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ABSTRACT

A NOVEL INJECTABLE POROUS HYDROGEL COMPOSITE SCAFFOLD FOR
BONE TISSUE ENGINEERING

PARVATHI NAIR, M.S

The University of Texas at Arlington, 2010

Supervising Professor: Jian Yang

Over the past decade there has been an increasing use of bone grafts for or-
thopedic applications. With the aging US population, the need for suitable bone
grafts substitutes has also increased. The long term goal of this study was to develop
a novel in situ crosslinkable hydrogel composite for tissue-engineering critical-sized
bone defects. This system consists of a newly developed water-soluble biodegradable
hydrogel Poly ((ethylene glycol) maleate citrate) (PEGMC) [1] and hydroxyapatite
(HA). The PEGMC/HA system is completely injectable and can be crosslinked in situ
into crosslinked PEGMC/HA (CPEGMC/HA) hydrogel composite with or without
poly (ethylene glycol) diacrylate (PEGDA) as a crosslinker. The hydrogel composite
was found to have tunable mechanical properties and degradation profile that could be
varied by adjusting the HA concentration and polymer compositions. CPEGMC/HA
induced rapid and high degree of mineralization when incubated in vitro in simulated
body fluid as quantified by SEM/EDX. In hydrated state the composite exhibited
highly porous structures with the pore size ranging between 100- 400 pym. In vitro

biocompatibility of the hydrogel composite system was tested against human fetal

v



osteoblast (hFOB1.19). The presence of pendant groups in the hydrogel network as
confirmed by FTIR and 'H NMR was used to covalently immobilize collagen on the
surface to enhance cellular response. Osteoblasts (hFOB 1.19) showed good viability
when seeded on the surface or encapsulated inside the polymer network as confirmed
by LIVE/DEAD assay. The encapsulation of hFOB 1.19 inside the polymer network
promoted cellular proliferation and activity as confirmed by DNA assay and the pro-
duction of alkaline phoshatase (ALP) and calcium. In vitro cellular studies showed
the composites to be a competent potential injectable vehicle for the transport of cells
and other biomolecules such as desferrioxamine (DFO) which can aid in the regener-

ation of critical sized defects in bone.
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CHAPTER 1
INTRODUCTION

1.1 Need for Bone Tissue Engineering

Bone has an inherent ability to repair itself and this regenerative ability is com-
promised when the defect is above a critical size [2]. There have been about 8 million
cases of fracture reported annually in the US alone. Of these incidents, 5-10% resulted
in non-union healing of the bone [3]. The estimated cost for treating these fractures
has been projected at 5 billion dollars and as a result of non healing of critical size

defects of bone, patient quality of life is affected [4].

1.2 Current Available Treatments

The current treatments for non healing bone fractures include autografts, al-
lografts and metallic prosthetic implants. Autografts are the gold standard in bone
defect treatment. They are harvested from the patient’s iliac crest and transplanted
in the bone defect. Autografts assists in the natural bone remodeling process result-
ing in critical size defect repair. Autografts require the patient to undergo two very
invasive surgeries. The first procedure is done to harvest the graft and the second
surgery is performed to transplant the harvested graft. As a result the possibility of
infection is very high and the post operative recovery is long and painful. In addition,
autografts are not easily available. The limited number and quality of grafts can af-
fect the bone regeneration. Allografts are commonly used in the treatment of bone

defects. Allograft bone is obtained from a donor and matched to a recipient. unlike

1
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autograft, allograft is an avascular and non-viable tissue. Since they are absent of any
osteoclast and osteoblast cells, they are deficient in bone remodeling. This results in
a mismatch in weight loading resulting in microfractures and eventual failure of the
graft. Since they are transplanted from one individual to another, there is always a
chance of graft rejection by the recipient’s immune system and disease transmission.
The failure rate of allografts is as high as 25-35% [5]. Therefore, there exists the need
for alternative paradigms to treat critical size defects which addresses the shortcom-

ings of the above mentioned methods of treatment.

1.3 Tissue Engineering Paradigm

Tissue engineering involves the interaction of materials and cells to regener-
ate damaged tissue. One approach involves harvesting the patient’s own cells and
grow them in a controlled culture environment on a three dimensional scaffold. The
construct when ready is delivered to the desired site in the patient’s body. As new
tissue regeneration takes place the scaffold will gradually degrade. Another approach
involves the implantation of a scaffold to the desired site so as to direct tissue for-
mation in situ. The human body is a highly complex system. The requirements that
scaffold material needs to fulfill are varied and complex. Therefore the design and
selection of the scaffold material is one of the primary concerns of tissue engineering.
First, the material has to be biocompatible. The material when implanted inside
the body must not cause an adverse and prolonged inflammatory response. Further
the material must not be cytotoxic or cause an immunogenic reaction. Secondly, the
scaffold must be biodegradable. On degradation, the byproducts must be non toxic to
the body and must be cleared from the body through natural methods. In addition,

scaffold material must have mechanical properties that are comparable to the target
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tissue being replaced. The scaffold material must be able to handle the wear and tear
of the implantation procedure and must not fail as the tissue regeneration takes place.
Also, scaffold material before implantation must be sterilizable to prevent infection
6, 7].

Tissue engineering also must address the issue of material cell interaction. The
ability of cells to proliferate and differentiate is determined by the interaction of cells
and the underlying biomaterial. The biomaterial should provide a favorable environ-
ment for the cells to grow. Biofunctionalization of molecules such as peptides etc
enhance cellular activity is an advantage. The physicochemical characteristics of the
material such as hydrophobicity, charge and pH affects the cell viability [8].

Other key considerations involve the degree of porosity, pore size and extent of
pore interconnectivity. Since the scaffold serves as a framework for cellular growth
there exists the need for a high degree of scaffold porosity so that the cellular growth
can result in penetration of cells inside the scaffold. The selection of cell type will
determine the pore size of the resulting scaffold. The method of scaffold fabrication
will influences the nature of the scaffold network. A biodegradable and biocompatible
scaffold with a high degree of interconnected pores with suitable mechanical proper-
ties is the basic requirement for tissue engineering [9].

Tissue engineering design paradigms are unique for the target tissue. Therefore
understanding the properties of natural bone is essential for designing a synthetic

prosthetic that can closely mimic the function and property of native bone.

1.4 Bone : Structure and Properties

Bone is a highly vascularized and complex organ composed by weight of 60%

inorganic minerals, 10% water and remaining part being made up predominantly of
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type I collagen. The composition and interaction of all the constituent elements de-
cides the function and properties of bone. Further classification of bone can be done
based on architecture. (1)Cancellous bone and (2)Cortical bone. Compact bone is
rigid and found mainly in the middle shaft of long bones and inside other bones.
Cortical bone also known as the spongy bone is a highly porous structure which is
filled with bone marrow [10].

The mechanical properties of natural bone are anisotropic, i.e. the strength
of the bone depends on the orientation of the applied load. The various mechanical
properties of cortical bone have been studied and are reported to vary greatly from a
few hundred MPa to GPa. However due to the higher porous nature of the cancellous
region of the bone, reported in the region of 70-95% porosity have been reported to

be in the range of a few MPa to a few hundred MPa [11].

