Osteoclast apoptosis marks the end of the resorptive phase of
remodeling, and pre-osteoblastic cells are chemotactically recruited and differentiated
into mature osteoblasts through numerous mitogens and growth factors. These cells fill
the site with new bone matrix, which is completely mineralized within approximately 2
weeks (26, 28).

Regulatory Molecules

A host of bioactive proteins interact with the cell receptors on osteoblasts,
osteoclasts, and progenitor cells to direct both new bone formation and bone remodeling.
Specifically, these polypeptides may act as differentiation factors to guide progenitor
cells toward a particular lineage or as progression factors to stimulate cell proliferation
and extracellular matrix production (29-31). However, many of these molecules function
as both morphogens and growth factors (9). In most cases, these soluble factors are
synthesized and secreted by cells as precursor molecules which most be activated by
binding to extracellular matrix components or by proteolytic cleavage (9, 29).

Bone morphogenetic protein-2 (BMP-2) is perhaps the most widely investigated
agent in the field of bone tissue engineering. This molecule belongs to a group of proteins
isolated from the inorganic component of bone by Marshall Urist, after researchers
discovered that decalcified bone matrix could induce bone formation (32). Advances in
biochemistry led to the purification of at least 15 distinct molecules from this
heterogeneous protein mixture, including BMP-2, BMP-4, BMP-7 (osteogenic protein-1),
BMP-8 (osteogenic protein-2), and BMP-3 (osteogenin) (30). These molecules mainly
function as differentiation factors, guiding mesenchymal stem cells toward chondrogenic

or osteoblastic lineage, and are osteoinductive agents capable of inducing bone formation
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ectopically (29, 30, 32, 33). In fact, clinical trials are currently investigating the use of
both BMP-2 and BMP-7 for bone repair (32).

BMPs actually belong to a broader, superfamily of proteins, known as the
transforming growth factor-f (TGF-B) family, and can share up to 50% sequence
homology with TGF-B1 (29). While the BMPs are osteoinductive agents, TGF-B1
appears to function as an osteoconductive agent, capable of inducing bone formation only
in the vicinity of bone (29, 30). Since this molecule is synthesized by osteoblasts and
stored in bone matrix, bone serves as the body’s largest reservoir of TGF-f1 (34). This
multifunctional protein has been shown to stimulate mesenchymal stem cell
differentiation, enhance osteoblast proliferation, and inhibit osteoclast function (2, 26, 34).
However, at high doses, this pleotrophic agent is associated with inflammation, fibrosis,
and scarring (35).

Additional signaling molecules involved in both bone repair and remodeling
include basic fibroblastic growth factor (bFGF), platelet derived growth factor (PDGF),
and insulin-like growth factor-1 (IGF-1). Like TGF-B1, bFGF has been shown to
modulate the functions of a number of cell types, such as, osteoblasts, chondrocytes,
fibroblasts, endothelial cells, and smooth muscle cells (26). However, bFGF may be
useful in bone tissue engineering since this protein can stimulate chondrocyte and
osteoblast proliferation and enhance osteogenesis and angiogenesis (29, 30). Like bFGF,
PDGF and IGF-1 also encourage osteoblast expansion (26, 36). Additionally, PDGF has
been shown to act as a chemotractant and mitogen for mesenchymal progenitor cells (29,
31). Both PDGF and IGF-1 stimulate the synthesis of collagen I and osteopontin,

important organic components of the bone matrix (37).
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Critical Issues in Drug Delivery System Design

Regardless of the bioactive protein or drug employed in delivery systems for
tissue repair, engineers must ensure that these agents are released to the surrounding
tissue within a therapeutic time frame and dosage. Thus, the resulting release profile
should be optimized for each agent and clinical application. Since most morphogens and
growth factors are relatively large proteins with precise three-dimensional conformations,
care must be taken to ensure that processing conditions used to fabricate drug delivery
implants do not adversely affect the activity and half life of these agents. In particular,
harsh loading conditions which promote protein aggregation or denaturation should be
avoided (9, 38).

