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Abstract

A series of experiments were carried out to address the lack in therapeutic cell/drug
delivery devices capable of targeting moving tissues and organs. First the in vivo
angiogenic response to dual growth factor delivery by an in situ polymerizing
hyaluronic acid hydrogel was investigated via direct elicited microvessel counts.
Second a HA-silk biocomposite was fabricated, physically characterized and its
potential use as an implantable drug or cell delivery vehicle established. Finally,
hydrogel composition was optimized for survival and growth of cells encapsulated
prior to hydrogel polymerization. The combination these experiments should lead to
the development of a securable non-tissue site specific biocomposite capable of
sustained cell growth and drug delivery as well as fostering an angiogenic response in
and around the implant site.
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1 Introduction

1.1 Problem statement
Although in vivo delivery of therapeutic cell lines has been attempted by many
other groups, at present limited success has been reported2. A scaffold is critical for
cell delivery because it allows for among other things; cell attachment, cell migration
and exchange of vital metabolic material. The use of hydrogels as cell delivery
matrices is one of the most widely employed delivery approaches because of they are
biocompatible and have mechanical properties similar to soft tissue 3, 4. However,
two major problems arise with such systems. The first is that as with all hydrogel
scaffolds, they are too weak to be fixed onto tissue, effectively limiting application to
areas accessible via injection. The second major difficulty in maintaining
encapsulated cell lines in scaffolds is ensuring the cells are able to receive nutrients or
eliminate waste products. A potential solution to the first issue is the incorporation
of a stiff biocompatible material that would allow fastening of the hydrogel to
moving or expanding tissue, such as heart or lungs. To address the second concern,
the incorporation of angiogenic growth factors could be used to stimulate a new
vascular network to grow in and around the cell containing matrix.
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1.2 Background

1.2.1 Biomaterials
1.2.1.1 Hyaluronic Acid
Of the naturally occurring extracellular matrix (ECM) proteins and
glycosaminoglycans (GAGs) that have been used to fabricate biocompatible implants
and devices, hyaluronan (HA) is especially interesting for its biocompatibility and
well studied physico-chemical properties. HA is an anionic biopolymer that forms
the major GAG component of the ECM. HA is the only non-sulfated GAG, HA
consisting of repeating disaccharide units, (Figure 1a), with an overall molecular
weight (MW) between 100 kDa and 5000 kDa.5-7. The adult human body contains
approximately 15 g of HA, 33% of which is replaced daily8. Present in all connective
tissues, HA forms a scaffold for binding other large GAGs and proteoglycans 9,
which are maintained through specific HA-protein interactions.
HA is degraded in vivo by hyaluronidases (HAses), a family of six different
enzymes that each differently cleave HA chains by hydrolysis into shorter
fragments10 1. Short (<20 monomers) HA oligomers (o-HA) are an important
example of products generated via hyaluronidase mediated HA degradation11. It has
been shown that presence of these short chains increases dramatically at sites of
injury, inflammation and in tumors12. This increase is thought to be caused by
increased HA content, HA receptor availability, and presence of HAses12, 13 . These
shorter HA fragments are highly bioactive and have been shown to interact with a
variety of cellular pathways, including angiogenesis. These interactions are not
otherwise possible with long chain HA (n-HA)14.
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HA also supports maintenance of the extracellular space and provides an
open, hydrated structure for the passage of nutrients. HA promotes cell motility and
proliferation, influences morphogenesis, wound repair, inflammation and metastasis,
all through direct cell-cell and cell-matrix interactions13, 15, 16. HA-cell specific
interactions occur through cell-surface HA receptor glycoproteins, often times
cluster determinant molecule-44 (CD44)16. Specifically o-HA can cluster and thus
activate the CD44 receptors which activate intracellular signaling cascades16. Other
receptors that mediate the cellular response to HA fragments are Receptor for
Hyaluronan-Mediated Motility (RHAMM)17 and Toll-Like-Receptor-418. These
receptors allow high molecular weight n-HA and o-HA to promote endothelial cell
proliferation and migration17, 19, promote and inhibit20 angiogenesis21 and sprout
formation22, 23. These properties are of critical importance in tissue repair and cell
viability, making HA an excellent building block for therapeutic biomaterials.