1.5 Bone Tissue Engineering

Understanding the structural, physical, chemical, biological and cellular prop-
erties of natural bone is imperative to designing a new approach that will deal with
not only the basic tenets of tissue engineering but also address the unique challenges
of designing a synthetic bone. In addition to specific functions depending on the
location and nature of the bone in vivo, there are some requirements that tissue en-
gineered bone must fulfill [10, 12].

1)Induce angiogenesis: Bone is highly vascular. Current failure in bone regen-
eration is due to the failure in inducing a high level of vasculature [9, §].

2)Promote osteoconductivity: 60%of natural bone is composed of inorganic cal-
cium phosphate minerals called dahllite [11]. To bridge the gap between non union

and non healing bone, the implanted scaffold must have the ability to induce miner-



alization, i.e. be osteoconductive.

3)Promote osteoinductivity: The ability to cause non bone like cells to differ-
entiate and form new bone is called osteoinductivity [13]. An osteoinductive material
should therefore promote new bone formation in a location where the body cannot
naturally heal on its own [14].
Depending on the chemical composition, bone graft substitutes can be classified into
four different groups.
1) Metallic Implants such as titanium and its alloys, stainless steel etc.
2) Ceramic implants like bioactive glass, hydroxylapatite(HA), calcium phosphate
ete.
3) Polymers
3.1) Non biodegradable polymers like poly(methyl methacrylate),ultra high molecular
weight polyethylene (UHMWPE).
3.2) Biodegradable polymers which can be classified as natural polymers and synthetic
polymers. Natural polymers include polysaccharides such as chitosan, hyaluronic acid
derivatives etc) and proteins like collagen etc. Synthetic polymers such as poly lactic
acid (PLA) , poly glycolic acid (PGA), poly caprolactone (PCL) etc [15].

4) Combination of ceramics with metals and polymers.

1.5.1 Metallic Implants

Metallic implants using titanium and its alloys and stainless steel have been
widely used in load bearing orthopedic applications. They have shown to be fairly
successful. However metallic implants are invasive and require surgeries to implant
the device. Also, since they are neither biodegradable, osteoconductive, nor osteoin-
ductive, there is no possibility of natural bone regrowth. Over time they fail due

to problems associated with stress shielding, fatigue and loosening of implant. As a



result this line of treatment is not the most advantageous [16, 17].

1.5.2  Ceramics

Ceramics such as bioactive glass and calcium phosphates are an important cat-
egory of materials for bone tissue engineering. Natural bone is made up of 60%wt
of HA Ca10((POy)g)(OH ).Calcium phosphates have similar chemical and crystalline
characteristics to bone mineral. Since they are inorganic minerals lacking any proteins
they elicit minimal immune response. Thus, they have been shown to be biocompat-
ible. Calcium phosphates surfaces cause an active layer of hydroxy carbonate apatite
(HCA) to be formed in vivo. This biologically active layer is instrumental in tissue
integration by providing a bonding interface between the material and the tissue.
HCA phase is chemically and structurally similar to the mineral phase in bone. Thus
calcium phosphates promote osteoconductivity. Calcium phosphates also promote
osteoblast attachment, proliferation and differentiation with hydroxylapatite (HA)
being the most effective. However if used alone, calcium phosphates have poor me-
chanical properties resulting in implant failure. Also the rate of degradation is very

slow [14].

1.5.3 Polymers

1.5.3.1 Natural Polymers

Natural polymers such as chitosan, alginate, hyaluronic acid derivatives, colla-
gen and cellulose have been used as scaffold materials in tissue engineering. Properties

such as biodegradability and biocompatibility have made these materials attractive.
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The ability of these materials to be crosslinked in vivo confers an additional advan-
tage. However due to their poor mechanical properties and batch wise variations,

large scale use of natural polymers is not feasible [18].

1.5.3.2  Synthetic Polymers

Synthetic polymers have also been explored extensively for bone tissue engineer-
ing applications. Prefabricated scaffold matrices using PLA, PGA, PLGA and PCL
in combination with calcium phosphate have been studied. However these materials
do not match the mechanical properties of the biological tissue as they are stiff and

non compliant [19, 20, 21].

1.5.3.3 Injectable Polymers

Some of the recent work has focused on injectable in situ crosslinkable biodegrad-
able materials. These materials have been extensively investigated as carriers of cells,
drugs and other growth factors. These materials also have been used to bridge gaps
and fill bone defects. Since these materials can conform to the shape of the cavity
they are injected into, the need to fabricate scaffolds of any specific dimension is
avoided. Also due to the injectable nature of the material, it is possible to deliver the
polymer matrix in a minimally invasive procedure in hard to reach areas of the body

thereby achieving a localized application of the polymer construct [22, 23, 24, 25].



1.6 Citric Acid Based Polymers

The currently FDA approved biomaterials are polylactones like poly(L-lactide)
(PLA), poly(glycolide) (PGA) and their copolymers (PLGA). These biomaterials have
shown excellent biocompatibility, but are stiff, inelastic and non compliant. The com-
pliance mismatch between implant and scaffold leads to inflammation and scar tissue
formation which prevents the integration of the implant with the surrounding tissue
and also results in fatigue and stress shielding. Therefore, for soft tissue and load
bearing applications, their use as scaffolding material is not ideal [26, 27]. Citric acid
based biomaterials such as poly octanediol citrate (POC),crosslinked urethane doped
polyester(CUPE),poly (octanediol maleate citrate)(POMaC) and poly((ethylene gly-
col) maleate citrate)(PEGMC) have been synthesized [26, 27, 28, 29]. These polymers
are synthesized with easily available non toxic monomers. The synthesis is conducted
through a simple polycondensation reaction. The resulting polymer is degradable
through the ester bonds and the degraded products are non toxic. Citric acid, which
is one of the key monomers is a byproduct of the kreb’s cycle and also provides ad-
ditional pendant groups for biofunctionalization post polymerization.

The advantages of an injectable system for bone tissue engineering are many.
Hydrogels, are three dimensional networks that can uptake large amounts of water.
They show excellent biocompatibility as they mimic physical characteristics similar
to that of extracellular matrix. They are permeable, allowing the easy exchange of
gases and other soluble metabolites and nutrients [30]. However this also makes them
soft, elastic and mechanically weak. Many PEG based hydrogels have been investi-
gated for use to treat bone defects. Mikos et al. have developed a biodegradable and
injectable hydrogel system by reacting fumaric acid and polyethylene glycol (PEG)
to synthesize a new oligomer,oligo[poly(ethylene glycol)fumarate|(OPF). OPF was

crosslinked using redox initiators in the presence of the crosslinker polyethylene gly-
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col diacrylate (PEG-DA). OPF has been investigated as scaffolds and cell carriers for

bone tissue engineering [23, 31, 32]. But PEG based hydrogels similar to OPF have
weak mechanical strength and slow degradation profiles. Recently developed PEG
based hydrogels such as poly(glycerolco-sebacate) acrylate (PGSA), poly(propylene
fumarate)(PPF) and PEG sebacate diacrylate (PEGSDA) have enhanced mechanical
strength and reduced degradation rates. Another hydrogel that has been investigated
as an injectable bone cement is poly(propylene fumarate)(PPF). PPF was found to
have tunable mechanical and degradation properties based on the degree of crosslinks
and double bond in the crosslinked network [33].