Since drug delivery systems for bone repair also serve as tissue scaffolds, these
implants must conform to the design criteria used in the selection of all tissue engineering
scaffolds. In addition to supporting cell adhesion, scaffolds should be biocompatible to
prevent prolonged inflammation, as well as biodegradable to minimize the necessity of
surgery (30, 39). Ideally, scaffold materials should be metabolized by the body into
acceptable degradation productions at a rate which coincides with the rate of tissue in-
growth. Furthermore, drug-releasing scaffolds for bone repair must provide suitable
mechanical support at the defect site and sufficient porosity to facilitate nutrient transport
and cell infiltration (25). Finally, implant materials should be chosen to allow for ease in
sterilizing and processing scaffolds with a shape and volume identical to the tissue defect
(40).

A wide variety of natural materials have been used for the controlled delivery of
ostegenic agents, including glycoasminoglycans, fibrin, alginate, gelatin, and collagen

(41-47). Initially, demineralized bone matrix, obtained from the cortical bone of various
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animal sources, was widely investigated in bone repair, since this mixture of collagenous
proteins is a natural carrier of BMPs (48, 49). However, these materials often fail to
possess the mechanical properties and resorption rates necessary for load bearing
applications (50). Alternatively, the physical and chemical parameters of polymeric
devices can be easily and reproducibly tailored for a given application (24, 40).
Furthermore, implantation of delivery scaffolds based on synthetic polymers circumvents
concerns regarding immunogenic reactions and disease transmission from materials
derived from allogenic or xenogenic tissues. The following discussion examines many
biodegradable, polymeric, drug delivery systems for bone tissue repair. As illustrated by
in vitro and in vivo research, polymer composition, hydrophobicity, crystallinity, and
degradability, as well as the method of drug loading, are among the many properties
affecting drug release and tissue formation.
Polymeric Scaffolds for Bone Drug Delivery

Perhaps one of the most influential material parameters dictating drug release
centers on carrier degradability. In general biodegradable polymers possess hydrolytically
unstable linkages in their backbone, such as ester, ether-ester, anhydride, or amide
functional groups (40, 51, 52). Often scientists classify the mechanism by which
hydrolysis proceeds as either bulk degradation or surface erosion. In the case of bulk
degradation, the rate at which water penetrates an implant exceeds the rate at which the
polymer is converted into water soluble fragments, resulting in material deterioration
throughout the device. Surface erosion refers to the opposing situation, when water
penetration occurs more slowly than the rate of polymer solubilization, allowing bulk

integrity to be maintained as surfaces exposed to water erode (40, 53, 54).
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Systems which undergo bulk degradation often display first order, diffusion
controlled release kinetics and may be too hydrophilic for drugs that are highly unstable
in an aqueous environment. Release from surface-eroding polymers typically proceeds at
zero order rates controlled by the rate of surface degradation. Accordingly, these
materials tend to be more hydrophobic and may better preserve the activity of molecules
within the polymer matrix (55, 56). Polyesters, polyether-esters, and polyester-amides are
generally classified as bulk-degrading polymers, while polyahhydrides and
polyorthoesters degrade primarily by surface erosion (7, 40, 55, 56). However, engineers
should be aware that changes to the microarchitecture and surface properties of drug
release systems, stemming from mechanical loading, fibrosis, or vascularization of
implants may alter both polymer degradation and the release and activity of incorporated
proteins (9, 30). Additionally, since many drug delivery scaffolds are fabricated from
two or more polymers, hydrolysis often proceeds through both bulk and surface
degradation.

Poly(lactic acid)

The most widely investigated polymeric drug carriers have arise from a group of
degradable, aliphatic polyesters approved by the FDA for use in other clinical
applications, including surgical sutures, pins, clips, and staples (9, 54, 55). Early drug
delivery research sought to extend the use of these polymers for the sustained, local
release of antibiotics as an alternative to treating post-operative osteomyelitis by lengthy
oral or intravenous drug regimes (57-59). For instance, the polyester poly(lactic acid) was
explored as a coating for implants releasing gentamicin and allowed for sustained release

of this antibiotic at the minimum, inhibitory concentration toward the bacteria
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Staphylococcus aureus for approximately 4 weeks (60). Given these successes, engineers
have extended the use of these polyesters for the design of more complicated systems for
tissue regeneration.