1.2.1.2 Heparin and Gelatin
Heparan sulfates are known to sequester growth factors in the ECM.
Heparin (Hp) is a mimic of these heparin sulfate and also shows the ability to
sequester growth factors, primarily through electrostatic interactions between N- and
O-sulfated residues of heparin and the lysine and arginine residues of growth factors
(GFs)24-28. Heparin binding is thought to control GF release in vivo and stabilize GFs
against thermal denaturation and degradation by ECM proteinases, while retaining
their bioactivity24. In addition, small amounts Hp in HA-based gels have successfully
regulated the rate at which growth factors are released from the gels in vitro24 and
augmented elicited in vivo vessel maturation and functionality24, 25, 29. Initial studies of
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in vivo delivery of two cytokines in a mouse ear pinna model produced microvessels
organized into recognizable tubular networks filled with erythrocytes30, 31.
Gelatin (Gtn) is hydrolyzed collagen, and as with natural collagen, gelatin has
often been chosen as a bioscaffold base or as a supplemental scaffold constituent.
Such is the case because gelatin retains much of the native collagens ability to serve
as a substrate for cell adhesion and promote expansion29, 32, 33. Collagen is the main
fiber constituent of mammalian connective tissue 34 and has long been used as a
tissue engineering material due to its biocompatibility35, biodegradability35, 36,
abundance in nature36, and natural ability to bind cells37.

1.2.1.3 Chemically modified HA, HP and Gtn
Recently chemically-modified forms of HA, Hp and Gtn have been created
that allow for intra- and intermolecular crosslinking38. Thiol- modified variants can
be used to produce hydrogels that are greater then 96% water38, making them a
modular39, clinically-relevant40 material which can be customized with specific
compliance to recreate a three-dimensional cell culture environment41. The thiol
modified ECM components are crosslinked using poly(ethylene glycol)-diacrylate
(PEDGA) (Figure 1b). This allows for the creation of chemically crosslinked HAGtn hydrogels along with Hp containing gel variants. As described above the Gtn
often serves as a supplement to many other biomaterials because of it
biocompatibility and natural ability to augment cell binding, while addition of Hp can
help modulate hydrogel drug release.
In an in vivo study injectable thiol-modified HA hydrogels were evaluated for
effectiveness in repair of osteochondral defects in rabbits42. It was found that
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a

b

Figure 1. (a) Chemical structure of single repeating disaccharide hyaluronan unit.
Adapted from Pardue et al.1 (b)Chemical structure of modified HA, Hp and Gtn, as
crosslinked by PEGDA
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filling the defects with the hydrogel produced regeneration of both bone and
cartilage tissue42. In the same osteochondral study injectable gels containing
mesenchymal stem cells (MSCs) were injected into the defects. It was found that
the addition of MSCs completely filled the osteochondral groove, producing a
firm, elastic, cartilage with better integration of the new and original cartilage
compared to the hydrogel alone42. Finally numerous studies evaluating the in vivo
angiogenesis response to HA based hydrogel have been conducted. This research
has demonstrated modified HA-based hydrogel gels can be effectively used as
drug storage and delivery vehicles7, 24, 30. Specifically these studies looked at
hydrogel based growth factor delivery into mouse ear pinnae. These gels
produced a strong neovascularization response and minimal immune response7, 24, 30.
Modified HA-based gels can successfully support cell growth43, and demonstrate
numerous applications in tissue engineering and drug delivery30, 38, 44 making them a
good biomaterial candidate for an engineered ECM .