Therefore we have developed a new citric acid based in situ crosslinkable poly-
mer which provides the additional pendant groups for bioconjugation. In this syn-
thesis, citric acid is reacted with maleic anhydride and poly ethylene glycol (PEG)
in a simple polycondensation reaction to produce poly((ethylene glycol) maleate cit-
rate) (PEGMC). The resultant polymer is water soluble and can be crosslinked using
redox initiators in the presence or absence of a crosslinker. To improve strength, min-
eralization ability and osteoblast attachment and proliferation, PEGMC is combined
with hydroxylapatite (HA) to make a polymer composite that can be crosslinked in
situ (CPEGMC/HA).

1.7 Objectives of this Research

Aim 1: The aim of this project is to develop an injectable, in situ crosslinkable
hydrogel composite with tunable mechanical and degradation properties.
Aim 2: To evaluate the injectable system as a competent cell and drug (DFO) delivery

model.



CHAPTER 2
MATERIALS AND METHODS

2.1 Materials
All chemicals, cell culture medium and supplements were purchased from Sigma-
Aldrich (St.Louise, MO) except where mentioned otherwise. All chemicals were used

as received.

2.2 Synthesis of PEGMC

PEGMC was synthesized by a simple polycondensation reaction. Poly(ethylene
glycol) (PEG) (M,,=200), citric acid and maleic anhydride were added to a 250 ml
round bottom flask fitted with an inlet outlet adapter. The flask was immersed in
silicon oil bath and melted at 160° C for 10 minutes at constant stirring of 360 rpm
under continuous flow of nitrogen. Following the melting of the monomers, the tem-
perature of the oil bath was reduced to 140°C for the remainder of the reaction. The
stirring speed was reduced gradually to 100 rpm as the desired viscosity was achieved,
the reaction was stopped and the prepolymer was dissolved in deioneized water. The
prepolymer was then filled into dialysis tube membrane with a molecular weight cut
off of 500 Da and dialyzed for 2 days with constant change of water. This was done
to leach out the low molecular weight oligomers and unreacted monomers. After dial-
ysis, the prepolymer was freeze dried to get the final PEGMC.

To synthesize different PEGMC prepolymers, the molar ratio of maleic anhy-
dride to citric acid (0.4:0.6, 0.6:0.4, 0.8:0.2)was changed to yield PEGMC 0.4, PEGMC

0.6 and PEGMC 0.8 respectively. The molar ratio of diol to acid was always kept

10
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as 1:1. The molecular weight of the resultant prepolymer was characterized using an

Autoflex Maldi-TOF spectrometer (Bruker Daltonics, Manning Park, MA).

2.3 Polymer Characterization

Fourier transform infrared (FT-IR) spectra of the PEGMC prepolymer were
characterized using Nicolet 6700 FT-IR spectrometer (Thermo Fisher Scientific) equipped
with OMNIC software at room temperature. The PEGMC prepolymers were dis-
solved in 1,4-dioxane to make a 5% w/v solution and cast on potassium bromide
(KBr) crystals and allowed to dry. "H(Proton Nuclear Magnetic Resonance) spectra
was recorded using MHz JNM ECS 300(JEOL, Tokyo, Japan) at ambient temper-
ature to confirm the chemical structure of the prepolymer. Polymer solutions for
NMR were prepared by making a 5%(w/v) solution in deuterated dimethyl sulfoxide-
d6 (DMSO-d6) and the chemical spectra had tetramethylsilane (TMS) as the internal

standard.

2.4 Preparation and Characterization of CPEGMC/HA

Redox crosslinked CPEGMC/HA networks were formed through radical poly-
merization. PEGMC prepolymer was dissolved in deionized water (DI-water) to make
a 30% (w/v) solution. The solution was then neutralized by adding sodium bicarbon-
ate to make the pH~(6-7). To this polymer solution polyethylene glycol diacrylate
(PEG-DA, M,, = 3400 Da) added as a crosslinker.

To fabricate different crosslinked hydrogel composites, the weight ratio of PEGMC
0.6 to HA (70:30, 45:55, 30:70) was changed to yield CPEGMC/HA (30), CPEGMC/HA
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(45) and CPEGMC/HA (60) respectively. Ammonium persulfate/N,N,N’ N’-

tetramethyl- ethane-1,2-diamine (APS/TEMED) was used to crosslink the prepolymer-
HA solution using redox crosslinking. After the addition of the redox initiators the
PEGMC/HA solution was tightly sealed and placed in 37 °C incubator till the pre-
polymer solution crosslinked completely to crosslinked PEGMC/HA (CPEGMC/HA).

2.4.1 Sol Content

CPEGMC/HA composites with different HA composition were made as previ-
ously described. The CPEGMC/HA samples were cut into circular discs of dimensions
10 mm diameter by 2 mm thickness (n = 8). The samples were lyophilized for 48
hours to remove all water and weighed (W,). Samples were then immersed in 10 ml
of 1,4-dioxane for 24 hours and freeze dried and weighed (Ws). Sol fraction of the

hydrogel composites was determined by using following equation :

Waq— W

d

Sol fraction = * 100 (2.1)

Sol gel fraction is a measure of the unreacted monomers after crosslinking.

2.4.2 Swelling Ratio

The samples were prepared as previously described in the sol study. Briefly,
CPEGMC/HA with different concentration were fabricated. The films were cut into
circular discs of diameter 10 mm and 2mm thickness (n = 8). The samples were freeze

dried for 2 days to ensure the removal of all water. The samples were weighed and
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recorded as W;. Samples were then immersed in 10 ml of DI-water and at predefined
time points removed from the DI-water and weighed again (W,). The samples were

weighed until the equilibrium state was reached :

Wi =W,
Swelling ratio = Td * 100 (2.2)

2.4.3 Degradation Profile

CPEGMC/HA films were cut into discs of dimension 10 mm x 2 mm (n =
8). The samples were dried using a freeze dryer and weighed. This was recorded as
the initial dry weight (17;). The samples were immersed in test tubes with 10 ml
of PBS (pH ~ 7.4) and incubated at 37 °C and taken out at different time points.
The samples were triple washed in DI-water to remove any residual salts and freeze
dried. The weights were recorded again as the final weight (W) . The mass loss was

measured as :

W, —W
Mass loss = Tf % 100 (2.3)

)
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2.4.4 Mechanical Properties

The mechanical properties of CPEGMC/HA networks were studied under com-
pression using the MTS Insight II mechanical tester fitted with a 10 N load cell. The
specimens were prepared by placing the crosslinking mixture into cylindrical vials of
12 mm outer diameter and 10 mm inner diameter. The cylindrical non-hydrated sam-
ples ( 10 mm x 10 mm, width x thickness) were compressed at a rate of 1 mm/min to
50% of the original thickness. Hydrated CPEGMC/HA samples were also subjected to
compressive mechanical testing. The crosslinked CPEGMC/HA samples were soaked
in water till equilibrium mass and then compressed at a rate of 1 mm/min to 50%
of the original thickness. Hydrated CPEGMC/HA samples were also subjected to
10 cycles of compressive testing where the samples were compressed to 20% of the
original thickness. Values were converted to stress- strain and the initial modulus was
calculated from the initial gradient of the curve (0-10% compression). The results are

presented as mean standard + standard deviation (n = 5).