The structure of poly(lactic acid) is shown in Table 1 along with numerous
polymers investigated as carriers of therapeutic molecules for bone repair. Poly(lactic
acid) is formed by ring opening polymerization of lactide, the dimerization product of
lactic acid. Two optical isomers of lactic acid exist, corresponding to L-lactide or D-
lactide. Poly(L-lactic acid) (PLLA), formed from the naturally occurring isomer, is a
semicrystalline polymer with a relatively high melting point (178°C) and glass transition
temperature (65°C). Accordingly, these properties impart high tensile strength and
extended degradation times (3-5 years) to PLLA scaffolds. Poly(D,L-lactic acid),
polymerized from a blend of D-lactide and L-lactide, is amorphous, and thus, possesses
considerably lower melting point (60°C), tensile strength, and degradation times (12-16
months) than PLLA (40, 55). However, since the degradation of PLLA yields the
naturally occurring stereoisomer of lactic acid, a normal intermediate of carbohydrate
metabolism, this form of poly(lactic acid) is generally preferred (54, 55).

Early growth factor release systems based on PLLA and other polyesters utilized
simple adsorptive techniques to surface coat polymeric particulates (61, 62). Non-
uniform particulates were obtained by such means as the shredding of solid polymer rods.
Often the protein of interested was dissolved in a solution containing additional agents,
such as collagen, serum, chitosan, or carboxymethylcellulose (CMC), to promote sorption
to the polymer. However, these particulates were not able to function as true tissue

scaffolds due to their lack of mechanical support. In fact, to maintain particles at a defect
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site, gelatin or collagen capsules were sometimes employed, making it difficult to clearly
assess device efficiency and to correlate in vivo and in vitro behavior. Such delivery
systems were primarily investigated in non-loading bearing models and often displayed
inadequate bone regeneration.

Despite their limitations, these early release systems assisted in elucidating
valuable information regarding various biological-material interactions. For instance,
systematic investigations with polymeric particulates helped to optimize the PLLA
molecular weight range appropriate for bone implants (68). Specifically, PLLA
particulates (100 mg) of various molecular weights were wetted with 4 mg semipurified
BMP and then implanted in the dorsal muscles of mice. No bone formation was visible
after three weeks with particulates of high molecular weight (greater than 3,300 Da),
since the slow degradation rate of these polymers restricted tissue ingrowth. Tissue
necrosis was observed with particulates of extremely low molecular weight (160 Da), due
to the high acidity and rapid degradation of these formulations. However, an intermediate
PLLA molecular weight (650 Da) resulted in limited bone formation (68). Additional
studies compared bone regeneration from polymeric based systems to the previous
standard carriers, collagen or demineralized bone, and demonstrated that PLLA and other
polyesters did not adversely affect the activity of released growth factors (50, 62).

With the development of more advanced scaffold fabrication techniques, such as
solvent casting, gas foaming, and emulsion freeze drying, PLLA was formulated into
three-dimensional scaffolds for drug delivery to loading bearing defects (38). For
instance, 50 pg recombinant BMP-2 (thBMP-2) was reconstituted in a collagen solution

and then adsorbed to the surface of prefabricated PLLA disks before implantation in
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critical size rat calvarial defects. After 4 weeks, defects treated with these simple delivery
systems demonstrated enhanced bone formation by radiomorphometric and
histomorphometric analysis when compared to PLLA disks seeded with osteoprogenitor

cells and unloaded PLLA controls (6).

Table A- 1: Biodegradable Polymers Utilized in Osteogenic Drug Delivery

Polymer Chemical Structure Bone Engineering

Research
Poly(lactic acid) - o.cct:.c«}w (6, 57, 58, 60, 66-68)
Poly(lactic-co-glycolic acid) «~A{~—o;:l-ln.c—]--[-o.cnz-c-ow]W (61-65, 69, 70)
Poly(e-caprolactone) w+ 0-(CHy)s -C»}/w (77-79)

Polyglyconate wrocciy M_p T'OT',}W “0)

Poly(lactic acid)- ﬂ
poly(ethylene glycol) vt o;j::.c—}y—{-o-cm-caﬂx— OH (10, 80-86)
3
Poly(ethylene glycol) . n ﬂ
diacrylate H2C-CH-C—[— 0-CH2-CH1—]:- 0-C-CH=CH, &7

Oligo(poly(eythlene glycol)

fumarate) H[OCHZ -CHZ];A[-H-Cﬂd:H-C[o-CHZ-CHZ -O]»H (16, 18, 88-92)

Poly(carboxyphenoxy w{ oﬂ:@ -0-(CHy) -O-O-EHO-(CHZ)g ]L}w (5, 93-97)

propane-sebacic acid)