1.2.1.4 Silk
Silk produced by the silkworm Bombyx mori is a fibrous protein with at
least two major components, light and heavy chains of MW 25 and 390 kDa,
respectively45, 46. Fibroin chains form tightly packed fibers as long as 2 km,
which derive structural integrity from extensive interchain H-bonding. Natural
silkworm fibers are encased in a coat of sericin, a family of glue-like proteins47
which must be purified, degummed, from the fibroin for use in tissue
engineering47-49. Even after degumming, the silk fibers maintain high mechanical
integrity. The tensile strength of de-sericinized fibroin is 15-17 GPa50, at
7

elongations of up to 16% at breaking50. Silk fibroin can be solubilized and
processed into various formats including porous sponges, films, gels, fibers and
mats49, 51-54. The silk fibroin can be designed to degrade over controlled periods
of time, ranging weeks to years, depending on processing protocols55-57.
Of particular interest are silk mats generated using electrospinnig techniques.
Electrospinning is a process developed in 1914, in which a liquid solution is charged
with a high electric potential58, and extruded to create fibers. Briefly the charged
solution is forced through a capillary needle, via a syringe pump, under which lies a
grounded collector plate. The electric potential between the charged solution and the
grounded plate exerts a tensile force on the solution pulling it from the capillary tip59.
Surface tension between the solution and the needle will keep the droplet from
falling until a critical voltage is reached. At this point, a fiber jet ejects from the
suspended droplet60. The fiber is believed to dry as it is whipped around on its way
towards the collector plate61, 62. By tuning various solutions and processing
parameters, (i.e applied voltage potential, collector plate distance, pump rate, solution
concentration and humidity) the fiber diameter and strength can be manipulated60, 63.
Once processed to become water insoluble, usually by methanol treatment63,
the resulting randomly align fiber mats can be used for numerous tissue engineering
applications. Tubular variants of silk electrospun mats have been evaluated for
potential applications as small diameter vascular grafts64-67. Wound healing
applications have used functionalized electrospun silk mats-based dressings to induce
cell growth and accelerate wound healing process68-71. Additionally silk mats have
been used for bone72-74 and cartilage75, 76 regeneration applications, demonstrating the
versatility of these silk based scaffolds in tissue engineering.
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1.2.2 Angiogenisis
Angiogenesis is the process of new blood vessel formation from existing
blood vessels, and is essential in providing nourishment to newly forming tissue both
during normal development as well as during tissue regeneration1. The body balances
vessel formation via both angiogenic -stimulating and inhibition factors1. Stimulating
factors, often times cytokine growth factors (GF), can be delivered in vivo or in vitro
to initiate local angiogenesis1. Of the numerous available GF vascular endothelial
growth factor (VEGF), keratinocyte growth factor (KGF) angiopoiten-1 (Ang-1) and
platelet-derived growth factor (PDGF) have been shown to strongly stimulate a
mature angiogenic response77, 78.
VEGF is a strong promoter of angiogenesis, but large doses tend to produce
highly fenestrated capillary vessels similar those found in tumors79, 80. KGF appears
to act in the latter stages of blood vessel maturation by stabilizing epithelial borders
aiding to create a mature vessel81. Ang-1 is associated with the Tie family of
receptors, and appears to play a role in organization, vessels survival as well as
stabilization82-84. PDGF has been shown to aid up regulation of VEGF mRNA
expression and thus indirectly stimulate angiogenesis85-87. Supplying these growth
factors individually or in combination has been demonstrated to produce a
substantial neovasculariztion in vitro and in vivo 24, 33, 88, 89. In addition o-HA fragments
have been implicated in variety of cellular pathways, including stimulating VEGF
expression7, 90. HA-based GF delivery vehicles, including films and hydrogels, have
produced increases in the initial and long term neovascularization response7, 33.
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1.3 Current State of the Cell Delivery Field
Microencapsulation is a technique in which cells and potential drugs of
therapeutic value are embedded into small spherical bodies, usually composed of a
hydrogel center and a more robust stiff outer shell34. Variants of these microcapsules
have been used to successfully deliver therapeutic cells for a number of diseases.
One study made use of chinese hamster ovary cells engineered to express VEGF,
and deliver them via micocapsules into infarcted myocardiums of mice91. Twentyone days post delivery, there was minimal inflammation, augmented angiogenic
response and improved overall heart function91. Goren et al. encapsulated genetically
engineered cells that expressed an angiogenesis inhibitor, hemopexin like protein.
The results of this study revealed a significant reduction in the tumor volume,
increase in tumor cell apoptosis, decrease in blood vessel formation and tumor cell
proliferation92.
Although microencapsulation has demonstrated a good capability for cell
delivery, it has two major drawbacks. The first is the fabrication of these carriers
often requires multiple steps and depending on the materials used, treatments can be
quite harsh34. These harsh conditions have been shown to affect cell survival and
eventual success of the implants34. The second major issue is that the microcapsules
must be injected directly into the target site, which depending on the disease may not
be trivial.
To overcome the above problems, a biological composite, much like the one
described in this work, has recently been developed. Amanadine et al. used
decellularized human myocardium sheets, composed of only ECM elements, upon
which they placed a cell-doped fibrin hydrogel glue93. The idea was that the gel
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would act as the cell encapsulating component and the decellularized tissue would
serve to fix the gel onto a variety of sites in the body. This composite could
overcome the limitations associated with delivery of microcarriers and gels only to
areas accessible via injection. Mesenchymal progenitor cells were used as the
therapeutic cell line. The implants produced an enhanced vascular network around
the infarcted site93.
The major issues with this composite are related to concerns accompanying
the use of decellularized tissue. Decellularization processes, regardless of intensity or
method, causes at least some ECM disruption94. Chemical decellularization removes
cell surface antigens but interferes with basement membrane proteins necessary for
cell sustainability, as well as mechanical integrity95, 96. Additionally sterilization
techniques such as autoclaving, gamma irradiation, or ethylene oxide gas
exposure are often damaging to the ECM, or leave behind toxic residues97-100 .