2.5 CPEGMC/HA Scaffold Pore Morphology

To characterize the presence of pores in the composite surface, the CPEGMC/HA
films were soaked in DI water overnight. The samples were then placed in cryo molds
and embedded in OCT. The samples were then cryosectioned and the pictures were

taken under a microscope to characterize the pore morphology.
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2.6 In Vitro Mineralization

The CPEGMC and CPEGMC/HA samples were incubated in 10ml of 5x Sim-
ulated Body Fluid (SBF) prepared as previously mentioned [34, 35, 36]. The samples
were taken out at day 1 and day 7. The samples were triple rinsed with DI water to
remove excess salt. The samples were air dried, sputter coated and analyzed under
a scanning electron microscope (HITACHI 3000N SEM). The elemental composition
of the surface CPEGMC and CPEGMC/HA films were verified by using EDX.

Table 2.1. Chemical composition of 1x SBF as mentioned in Tas et.al

Order Reagent Amount(gpl)
1 NaCl 6.547
2 NaHCOs3 2.268
3 KCl1 0.373
4 Na,HPO,4.2H,0 0.178
7 NaQSO4 0.071
8 (CH,OH)3CNH, 6.057

2.7  Osteoblast Culture

Human fetal osteoblasts (hFOB 1.19) were purchased from American Type Cul-
ture Collection (ATCC). The cells were cultured according to ATCC protocol. hFOB
1.19 cells were cultured in phenol free Dulbecco’s modified Eagle’s medium (DMEM)-
Ham’s F12 1:1 medium supplemented with 10% fetal bovine serum (FBS)(HyClone)

and geneticin (300 pg/ml; Sigma-Aldrich, St.Louise) at 37°C.
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2.8 Osteoblast Surface Seeding on CPEGMC/HA

CPEGMC/HA films were modified by covalently crosslinking collagen on the
surface. The -COOH group of the PEGMC film was activated by immersing the
films in 5 mg/ml EDC solution for 1 hour at 4 °C. The films were then coated with
0.5 mg/ml collagen PBS solution for an additional 4 hours. The samples were then
freeze dried. The samples were then sterilized by soaking the samples in 70% ethanol
for 30 minutes followed by three successive washes with PBS. The films were placed
under UV light for 1 hour after which they were soaked in osteoblast media overnight.
hFOB was trypsinized and seeded at a density of 200,000 cells/ml. Cell culture was
maintained under standard culture conditions (37 °C, 95% relative humidity, and 5%
humidity) for 2 days. The samples were taken out on day 1 and day 2. The films
were fixed with 3% gluteraldehyde and dehydrated using increasing concentrations
of ethanol (50%, 70%, 90%, 95% and 100%) followed by lyophilization. The samples

were analyzed under the SEM to determine cellular attachment and morphology.

2.9 Osteoblast Encapsulation

CPEGMC/HA crosslinking solution was prepared by adding PEGMC, HA and
PEG-DA 3400 to make a uniform solution. Osteoblasts (hFOB 1.19) were trypsinized
and resuspended in cell culture media to make a final concentration of 12 million/ml.
Cell suspension was added to the polymer solution followed by the addition of the
APS/TEMED redox initiators (25 mM concentration). The cell-polymer solution was
incubated at 37 °C for 15 minutes until gelation. Two cellular groups were prepared,
CPEGMC hydrogel and CPEGMC/HA hydrogel. The samples were then cut into

small circular discs of equal dimension and placed in a 6 well plate and covered in
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media. The hydrogel cell constructs were placed in sub culture and taken out at day
7, 14 and 21 and stained using LIVE/DEAD assay (Molecular Probes). Cell viability

and distribution were observed under a fluoroscent microscope [37].

2.9.1 DNA Assay
The PicoGreen assay (Molecular Probes) was used to measure the double stranded

DNA content of the CPEGMC hydrogels encapsulated with hFOB 1.19 osteoblasts.
At various time points, the hydrogel constructs were removed from media and homog-
enized in PBS by using forceps. 500 ul of 0.2% Triton-X100 solution was added to
the hydrogel constructs. The samples were subjected to two freeze-thaw cycles. The
homogenates were then sonicated for 30 sec to evenly distribute DNA throughout the
solution. The homogenates were centrifuged for 10 minutes at 4000 rpm. The super-
natant after centrifuging was used to measure the DNA content of each cell/polymer
construct using PicoGreen assay according to the protocol instructions. Results are

presented as pug DNA and samples were performed in triplicate [38, 37].

2.9.2 ALP Activity Assay

The hydrogel constructs were washed with PBS. The constructs were then ho-
mogenized using forceps. Alkaline buffer solution was added to the constructs and
sonicated to ensure that the constructs were completely homogenized. The lysate
was centrifuged at 4000 rpm for 10 min at 4 °C. 100 ul of supernatant was incubated
with 100 1 of p-nitrophenyl phosphate solution in a 96 well plate at 37°C for 1 hour.
The reaction was stopped by adding 0.2M NaOH solution to each well. The produc-

tion of p-nitrophenyl in the presence of ALP was measured by monitoring the light
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absorbance at 405 nm by using microplate reader (Infinite 200, Tecon Group Ltd,

Switzerland) [39].

2.9.3 Analysis of Calcium Content

The hydrogel contructs were washed with PBS and homogenized. The super-
natant was collected and 50ul of the supernatant was added to a 96 well plate. The
calcium concentration of the cell lysate was analyzed using cresolphthalein complex-
one (Sigma). After 10 minutes of addition of reagents the absorbance was read at

575 nm using a microplate reader (Infinite 200, Tecon Group Ltd, Switzerland) [39].

2.10 Drug Release Study

Desferrioxamine (DFO) drug release was studied by encapsulating the highly
water soluble drug in the PEGMC polymer gel. DFO has been shown to increase
angiogenesis and promote bone regeneration when injected in vivo in distraction gap
by activation of the hypoxia-inducible factor-la (HIF-1«) pathway. HIF-la path-
way was found to play an important role in promoting angiogenesis and osteogenesis
in bone healing [40]. The drug concentration was 100 mg/ml. The polymer was
crosslinked in a 96 well plate with each well having 200 pl of polymer-drug solution.
The CPEGMC films were incubated in 2 ml of PBS and placed on a orbital shaker
(VWR Incubating Shaker, 60 rpm) where the temperature was maintained at 37 °C. 1
ml of PBS was taken out at different time points and the volume was replaced to 2 ml.
The drug concentration was quantified by adding excess FeCl; to the PBS solution

and read using a spectrophotometer (Infinite 200, Tecon Group Ltd, Switzerland) at
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a wavelength of 420 nm [41].

2.11 Statistical Analysis
Data was expressed as mean + standard deviation. The statistical significance
between two sets of data was calculated using one way ANOVA. Data were taken to

be significant, when p < 0.05 was obtained.