CH,

Poly(propylene fumarate) HO{-éH-CHz-O-T-C}F-CH-C-OJ[CHz-CH-OH (98-106)

n H,

However, more precise control over protein release Kkinetics, and thus,

substantially lower, yet still therapeutic, drug loadings, were often achieved by
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incorporating the desired protein directly into the polymer network (66, 67). For example,
using an air-drying phase inversion process, PLLA was mixed with 200 ng PDGF and
fabricated into porous membranes. In vitro release experiments demonstrated sustained
PDGF release over the course of 28 days. Release rates could be increased through dual
loading of both PDGF and bovine serum albumin (BSA) into these matrices. Furthermore,
bony formation within critical size rat calvarial defects was achieved using these delivery
systems within approximately 2 weeks post-implantation, demonstrating maintenance of
protein activity with this scaffold fabrication technique (66).
Poly(lactic-co-glycolic acid) Copolymers

Additional efforts to achieve further control over protein release led to the
copolymerization of lactide and glycolide to form poly(lactic-co-glycolic acid) (PLGA).
Pure poly(glycolic acid) (PGA) was used to develop DEXON®, first commercially
available, synthetic, absorbable suture (55). Like PLLA, PGA is formed by ring opening
polymerization of a cyclic dimer and results in a semicrystalline network (40). However,
copolymerization of lactide and with glycolide disrupts the crystallinity of these
monomers, leading to an amorphous network with a rate of degradation and protein
release dictated by the monomer ratio (54). PLGA with a lactide to glycolide ratio of 7:3
is commercially used to produce surgical staples marketed as Lactomer™ (55). Solvent
casting/porogen leaching techniques have been utilized to fabricate porous PLGA foams
which support osteoblast and mesenchymal stem cell attachment and proliferation (69, 70,
107).

To deliver therapeutic agents from PLGA-based materials, a number of scaffold

processing techniques have been employed. Emulsion freezing drying methods have been
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used to fabricate and model release of active thBMP-2 from scaffolds of various pore
sizes (71, 108). Innovative methods for encapsulating proteins within PLGA
microspheres have been also developed (4, 109). The most popular of these methods, a
double-emulsion-solvent-extraction technique, has been shown successfully entrap
rthBMP-2, TGF-B1, and IGF-1 within polymeric microparticles without significant loss in
protein activity (72, 74, 75). Protein release kinetics from PLGA microparticles can be
controlled by altering the loading of additional components, including poly(ethylene
glycol) (PEG), BSA, and gelatin (73, 75).

Utilizing these and other processing techniques for the fabrication of both PLGA
microparticles and scaffolds, researchers now have the ability to create composite
materials with precise release profiles (76, 98). For instance, delivery of multiple growth
factors at specific rates is now possible. Slow release of PDGF (approximately 0.1
pmol/day) and fast release of vascular endothelial growth factor (VEGF) (1.7 pmol/day)
was achieved using a novel scaffold design. PDGF was first encapsulated with PLGA
microparticles, while VEGF was mixed PLGA particulates. The microparticles and
particulates were then combined and processed into porous foams using a gas foaming
technique. After 4 weeks post-implantation in the hind limbs of mice, these dual release
systems demonstrated enhanced vasculature when compared to systems releasing only
PDGF or VEGF (76). More importantly, similar polymeric devices will provide
researchers with a tool to assess how various growth factors interact in tissue repair.
Additionally, these systems can be utilized to optimize the therapeutic release profiles of

particular proteins in bone healing.
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Other Polyesters

Unfortunately, the mechanical properties of scaffolds based on PLGA are well
below the mechanical properties of human trabecular bone (107). Thus, researchers have
investigated several other polyesters for bone engineering applications. For instance,
porous scaffolds fabricated by solvent casting/porogen leaching and based on the
polyester poly(e-caprolactone) (PCL) demonstrated significantly higher tensile strength
and Young’s modulus than PLGA scaffolds (77). However, like PLLA, PCL is a
seimcrystalline polymer with a degradation time of approximately 2 years (40). To speed
degradation, copolymers of e-caprolactone and DL-lactide have been synthesized.
However, when implanted in femoral defects in rats, this material still remained after 1
year and appeared to retard bone formation when compared to untreated defects (79).
Other researchers have taken advantage of the lengthy degradation time of highly
crystalline polymers to protect bone grafts from displacement and rapid resorption (78,
110). However, their slow degradation has limited the extension of these materials to
drug delivery.