1.4 Encapsulated Cells
The delivery of cells via any biological transport vehicle is not an insignificant
problem. Cells seeded for therapeutic activity often produce a strong host immune
response 101, 102. The accompanying inflammatory reaction in the microenvironment
surrounding the implant is frequently enough to cause the death of the encapsulated
cells103, 104. To overcome such issues two approaches have been examined. The first
approach involves co-administration of cells and anti-inflammatory drugs, aimed to
suppress eventual immune responses 104, 105. L292-fibroblast cells were encapsulated
into dexamethasone containing alginate gels. It was found that the dexamethasone
capsules prevented fibroblast overgrowth in the capsules in vivo105. In a similar in vitro
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study antifugal amphomericin B, was incorporated into liquid spheres and small
airway epithelial cells were exposed to the drug containing spheres106. These drug
loaded spheres did not induce toxicity or production of inflammatory cytokines
and nitric oxide106. These co-encapsulation techniques have been successful in
decreasing macrophage adherence to the along with increasing cell viability and
therapeutic efficacy104-106.
The second approach makes use of naïve cells such as stem cells, in order to
reduce or completely avoid an immune response. In one study, human mesenchymal
stem cells were successfully used as long-term in vivo sources of cancer therapeutic
factors, demonstrating improved biocompatibility of the implants tested92. In the
hydrogel-decellularized tissue composite described above, mesenchymal progenitor
cells were used to promote a strong in vivo vascular network while at the same time
producing a minimal immune response 93.