CHAPTER 3
RESULTS

3.1 Polymer Characterization

PEGMC was synthesized by a simple polycondensation reaction between the
monomers citric acid, maleic anhydride and PEG (M,,=200 Da). Different molar
ratios of PEGMC prepared in this study are shown in Table 1. PEGMCs synthesized
based on different stoichometric ratios of citric acid to maleic anhydride all resulted
in transparent viscous liquid at room temperature after the initial polycondensation
reaction. All the different PEGMCs were found to be water soluble. The synthesis
time increased from 4 to 10 hours with increasing maleic anhydride monomer content.
To confirm the presence of various functional groups in the prepolymer, FT-IR anal-
ysis was done on PEGMCs. The presence of the vinyl peak at 1640 cm~! proved the
successful incorporation of the vinyl group from the maleic anhydride. In addition,
the presence of the hydrogen bonded -OH at 3570 cm™! and C=0O of the carboxyl
group at 1690-1750 cm™! confirmed there are available -OH/-COOH for further bio-
functionalization.

The chemical structure of the PEGMC was characterized by analyzing the res-
onance of the various hydrogen atoms in the PEGMC backbone and their resultant
chemical shifts of the "H-NMR peaks with tetramethylsilane (TMS) as the reference.
The peaks labeled at a) located between 6 - 7 ppm were assigned to the -CH = CH-
of the maleic anhydride. The peaks (b) at 3.1 - 2.65 ppm were assigned to the -CHy
of the citric acid. The peaks (d) located at 4 - 4.5 ppm was assigned to -O-CH,CHy

of the poly(ethylene glycol). The chemical compositions of the prepolymers were de-

20
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termined by integrating the area under the peaks of the characteristic proton from
each monomer : maleic anhydride (a/2), citric acid (b/4), and diol (d/4). The in-
corporation of higher maleic anhydride showed increasing peak intensity suggesting
that the PEGMC prepolymer has terminal vinyl groups. As shown in Table 1, the
feed ratio and the actual polymer composition shows that the vinyl group is not com-
pletely incorporated into the polymer chain. Thus the composition of the prepolymer
can be controlled to a large degree by changing the feeding ratios of the monomers

participating in the reaction.
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Figure 3.1. Synthesis schematic of PEGMC. PEGMC prepolymer was synthesized by
a simple polycondensation reaction using the monomers citric acid, PEG and maleic
anhydride. Redox polymerization using APS/TEMED was used to fabricate the

CPEGMC films. HA was added to the crosslinking solution to make CPEGMC/HA
films.
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Figure 3.2. FT-IR spectra of PEGMC prepolymers.

Table 3.1. Feed ratios and actual molar composition of different PEGMCs
where MA and CA denote Maleic Anhydride and Citric Acid respectively.

Feed Ratio (mol) Composition (mol)
Polymer MA CA PEG MA CA PEG
PEGMC 04 0.2 0.3 0.5 0.12 0.35 0.5
PEGMC 0.6 0.3 0.2 0.5 0.27 0.26 0.5
PEGMC 0.8 04 0.1 0.5 0.32 0.13 0.5
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Figure 3.3. 'H-NMR spectra of PEGMC 0.6.
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3.2 Preparation and Characterization of CPEGMC/HA

Redox crosslinked CPEGMC/HA networks were polymerized by free radical
polymerization. The presence of a reduced peak at 1640 cm™! compared to PEGMC
in the FT-IR spectra was due to the vinyl group of the maleic anhydride. The FT-IR
spectra also confirmed that the pendant hydroxyl and carboxyl groups of the citric

acid were preserved.

3.2.1 Sol Content
Sol content of CPEGMC/HA network is shown in Fig 3.4. There was no signif-

icant difference in the sol content with increase in HA concentration. The sol content

for CPEGMC/HA(30) was 6.90 £+ 0.74 %. The sol content for CPEGMC/HA(60)
was 5.66 + 1.13 %. This suggests that HA does not contribute to the sol content and

does not leach out from the polymer network.
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Figure 3.4. Sol content of CPEGMC/HA where PEGMC 0.6 was crosslinked with

different HA concentration. Error bars represent standard deviations (n = 8). *
corresponds to p < 0.05.
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Figure 3.5. Swelling ratio of CPEGMC/HA where PEGMC 0.6 was crosslinked with
different HA concentrations. Error bars represent standard deviations (n = 8).

3.2.2  Swelling Ratio

Swelling study for different compositions of CPEGMC/HA indicates that the
swelling ratio reduces with increasing HA concentration. As the HA is uniformly
dispersed in the polymer network, the space between crosslinks for water uptake is
diminished. Thus the swelling ratio reduces from 9.56 £+ 0.56 to 3.42 4+ 0.66 for
CPEGMC/HA(30) and CPEGMC/HA(60).
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3.2.3 Degradation Profile

Degradation profile for CPEGMC/HA network showed increasing mass loss
with lower concentration of HA. CPEGMC/HA (30) showed a mass loss of 58.18 +
6.60% at the end of 22 weeks. The higher concentration composite CPEGMC/HA(60)
resulted in a mass loss of 32.24 4+ 1.79 % at the end of 22 weeks. This indicates that the
polymer network loses mass primarily due to the degradation of the polymer and that
HA does not leach out from the network in significant amounts. This was evident as
there was no visible presence of HA in the PBS solution used to incubate the samples
for the degradation study. Repeated centrifugation to collect and quantify the extent
of HA leaching out of the system in the course of degradation did not result in any
quantifiable amount. The degradation of the polymer network preserved the form

and shape of the construct through the entire 22 weeks of duration of the study.
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Figure 3.6. In vitro degradation of CPEGMC/HA where PEGMC 0.6 was crosslinked
with different HA concentrations in PBS (pH 7.4; 37 °C). CPEGMC/HA was
crosslinked using APS/TEMED redox initiators using PEG-DA 3400 as a crosslinker.
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3.2.4 Mechanical Properties

Mechanical compressive tests of CPEGMC/HA showed that the polymer net-
work was elastic and achieved complete recovery without any deformation for hy-
drated and non-hydrated conditions. Compressive mechanical properties for non hy-
drated and hydrated CPEGMC/HA constructs showed complete recovery when the
compressive load was removed. The peak compressive modulus for CPEGMC/HA
(30) when hydrated was 0.012 £ 0.005 MPa. The modulus for non-hydrated
CPEGMC/HA(30)(0.01 4 0.005 MPa) was similar to the modulus when hydrated.
There was no difference between the hydrated and non-hydrated modulus for
CPEGMC/HA(45)(0.026 + 0.12 MPa). However there was an increase in the modulus
of the hydrated (0.10 £ 0.02 MPa) and non-hydrated (0.20 = 0.03 MPa) CPEGMC/
HA(60) samples . Thus the mechanical strength of the composites does not decrease
significantly when hydrated. Fully hydrated CPEGMC/HA samples when subjected
to ten continuous cycles of compression were found to withstand the test without
breaking and also recovered its original state. Thus the PEGMC confers the con-

structs with the elastic property and the HA provides the increased strength.
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Figure 3.7. Compressive modulus of non hydrated CPEGMC/HA where PEGMC 0.6
was crosslinked with different HA concentrations. * corresponds to p < 0.05 and #
represents p < 0.01.
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Figure 3.8. Compressive mechanical strength of CPEGMC/HA when fully hy-
drated where PEGMC 0.6 is crosslinked with different HA concentrations. The
CPEGMC/HA composites were immersed in DI-water till weight equilibrium was
reached and then tested. * corresponds to p < 0.05 and # represents p < 0.01.
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Figure 3.9. Hysteresis of CPEGMC/HA films where PEGMC 0.6 was crosslinked
with different HA concentrations. The samples were loaded to 20% strain and the
load was held for 30 seconds before the samples were unloaded.
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3.3 CPEGMC/HA Scaffold Pore Morphology