Following a similar strategy to tailor both polymer strength and degradability to
tissue engineering applications, additional research groups have synthesized PGA-based
copolymers. In particular, polyglyconate, a copolymer of glycolide and trimethylene
carbonate, is utilized in surgical sutures, tacks, and screws. Copolymers with a 2:1
glycolide to trimethylene carbonate ratio demonstrate increased flexibility and faster
degradation times (7 months) than pure PGA (40). Similar trends are reported when
glycolide is polymerized with both trimethylene carbonate and/or p-dioxanone (40, 111).
Yet, like lactide based copolymers, these materials have not been widely been used in

drug delivery.
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Poly(lactic acid)-Poly(ethylene glycol) Block Copolymers

One group of copolymers which has been investigated as a protein carrier is the
family of poly(D,L-lactic acid)y-poly(ethylene glycol)x (PLAy-PEGx) block copolymers.
These copolymers consist of altering segments of PLA and PEG, whose respective
molecular weights y and x are dictated by the polymerization reaction. The hydrophilic
nature of the repeating PEG unit helps to neutralize the acidity of low molecular weight
PLA segments, while modulating the degradation rate (83). When loaded with rhBMP-2,
block copolymers with a 7:3 PLA to PEG ratio demonstrate promising bone formation.
More specifically, 10 pg thBMP-2 was incorporated into PLA6500PEG3000 devices, and
then surgically implanted into the back muscles of mice. After approximately 3 weeks,
only 21% of the polymer remained, and bone formation with osseous trabeculae was
apparent. However, BMP-2 release from implants with a higher PLA to PEG ratio did not
result in osteoinduction due to the extensive amount of polymer remaining (94-98%) after
3 weeks (84). The optimal total block copolymer molecular weight for BMP-releasing
implants with a PLA to PEG ratio of 7:3 was found to be 6400 Da, allowing for complete
in vivo degradation by 3 weeks (86).

Additional research demonstrated that the degradation rate of these block
copolymers could be further tailored by introducing a random linkage of p-dioxane.
Furthermore, these materials, when loaded with 0.5-10 ug thBMP-2, were able to illicit
bone formation intramuscularly in rats (85). Accordingly, these studies demonstrate that
as the material properties of a delivery system are improved, the minimal effective
dosage of a particular drug or growth factor is often substantially reduced. However,
further experimental investigations are necessary to understand the interplay between in

vivo material degradation, protein release kinetics, and tissue formation.
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While such investigations are ongoing, a novel means of immobilizing proteins
within scaffolds was developed by modifying these copolymers. Specifically, N-
succinimidyl tartrate monoamine poly(ethylene glycol)-poly(D,L-lactic acid) (ST-NH-
PEGx-PLAYy), an amine reactive polymer, was synthesized using innovative chemical
techniques (112). The amine group of this polymer was shown to facilitate covalent
attachment of model proteins in both solution (insulin and somatostatin) and solid phase
(trypsin). Similar results were found with a novel, thiol reactive polymer, synthesized by
attaching N-succinimidyl 3-maleinimido propionate to monoamine poly(ethylene glycol)-
poly(D,L-lactic acid) (112). Although the bioactivity of the attached proteins has not yet
been confirmed in this system, in vitro and in vivo studies with similar protein tethering
methods suggest that these methods should not alter protein activity (113, 114).

Taking this technology even further, an inventive means of fabricating scaffolds
with interconnected pore networks was developed through incorporation of lipid
microparticles during ST-NH-PEGx-PLAy precipitation into n-hexane. This method
avoids an aqueous environment, preserving the amine group from hydrolysis, and thus,
permitting the covalent attachment of proteins. Upon polymer precipitation into 3-
dimensional structures, lipid microparticles are subsequently extracted by melting to
yield porous scaffolds (82). Such creative techniques will undoubtedly revolutionize
tissue engineering, allowing for the creation of truly biomimetic structures.

Additional Poly(ethylene glycol)-Based Materials

Towards the goal of minimizing implantation surgeries, researchers have also

been developing novel, injectable polymers from the delivery of bioactive molecules.