1.5 Research Aim
The aim of this research is to develop a bioscaffold which can be directly
fastened to moving or expanding tissue, and can sustain cell growth and
vascularization while at the same time serving as a delivery vehicle for drugs and
therapeutically relevant cells. The first objective is to quantify the elicited
microvascular response of growth factor delivery in vivo. The second objective is to
develop a silk reinforced hydrogel with mechanical properties sufficient to allow
fastening to moving tissue. If the implant is capable of establishing its own
microvascular network, as is ultimately intended, this should allow for effective
therapeutic delivery as well as potential cell ingrowth and tissue regeneration. This
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potential for tissue regeneration and effective drug delivery serves as the motivation
for the first set of experiments. The motivation for combined aims one and two was
to create a novel biocompatible, biodegradable device that can be used to target most
tissue or organs in the body. Currently there are few devices capable of delivering
therapeutic drugs to organs or moving tissue, such as the heart, lungs or stomach.
The devices that do exist are difficult to administer, often times painful, and not
effective when the target site is deep with in the body.
It is the goal of the last series of experiments to generate a hyaluronic acidbased hydrogel which can best support cell growth in vitro in the presence of
angiogenic growth factors intended for eventual in vivo delivery. The motivation for
these experiments is to ultimately incorporate cell lines capable of producing and
releasing products of therapeutic relevance. Currently effective treatments to
conditions caused by organ or tissue dysfunction are direct replacement of the
lacking product. The replacement is most commonly delivered via injection or an
oral format such as a pill. However these treatments are often painful, ineffective
and require constant monitoring. The hope is that by incorporating therapeutic cells
we can regulate the production of the drug depending on physiological conditions
and deliver it to the target site with minimal patient discomfort and involvement.
The sequential incorporation of what is learned from the three independent
experiments will add to the current scientific knowledge base for cell viability and
encapsulation. It is hoped that the developed biocomposite may one day be a viable
delivery vehicle for therapeutic cell lines capable of targeting a broad spectrum of
diseases.
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2 Materials and Methods

2.1 Hydrogel Solution Preparation
Hydrogel solutions were prepared using commercially available thiol
modified hyaluronic acid, (Glycosil ®; Glycosan Biosystems), gelatin, (Gelin-S ®;
Glycosan Biosystems) and heparin (Heprasil ®; Glycosan Biosystems). Lyophilized
Glycosil Gelin-s, and Heprasil were separately dissolved according to manufacturer’s
instruction in DPBS (Invitrogen) to obtain 50 mg/ml solutions. Poly(ethylene
glycol)-diacrylate ( Mw 3400; Glycosan Biosystems) was used as a cross-linker for the
HA and Gtn solutions (Figure 1b). Lyophilized PEGDA was prepared at 25 mg/ml
in DPBS. To obtain the recommended 1:2 ratio of acrylate to thiol functionalities
HA and Gtn were mixed in a volume ratio of 4:1 to the PEGDA.
When described, growth factors were non-covalently incorporated into the
hydrogels prior to the addition of PEGDA crosslinker. The lyophilized growth
factors VEGF (human recombinant, 165 amino acid, MW = 38.2 kDa; Peprotech),
KGF (human recombinant, 163 amino acid, MW = 18.9 kDa; Peprotech0, Ang-1
(human recombinant, 476 amino acid, MW = 66 kDa; Peprotech) PDGF-AA
(human recombinant, 25 amino acid, MW = 25 kDa; Peprotech) were reconstituted
according to the vendor’s instructions and then diluted to a working concentration
of 25 µg/ml.
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2.2 Experiment 1: Stimulation of in vivo Angiogenesis
In this experiment all steps other than data analysis were carried out by students and staff at
Oregon State University. Data analysis was carried out by Roberto Elia