The porous network of the CPEGMC and CPEGMC/HA were studied after
the samples were completely hydrated by soaking overnight in water. The samples
were frozen in OCT and cryosectioned and observed under the microscope. The
CPEGMC film in Fig 3.10(A) showed a highly porous network. The CPEGMC/HA
films in fig 3.10 (B), (C) and (D) are CPEGMC/HA (30), CPEGMC/HA(45) and
CPEGMC/HA(60) respectively. The black shapes represent HA and are found to
be uniformly distributed throughout the polymer network. The polymer outline can
be clearly seen in the figures. Microphotographs shows the polymer network in the

presence of HA to be highly porous with large and small pores.
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Figure 3.10. Characterization of pore morphology in CPEGMC scaffolds with differ-
ent HA concentrations. Fig A), B), C) and D) shows microphotographs of CPEGMC
0.6, CPEGMC/HA (30), CPEGMC/HA (45) and CPEGMC/HA (60) when hydrated
and cryosectioned to show the porous morphology.
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3.4 In Vitro Mineralization

The CPEGMC and CPEGMC/HA(45) films were incubated in 5x at 37 °C.
simulated body fluid(5X SBF) for a duration of 7 days. The SEM/EDS analysis of the
constructs shows that there is no significant presence of CaP minerals on the surface
of the CPEGMC films. However the CPEGMC/HA (45) films were covered with small
dome shaped structures at the end of Day 1 as shown in Fig 3.11 (¢). The Day 7 (Fig
3.11 (D)) CPEGMC/HA construct showed that surface to be completely covered in
bigger but similar domed shaped structures as seen on Day 1. To confirm that the
structures on the film were indeed CaP minerals, elemental analysis of the surface was
done. The elemental analysis of the CPEGMC films with that of CPEGMC/HA(45)
films before and after soaking in 5X SBF shows a marked increase in the wt% of Ca

and P.

Table 3.2. Elemental analysis of CPEGMC and CPEGMC/HA films before and
after incubation in 5X SBF at day 7

No SBF 5X SBF (Day 7)
C(Wt%) Ca(Wt%) P(Wt%h) C(Wt%h) Ca(Wth) P(Wth)
CPEGMC 27.52 0.63 0.94 76.17 12.96 1.67

CPEGMC/HA 29.33 13.3 0.97 6.73 61.13 3.61
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Figure 3.11. In vitro mineralization of CPEGMC/HA films when incubated in 5X
SBF for 7 days. Fig A) and B) shows SEM image of the surface of CPEGMC 0.6
films when incubated in 5x SBF at day 1 and day 7 respectively. Fig C) and D) shows
SEM image of the surface of CPEGMC/HA (45) when incubated in 5x SBF at day
1 and day 7 respectively. Fig C) and D) shows the entire surface of CPEGMC/HA
covered with CaP minerals.
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3.5 Cellular Studies

3.5.1 Osteoblast Surface Seeding on CPEGMC/HA

PEG based hydrogels do not support cell adhesion due to low protein adsorp-
tion [38]. To enhance cellular adhesion CPEGMC and CPEGMC/HA(45) films were
modified by covalently immobilizing collagen on the surface. FT-IR spectrum con-
firms the covalent crosslinking of collagen on the polymer surface (Fig 3.12). Cellular
morphology of osteoblasts seeded on CPEGMC and CPEGMC/HA (45) films were
found to be mostly rounded after 4-8 hours from the initial seeding. Remaining
cell culture media was added to the cell seeded constructs after 8 hours to ensure
maximum possibility of attachment. It was found that the cells on the unmodified
CPEGMC and CPEGMC/HA(45) films either washed away on the addition of media
or still maintained a rounded morphology at the end of day 1 of subculture. However,
collagen modified CPEGMC and CPEGMC/HA (45) film showed enhanced osteoblast
surface attachment. Figure 3.13 , shows photomicroscopes of hFOB 1.19 osteoblasts
on collagen modified CPEGMC/HA (45) stained with CFDA-SE tracer dye films after
day 2 of subculture. CFDA-SE dye stains live cells green as seen in Figure 3.13(A)
and (B). The SEM pictures confirm the presence of the osteoblast attachment and

spreading on the collagen modified surface (Figure 3.13 (C) and (D)).
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Figure 3.12. FTIR spectra of CPEGMC 0.6 and collagen modified CPEGMC films.
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Figure 3.13. Fig A) CFDA-SE dye stained hFOB 1.19 seeded on CPEGMC/HA
film after day 2 of subculture. Fig B) CFDA-SE dye stained collagen modified
CPEGMC/HA surface seeded with hFOB 1.19 after day 2. Fig C) and D) SEM
images of hFOB 1.19 surface seeded on CPEGMC/HA surface and collagen modified
CPEGMC/HA surface respectively.
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3.5.2  Osteoblast Encapsulation

Human fetal osteoblast hFOB 1.19 (ATCC) were encapsulated in CPEGMC
and CPEGMC/HA (30) films. Osteoblasts hFOB 1.19 were mixed in crosslinking
mixture with redox initiators (APS/TEMED) and polymerized. The networks were
found to crosslink in < 15 minutes when incubated at 37 °C. Fluorescent photomicro-
graphs of the encapsulated osteoblasts were taken after staining the hydrogel networks
with LIVE/DEAD assay (Molecular Probes, Invitrogen) where live cells fluoresce
green and cells that are not viable fluoresce red. As shown in Figure 3.14(A) : Os-
teoblasts encapsulated after day 1 in CPEGMC/HA were cryosectioned and stained
with hemotoxylin and eosin. The figure shows uniform distribution of cells within
the polymer/HA network. Figure 3.14(B) shows the SEM picture osteoblasts cell
attached and spread within the cryosectioned CPEGMC/HA film. Figure 3.14(C)
and (D) show CPEGMC/HA and Figure 3.14 (D) and (F) show CPEGMC with os-
teoblasts encapsulated on day 7 and day 21. Figure 3.14 (C),(D),(E) and (F) showed
that the majority of the osteoblasts fluoresce green indicating promising cellular via-
bility of the polymer PEGMC, HA, PEG-DA 3400 and also the redox polymerization
conditions. Osteoblasts encapsulated in CPEGMC/HA (30), Figure 3.14(D) shows
cellular clumps and spreading of osteoblasts indicating that HA has a positive effect

on the osteoblasts.
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Figure 3.14. Human fetal osteoblast hFOB 1.19 were encapsulated using polymer-
ization in CPEGMC and CPEGMC/HA hydrogels. Viability was assessed using
LIVE/DEAD assay. Living cells fluoresce green whereas dead cells fluoresce red. Fig
A) cryostat section of CPEGMC/HA encapsulated with cells stained with H and E
shows even distribution of cells in the polymer HA matrix. Fig B) SEM image of
encapsulated cell. Fig C) and D) LIVE/DEAD stained CPEGMC/HA hydrogels at
day 7 and day 21. Fig E) and F) LIVE/DEAD stained CPEGMC hydrogels at day
7 and day 21.
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Figure 3.15. DNA content of cell/polymer (CPEGMC and CPEGMC/HA )constructs
at days 7, 14 and 21. Samples were performed in triplicate. * represents p < 0.05.