Many of these polymers have a repeating PEG unit within their backbone, since the
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hydrophilicity of PEG often imparts water solubility. Upon thermal or photo-initiated
reactions, these polymers are converted from their soluble state into crosslinked
hydrogels. For instance, macromers of PEG with acrylated end groups have been photo-
crosslinked into hydrogels and utilized for protein delivery (87). Likewise, macromers of
PLA-PEG-PLA with acrylated end groups have been examined as osteogenic protein or
cell delivery vehicles (10, 80, 81). However, these systems have mainly been studied in
vitro or in subcutaneous implantations.

Another PEG-based macromer, oligo(poly(eythlene glycol) fumarate) (OPF) has
been extensively examined in vitro (16, 18, 90) and utilized in vivo for the repair of both
bone and soft tissue defects by modification with bioactive peptides (88). The ester
linkage in the backbone of this macromer facilitates hydrolytic degradation, while the
double bond facilitates crosslinking through thermal initiation. Thus, OPF can be
crosslinked into degradable hydrogels at physiological temperatures (89). Furthermore,
TGF-B1 release from OPF hydrogels can be tailored by altering the swelling ratio and
mesh size of these networks (92). However, since all of these PEG-based materials form
water absorbent gels, their utility will be limited to soft tissue defects and non-load
bearing bone defects. Additionally, this characteristic prevents their use as a carrier for
drugs which are highly unstable in an aqueous environment.

Polyanhydrides

Alternative carriers for hydrolytically unstable molecules are often based upon
more hydrophobic polymers like polyanhydrides. These polymers are synthesized by
melt polycondensation. Typically, a diacid monomer is reacted with excess acetic

anhydride, yielding an anhydride oligomer, which can then be polymerized under
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vacuum (56). Homopolyanhydrides of aliphatic or aromatic diacid monomers generally
possess some degree of crystallinity. As discussed previously, copolymers show a
decrease in crystallinity due to the presence of other units in the polymer chain, and the
degree of monomer hydrophobicity will dictate the polymer’s degradation time (55, 56).

The most widely investigated polyanhydride is a copolymer of sebacic acid and
1,3-bis(p-carboxyphenoxy)-propane, know as poly(carboxyphenoxy propane-sebacic
acid) (PCCP-SA) (40, 55). Copolymers with high sebacic acid contents demonstrate
relatively short degradation times due to the relative hydrophilicity of this monomer (93,
95). Drug release from PCCP-SA and other surface eroding polymers has been shown to
directly coincide with the rate of degradation (36, 51, 55, 56). Like polyesters, early
polyanhydride release systems were examined for the localized delivery of antibiotics to
treat osteomyelitis (96). However, PCCP-SA and other polyanhydrides have been
successfully fabricated into microparticles and scaffolds for the controlled delivery of a
number of different bioactive molecules.

For instance, a hot melt microencapsulation procedure was developed to entrap a
model drug (insulin) within PCPP-SA microparticles (94). The biological activity of
insulin released from these microparticles was later verified. In particular, insulin-
incorporated microspheres injected into diabetic rats resulted in normoglycemia for a
period of approximately 5 days (93). Scaffolds have also been fabricated for the
controlled delivery of active proteins. Using compression molding, a mixture of
osteogenic proteins and polymer was fabricated into polyanhydride scaffolds based on
several different macromers (5). Protein release from these systems was shown to induce

osteogenesis intramuscularly in mice. However, osteoinduction did not result in animals



191

receiving an injection of the same drug dosage, due to protein solubility, and thus,
distribution with in the body (5).

In similarity to the challenges facing polyester-based systems, considerable work
is necessary to enhance the performance of polyanhydride scaffolds so that these
materials provide the appropriate mechanical properties to ensure tissue repair.
Accordingly, researchers are investigating the use of dimethacrylated anhydride
monomers which can be crosslinked into networks with improved mechanical properties.
In particular, dimethacrylated sebacic acid and 1,3-bis(p-carboxyphenoxy) hexane were
photo-crosslinked into networks with respective compressive strengths of 34 + 4 MPa
and 39 = 11 MPa. While these values are comparable to the compressive strength of
trabecular bone (5-10 MPa), further improvement is necessary to reach the strength of
cortical bone (130-220 MPa) (97).