2.2.1 Chemical Synthesis and Hydrogel Preparation

Thiol-modified HA, Gtn and Hp were used to create in situ curing hydrogels.
Briefly, four sets of HA-based hydrogels were prepared: HA, HA:Hp, HA/Gtn and
HA/Gtn:Hp. HA and Gtn were incorporated in a 1:1 volumetric ratio, while Hpcontaining set, gels were fabricated with different Hp concentrations, 0%, 0.03% or
0.3% w/w relative to total HA or HA/Gtn. In all case reconstituted PEGDA
crosslinker was added in a volume ratio of 4:1.
As described previously, growth factors were non-covalently incorporated by
mixing them with the dissolved HA-DTPH solution before crosslinking.
Experiments were performed with concentrations that resulted in 25 ng of each
growth factor delivered to the animal for non-heparinized gels. However, 100 ng of
each was delivered in heparin-containing gels, to compensate for the slower
anticipated release. Non-heparinized cases included (i) an HA gel preloaded with
VEGF and KGF (ii) an HA gel preloaded with VEGF and Ang-1 (iii) an HA gel
preloaded with VEGF and PDGF (iv) an HA/Gtn gel preloaded with VEGF and
KGF (v) an HA/Gtn gel preloaded with VEGF and Ang-1 and (vi) an HA/Gtn gel
preloaded with VEGF and PDGF. Heparinized cases included the same GF and
HA/Gtn combinations as experiments (i-vi), but with either 0.03% or 0.3% Hp
(experiments vii-xviii). There was also a sham surgical case in which a pocket was
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formed but no implant was delivered (experiment xix).

2.2.2 Surgical and Experimental Procedures

All procedures were carried out with the full approval of the Oregon State
University Institutional Animal Care and Use Committee. Male Balb/C mice aged 68 weeks were anesthetized using 2.5% isoflurane with an inhalation anesthesia system
(Summit Medical Equipment, Inc., Bend, OR). Once a deep general anesthetic plane
had been reached, a shallow 4-5mm incision was created through the superficial skin
on the posterior pinna of the right ear. A blunt probe was inserted through the
incision, and a 5-mm pocket created under the skin.
Hydrogel solutions were mixed at room temperature immediately prior to
delivery, and 50 µL aliquots of the gel solutions were injected into the ear pocket
prior to curing. The ear was held in a fixed position until a gelled bolus formed in
situ in the pocket, and the incision was allowed to close without sutures. Mice
recovered without incident within 5-10 minutes after these brief surgeries, and the
incisions healed in 2-3 days (Figure 2).
On days 7 or 14 post implantation, the mice were anesthetized by overdose
of isofluorane (5%) and sacrificed by cervical dislocation. Both the surgical (right)
and contralateral ears were retrieved and fixed in formalin. The ears were then
embedded in paraffin, thin sectioned parallel to the pinna surface, and stained with
hemotoxylin and eosin (H&E). Microvessels were counted directly from the slides at
400× magnification after identification marks on each slide were covered so the
observer was blind to treatment group under observation. Ten locations per ear
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from within the pocket area, were selected at random for quantification resulting in
microvessel density representative of that ear.

Figure 2. Diagram of mouse model, showing implant placement / injection site in
the ear pinna
2.2.3 Data Analysis
A total of 6 animals (n = 6) received implants for each treatment case and
each time point. Microvessel density data are presented as mean ± standard
deviation. To minimize the effects of intra-observer variability, a protocol had
previously been developed in the Peattie lab to standardize vessel counts. A standard
set of 22 slides from 11 treatment cases were set aside and vessels in them counted
by each member of the laboratory. Group averages were then calculated, and a
correction factor determined for each individual observer. This correction
procedure has been applied to all the data presented in this thesis work. The vessel
counts were performed independently by two observers, and data from both
observers is presented in the results.
To distinguish between the number of vessels present before surgery, those
induced by the surgical procedure alone and those produced by the individual
treatments, a dimensionless Neovascularization Index (NI) was defined as7, 29,
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NI =

(treatment − CL ) − ( sham − CL )
mean CL

(1)

where (treatment − CL ) refers to the vessel count from the implanted ear of a
particular animal minus that of its contralateral ear, averaged over all the animals in a
particular treatment group, ( sham − CL) represents the same quantity for a sham
surgery control case that underwent pocket formation but received no implant, and
mean CL is the average count from all contralateral ears over all treatment groups.
NI represents the number of additional vessels present post-implant in a treatment
group, minus the additional number due to the surgical procedure alone, normalized
by the average contralateral count. Statistical significance was determined using a
two-way ANOVA and post hoc Fisher’s PLSD analysis (StatView 5.0, SAS
Institute Inc., Cary, NC), with significance taken at the level p≤ 0.05.