3.5.2.1 DNA Assay

DNA content of hydrogels containing osteoblasts was assessed using PicoGreen
assay and the results are as shown Fig 3.15. At the end of Day 21 of subculture the

DNA content in CPEGMC/HA was greater than that seen in CPEGMC.
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Figure 3.16. ALP content of cell/polymer (CPEGMC and CPEGMC/HA )constructs
at days 7, 14 and 21. Samples were performed in triplicate. * represents p < 0.05.

3.5.2.2 ALP Activity Assay

ALP activity was measured in CPEGMC and CPEGMC/HA (30) hydrogels.
The general trend of ALP activity over 21 days of culture are as follows a) Day 7
showed CPEGMC/HA(10.89 + 0.60 mM) to have a higher ALP activity as compared
to CPEGMC (9.32 + 1.55 mM) (b)Day 14 showed a decrease in ALP activity in both
CPEGMC (8.57 £+ 1.65 mM) and CPEGMC/HA(30)(5.60 + 0.94 mM). (c)However
Day 21 showed an increase in ALP activity for CPEGMC/HA(30) from Day 14. There
was a significant increase in the ALP activity at day 21 between CPEGMC (6.86 +
0.56 mM) and CPEGMC/HA(30) (10.28 £ 2.05 mM)
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Figure 3.17. Calcium content of cell/polymer (CPEGMC and CPEGMC/HA) con-
structs at days 7, 14 and 21. Samples were performed in triplicate. * represents p <
0.05.

3.5.2.3 Analysis of Calcium Content

Calcium deposition by encapsulated osteoblasts in CPEGMC and CPEGMC/
HA(30) showed a similar trend as seen for ALP activity. The general trend followed
over 21 days of subculture of CPEGMC films showed a decrease in the calcium content
from 3.20 £+ 1.59 pg at day 7 to 1.36 £ 0.72 ug at day 21. The calcium content in
the presence of HA decreased at day 14 to 3.52 4+ 0.94 ug from the 4.31 + 1.22 pug of

day 7 and then again showed an increase to 4.46 £+ 1.42 ug at day 21.
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Figure 3.18. DFO drug release profile over time. Desferrioxamine was encapsulated
in CPEGMC hydrogel and the release was measured over 7 days. Error bars represent
standard deviation. (n = 5).

3.6 Drug Release Study
CPEGMC films were crosslinked with DFO drug encapsulated inside. The drug
release profile from the hydrogel was studied for duration of 7 days. The photospectro-

metric absorbance at 440nm confirmed that 80% of the drug release occurred within

the first 24 hours of incubation in PBS (pH ~ 7.4).



CHAPTER 4
DISCUSSION

In this study we have synthesized and characterized a hydrogel named PEGMC.
PEGMC has many properties that make it desirable for use in bone tissue engineer-
ing applications. PEGMC is synthesized by reacting citric acid, PEG and maleic
anhydride in a simple polycondensation reaction. The constituent monomers used
were inexpensive, non toxic and readily available. The reaction of citric acid and
maleic anhydride with PEG results in the formation of ester bonds in the prepolymer
backbone which renders the prepolymer hydrolysable and hence biodegradable. The
rationale behind the selection of the individual monomers include: 1) Citric acid was
chosen because it is a multifunctional monomer, which when reacted with PEG can
produce a polymer backbone with degradable ester bonds. The presence of pendant
carboxyl and hydroxyl groups allows for future biofunctionalization. 2) Maleic anhy-
dride was selected as a monomer to introduce vinyl group in the polymer backbone
in order to crosslink the pre-polymer using free radical polymerization. 3)PEG was
selected as the difunctional monomer to react with the acid to form a polyester chain.
Lower molecular weight PEG was chosen as it is easier to react.

FT-IR analysis confirmed the incorporation of vinyl and ester groups in the
pre-polymer and the preservation of the pendant -COOH and -OH group of the citric
acid. Pre-PEGMC can be crosslinked using two different crosslinking mechanisms.
The presence of the polyfuncational citric acid allows ester crosslinking of pre-PEGMC
through the pendant groups. Additionally vinyl groups from maleic anhydride can be

used in free radical polymerization using UV crosslinking and redox crosslinking. The
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selection of the polymerization mechanism is influence by the targeted application.
Redox polymerization is more advantageous for an injectable application since the
ability to direct light uniformly in different areas of the body is limited. Prolonged
exposure to UV light can also damage surrounding healthy tissue which is overcome
when using redox . PEGMC crosslinking was studied in detail in [1] for both re-
dox and UV crosslinking mechanism. It was found the CPEGMC had lower swelling
properties, reduced sol content and slower degradation rates when crosslinked using
redox.

In our study we designed an injectable PEGMC/HA mixture that can be
crosslinked in situ using redox to yield crosslinked CPEGMC/HA. The crosslinking
environment was studied in detail to ensure the fastest crosslinking time using the low-
est initiator concentration. Pre-PEGMC was initially crosslinked using APS/Ascorbic
acid using acrylic acid as a crosslinker. However for in situ applications it is desired
that the polymer be as close to physiological pH. PEGMC is acidic with a pH ~ 1-2.
The PEGMC was neutralized by adding NaHCOj3; to pH ~ 7. Under more neutral
pH, APS/Ascorbic acid with acrylic acid did not result in PEGMC crosslinking. The
redox initiator combination of APS/TEMED was found to be effective in crosslink-
ing PEGMC at a neutral pH. Another important consideration was the crosslinking
time. For an injectable application it is desired that the gelation time be as low
as possible while keeping the initiator concentration at a minimum to ensure that
the crosslinking mixture is cytocompatible. This was achieved by using polyethy-
lene glycol diacrylate PEG-DA as a crosslinker. Mikos et.al has previously reported
the cytocompatibility of different concentrations of APS/TEMED used in crosslinking
oligo(poly(ethylene glycol)fumarate) (OPF). The study concluded that at higher con-
centrations of 100mM (APS/TEMED) and 500mM (APS/TEMED)the cell viability

was less than 10% after 2 hours. Initiator concentration of 10mM was found to have
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cell viability comparable to the control. To achieve rapid crosslinking (< 15 minutes)
by using the least initiator concentration ( 25mM APS/TEMED ), there was a need
to introduce an additional component to the crosslinking mixture. Poly ethylene gly-
col diacrylate PEG-DA was chosen as the crosslinker. Different concentrations and
molecular weight PEG-DA were tested. PEG-DA (M,,=3400 Da) was found to be
most effective crosslinker. In vitro cytotoxicity tests of different molecular weight
PEGDA using MSCs showed the PEG-DA 3400 showed almost 100% cells were alive
at different concentrations ranging from 10%(w/v) to 0.1%(w/v) [31, 42, 43]. There-
fore changing the polymer, crosslinker and initiator concentrations the crosslinking
time can be controlled .