Poly(propylene fumarate)

A material that has been shown to form networks with compressive strength on
the order of cortical bone is the linear unsaturated polyester, poly(propylene fumarate)
(PPF) (105). The double bond in the backbone of PPF allows this viscous polymer to be
crosslinked into solid structures via thermal or photo-initiation (74, 103). By altering the
molecular weight, adding poly(propylene fumarate)-diacrylate (PPF-DA), and varying
the crosslinking reaction, the compressive strength of PPF-based networks can be tailored
within the range of 31 = 13 to 129 = 17 MPa (105). Furthermore, PPF scaffolds with an
interconnected pore network can be easily fabricated by incorporating a porogen during

the crosslinking reaction (101).
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These scaffolds have been shown to be both biodegradable and biocompatible in
vivo (102). Their use as delivery vehicles has also been explored. Preliminary work
investigating the repair of rabbit cranial defects demonstrated significant bone formation
when defects were treated with PPF scaffolds to which thTGF-1 was adsorbed (106).
More sophisticated systems for the controlled delivery of osteogenic agents have also
been developed using PPF. In particular, microparticles encapsulating the therapeutic
peptide TP508 have successfully been integrated into both the pores and polymer
network of PPF scaffolds for the sustained release of this molecule (98). These systems
were then implanted into critical size rabbit femoral defects to evaluate how the kinetics
of TP508 release affect bone repair. Complete bone regeneration was observed when
TP508-loaded microparticles were incorporated into the pores of these scaffolds,
indicating that a burst release of this molecule promotes bone formation. However, slow
release of TPS508 from microparticles within the polymer network demonstrated
considerably less bone formation (99). Thus, scaffolds based on this novel polymer not
only impart improved mechanical properties, but also provide a means of controlled
protein delivery to systematically evaluate the therapeutic time course of individual
proteins.

Future Directions

As illustrated in the preceding discussion, researchers have developed many novel
materials for the delivery of osteogenic agents. While initial release systems focused on
the use of simple aliphatic polyesters, the shortcomings of these materials have led
researchers to synthesize various polyester copolymers, as well as alternative polymers

like PCPP-SA and PPF. Still other researchers have developed injectable polymers to
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minimize the necessity of surgery (8, 84, 89, 115, 116). Meanwhile, scientists outside the
arena of polymer chemistry have also significantly contributed to the field of bone tissue
engineering.

For instance, biologists have not only isolated a number of therapeutic proteins
for bone repair, but have also investigated the affinity of these agents to extracellular
matrix components (42, 45, 117-119). Accordingly, new composite systems are now
incorporating some of these components into synthetic polymeric scaffolds to allow
growth factor release to be catalyzed by natural processes (91). Additionally, mechanical
engineers have shown that hydroxyapaptite and p-tricalcium phosphate can be
incorporated into synthetic polymeric scaffolds to improve the mechanical properties of
these networks (77, 104, 111, 120). Scientists in the field of nanoscience are also
contributing to the field of tissue engineering, demonstrating that nanoreinforcement of
polymers may assist in building stronger scaffolds (121, 122). Methods for encapsulating
proteins within nanoparticles have also arisen (123-125). Finally, advances in computer-
aided design have led to the fabrication of scaffolds of precise three-dimensional shape
and volume (1, 100). Accordingly, researchers now have the material and processing
tools to build more effective polymeric scaffolds for drug delivery. However, to develop
highly efficient release systems, engineers must now work closely with biologists to
study how the kinetics of protein release from these systems affects bone repair.
Conclusions

A host of bioactive proteins have been isolated from bone tissue and shown to
influence the cellular and molecular events involved in both bone formation and

remodeling. Likewise, numerous degradable polymers have been developed as carriers of
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these molecules. These polymers include the early polyesters, such as PLLA and PLGA,
as well as a later generation of injectable materials based on PEG, and more hydrophobic
materials, such as PPCP-SA and PPF. By altering the molecular weight, monomer
composition, and crosslinking method, scientists can tailor the crystallinity,
hydrophilicity, and degradability of these polymers. In combination with innovative
processing methods, this ability allows engineers to design scaffolds and microparticles
with specific drug release kinetics. In order to reduce the minimum effective drug loading
within these systems, engineers, biologists, and physicians must now work together to
assess how the time course of protein release affects tissue repair. By optimizing
interplay between both the material and bioactive components of these drug delivery
systems, the field of tissue engineering will undoubtedly revolutionize the treatment for

bone degenerative disorders.
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