2.3 Experiment 2: Composite Hydrogel

2.3.1 General Silk Fibroin Solution Preparation
Japanese Bombyx mori silk cocoons were cut and placed into boiling 0.02M
Na2CO3, (Sigma Aldrich, ≥99.5%, anhydrous) for 40 minutes to degum the sericin
component and isolate the silk fibroin protein, as previously described48, 53. Isolated
silk fibroin was then washed three times for 20 minutes in deionized water and
allowed to dry for 24 h. Dried silk was dissolved in 9.3M LiBr at 60°C for 3 h,
producing a 20% w/v solution. The silk solution was then placed into dialysis
18

Cut cocoons, boil and
let silk dry
Disolve dry silk in
lithium bromide
solution

Place dissolved
silk into dialysis
cassettes

Once dialyzed
obtain a 5-8% w/v
silk solution

Figure 3. Silk processing overview

cassettes (Slide-a-Lyzer dialysis cassettes 3500 MW-cutoff; Pierce) and dialyzed
against deionized water for three days to remove excess ions (Figure 3). After
dialysis the solution was removed from the cassettes and centrifuged at 10,000 rpm
to remove remnant non-dissolved fibroin or debris. Typical concentration of post-
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dialysis silk fibroin solutions ranged from 5.0-8.0 wt%, which was calculated by
weighing the remaining solid silk film after drying.

2.3.2 Silk Electrospinning and Mat Preparation
2.3.2.1 Silk Solution Preparation
In order to be effectively electrospin low concentration silk solutions,
typically lower than 15% w/v, require the addition of polyethylene oxide (PEO
900,000 g/mol; Sigma Aldrich)53. The PEO serves to increase viscosity, improve
solution constancy and generate stable, continuous spinning72. 5% w/v PEO
solution was created and added to the dialyzed silk fibroin in a volume ratio of 4:1,
generating a final 7.5% w/v solution72.

2.3.2.2 Silk Electrospinning and Processing
Fibrous silk mats were created following previously described silk
electrospinning techniques 107, 108. Briefly electrospinning was performed with a
1.5mm steel capillary tube mounted on a fixed, stainless steel circular focusing plate.
A high voltage power supply was used to maintain both the capillary tube and
focusing at a high electric potential relative to a grounded collector plate, ~12 kV.
The collector plate was covered with a sheet of non-stick aluminum foil, which was
grounded to the power supply using 18 gauge wire. Silk/PEO solutions were then
delivered through the capillary tube at a semi-constant volumetric flow rate via a
syringe pump (Thermo Orion Sage Inc., model 361). As the silk solution comes in to
contact with the capillary tube it is charged, creating an electric potential between the
solution and the grounded collection plate (Figure 4a). The distance between the
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capillary tube and the collection plate was maintained at 2 cm/kV, allowing for a
stable jet to form and deposit randomly oriented fibers74. Approximately 20 ml of
silk/PEO were used to make initial circular mats approximately 100µm thick and
with a radius of 5 cm.
a

b

c

Figure 4. Creation of electrospun mats (a) Schematic diagram of elecrospinner, high
voltage power supply charges silk solution. The solution is pumped through capillary
needle and dries as it is wiped toward the grounded collector plate. (b) Surface image
of electrospun silk mat. (c) Surface SEM of silk electrospun mat
The electrospun mat was then soaked in 70% methanol for 10 minutes to
induce β-sheet formation, making the mats resistant to dissolution in water63. While
wet, the mats were removed from the collector plate and allowed to air dry for 30
minutes on a sheet of parafilm (Figure 4b). A series of 25 mm disks were then cut
from the larger silk mat, and pores were punched through the silk disks using an 18
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gauge needle to allow the hydrogel solution to crosslink through the silk mat (Figure
4c), improving the integrity of the eventual composite.