Mechanical properties of a biomaterial implant for bone should closely match
that of the replaced or reinforced tissue. In the event of compliance mismatch, there
could be loosening of the implant resulting in irritation of the surrounding tissue and
the formation of a fibrous capsule around the implant. This will prevent the forma-
tion of new blood vessels and will cause implant failure due to poor tissue integration.
Compressive strength of human cortical bone ranges between 90 and 209 MPa and
that of cancellous bone lies between 1.5 and 45 MPa. Previous mechanical compres-
sive strength of CPEGMC when hydrated ranged between 8-28 KPa [44]. In our study
we incorporated different concentrations of HA to PEGMC to make CPEGMC/HA
(30), CPEGMC/HA (45) and CPEGMC/HA (60) composites. The hydrated and
non hydrated composites achieved ~ 100% recovery when compressed to 50% strain.
The compressive modulus for hydrated and non hydrated CPEGMC/HA (30) and
CPEGMC/HA (45) were comparable. Increasing concentration of HA resulted in an
increase in the compressive modulus. Repeated cyclic compressive tests to study the
ability of the composites to withstand repeated loading and unloading showed that

the fully hydrated constructs were elastic showing 100% recovery with very negligible



50
hysteresis. Thus the addition of HA improved the mechanical strength of PEGMC

without compromising the inherent elastic properties of the PEGMC.

The implanted biomaterial must be biodegradable. Furthermore the rate of
degradation must closely match the rate of tissue regeneration. Presence of ester
bonds in the PEGMC backbone as confirmed by FT-IR renders the CPEGMC/HA
composites biodegradable. The degradation study showed that lower HA concen-
tration in the polymer network results in faster degradation. This suggests that the
polymer itself is degrading but the HA matrix is slow to degrade. Degradation samples
at all time points maintained their structural integrity and there was no significant
leaching of HA.

Hydroxylapatite(HA) was added to the crosslinking mixture consisting of
PEGMC, NaHCO3, PEG-DA 3400 and redox initiators APS/TEMED. HA has been
widely used in bone related applications due to its similarity to the inorganic CaP
found in natural bone [45]. The ability to induce mineralization resulting in better
tissue integration is an important consideration of bone tissue engineering. The rate
and extent of mineralization can be a directly related to the material’s bioactivity
[46]. CPEGMC/HA composite was crosslinked using different concentrations of HA.
Even at concentration of CPEGMC/HA : 30/70, the crosslinking mixture was in-
jectable and crosslinkable. In this study, addition of HA resulted in the surface of
the CPEGMC/HA (45) films to be completely covered in CaP minerals when place
in 5X SBF. CPEGMC films when incubated in the same solution however showed no
such bioactivity.

High porosity in scaffolds is desirable for tissue engineering applications. Nat-
ural bone morphology consists of trabecular bone which has inherent porosity of 50-
90%. Therefore porosity and pore size of scaffolds used in bone tissue engineering is an

important consideration [47]. We found CPEGMC and its composites CPEGMC/HA
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(30), CPEGMC/HA (45) and CPEGMC/HA (60) created a highly porous structure

when fully hydrated with pore size in range of 100- 400 pm. Previous studies have
shown a minimum pore size of 100 um is necessary for cell infiltration in tissue engi-
neering application. For bone applications, pore size of 300 um is considered optimum
to facilitate bone and capillary formation [47, 48].

In vitro cellular studies were conducted using hFOB 1.19 osteoblasts. Cel-
lular surface seeding of osteoblasts on CPEGMC and CPEGMC/HA films showed
poor cellular attachment. All the attached cells on the unmodified CPEGMC and
CPEGMC/HA surface had a rounded morphology with minimal cellular spreading
[38]. The films were modified by covalently immobilizing collagen on the surface.
On modification of the surface, there was a significant improvement in osteoblast
attachment. Modification of surface with collagen improves osteoblast attachment
due to the presence of N-containing groups such as amine on the surface. A small
number of these amine groups could be positively charged due to protonation in the
culture media thereby providing preferable sites for attachment [49] . Collagen mod-
ified CPEGMC/HA films showed better cellular attachment compared to CPEGMC
films. This confirms that HA promotes greater osteoblast attachment [39].

Cellular encapsulation in hydrogels has numerous advantages. Cells can be de-
livered easily in an injectable system to the desired site. As the hydrogel crosslinks
in situ, the crosslinking solution can penetrate into the surrounding tissue resulting
in better adhesion of the scaffold minus the glues and sutures. Also injectable system
will result in ease of administration and avoid the difficulties in making scaffolds of
different dimensions as the injectable solution will fill and crosslink according to the
gap that exists. Considerations for designing a suitable hydrogel for cell encapsulation
are many. The polymer should be water soluble. The crosslinking conditions must be

mild and cytocompatible. On encapsulation, the hydrogel should allow enough room
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for the cells to grow and also allow easy exchange of media and other nutrients. The
rate of degradation of the hydrogel should match the rate of tissue regrowth. Hydro-
gels that are covalently crosslinked are more desirable as the mechanical, degradation,
extent and time to crosslink can be better controlled [50]. We evaluated the suitabil-
ity of osteoblast encapsulation in CPEGMC and CPEGMC/HA films. Fluorescent
photomicrographs of encapsulated osteoblasts using LIVE/DEAD assay showed that
osteoblast encapsulation in CPEGMC/HA showed greater cell number at day 21. Os-
teoblast viability was studied using DNA assay. Total DNA content reduced at day
14 but increased at day 21 for both CPEGMC and CPEGMC/HA films. Osteoblast
activity in CPEGMC and CPEGMC/HA were evaluated by measuring the ALP ac-
tivity and calcium content. ALP in the presence of HA was found to be greater at
day 21 as compared to CPEGMC. ALP is considered an early marker for osteoblas-
tic differentiation. ALP is an ectoenzyme, phosphatase that is associated with cell
membrane which is considered an early indicator of osteoblast differentiation and
early ECM mineralization. Calcium is a late osteogenic differentiation marker for
osteoblast acivity. ALP activity and calcium content increased on day 21 after re-
ducing at day 14. The ALP and Calcium content was more prominent in the case of

CPEGMC/HA [48, 51].



CHAPTER 5
CONCLUSION

We have developed a citric acid based injectable composite PEGMC/HA that
can be crosslinked in situ with free radical initiators. The PEGMC was synthesized
using simple polycondensation reaction. Addition of HA with suitable crosslinker
and initiator resulted in the formation of CPEGMC/HA. These hydrogels composites
had tunable mechanical properties and degradation profile. Collagen modification of
surface improved cellular adhesion. Cellular encapsulation of hFOB 1.19 osteoblasts
showed good viability and cellular activity as determined by ALP activity and cal-
cium content. Thus, CPEGMC/HA can be evaluated as a minimally invasive in situ

crosslinking biomaterial for bone tissue engineering.

53



CHAPTER 6
FUTURE RECOMMENDATIONS
1) In vivo study of the injectable polymer will help in evaluating if the injectable
CPEGMC/HA composite can induce bone regeneration.
2) To achieve a long term release of DFO from the hydrogel and study the possible

complementary effect on angiogenesis.

3) To study the mechanical properties of decellularized bone reinforced with CPEGMC/HA.
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