2.3.3 Composite Gel Preparation
As with the in vivo experiments, thiol modified hyaluronic acid based
hydrogels were crosslinked using PEGDA. Both HA and Hp were reconstituted in
aqueous 5% glycerol to give a concentration of 50 mg/ml. This solution was again
crosslinked to form a hydrogel by mixing with 25 mg/ml PEGDA in a volume ratio
of 4:1. Hp was included in all drug containing gels, and HA only gels were used for
all other experiments.
The 25mm silk disks mat was set on the bottom of a 26mm diameter
cylinder, and HA/Hp solution was mixed with PEGDA and injected under the silk
mat. As the hydrogel solution was injected, it lifted the mat from the base of the
cylinder. Slow injection of the hydrogel solution allowed hydration of the silk mat
and flow of solution through the prepunched channels as well as through the mat
meshes itself. In order to create a composite with a centrally encapsulated silk mat,
hydrogel solution was also injected directly on top of the mat. Gel thickness above
and below the silk mat was typically 4mm (Figure 5 upper).
For implantation and characterization small gels 8mm were punched from
the 25 mm composite. An 8 mm biopsy punch was used to extract 5 individual gels
from each larger composite (Figure 5 lower). These composites were allowed to fully
cure at room temperature for 3h.
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Figure 5. Composite hydrogel containing physically crosslinked silk mat in center,
Top 25 mm composite, Bottom 8 mm punched gel for implantation and testing
2.3.4 Gel Cure Time and Density
The cure time was considered to be the amount of time for the gel solution to
become too viscous to pour. Composite hydrogels were cast as described above and
the cylinder containing the hyrdrogel was slowly tilted and momentarily held at 45O.
This process was repeated every 15 seconds until the gel was no longer fluid.
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The above described 8mm gels were used to evaluate composite gel densities.
The hydrated thickness (Tw) of each hydrogel was measured using a uniaxial
mechanical tester (Instron Inc., Model 3366) set up in compression configuration.
Gels were placed on a fixed bottom platen while the top platen was slowly lowered
onto the hydrogel, the computer was used to carefully control top platen
displacement. Density was calculated as gel weight per unit volume, and was
evaluated for both wet and dehydrated gels.

2.3.5 Equilibrium Swelling Ratio and Swelling Kinetics
For swelling ratio calculations, a cured 25mm composite gel was submerged in
a petridish containing pH 7.4 PBS and allowed to equilibrate for 72h at room
temperature. 8mm gels were cut from the large composite and the thickness,
diameter and weight were measured (Tw, Dw and Ww, respectively). Thickness was
obtained using the Instron as described above, the diameter was considered to be
8mm and weight was measured using a digital balance. (Acculab AL-104). The gels
were then allowed to dry for 7 days in an open petridish at room temperature, and
dry thickness, diameter and weight were measured (Td, Dd and Wd). The swelling
ratio was defined as the ratio of the hydrated to dehydrated gel volumes,
SW = Vw/Vd.
To quantify swelling kinetics, the thickness and diameter of the composite gels
were monitored simultaneously. In order to make the gel boundary stand out on
camera a small amount of dye was incorporated into the hydrogel, prior to the
addition of PEGDA crosslinker . This colored gel was allowed to dry at room
temperature for 7 days. Using an 8mm punch, disks were cut from the dehydrated
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composite. Dry disks were placed in a Petri-dish positioned on a microscope stand,
with a camera (Olympus Inc., Model BX41) oriented to image the top of the disk.
This camera was used to measure the diameter of the gels. A second camera was
positioned to record the gel thickness. The two cameras were synchronized, and
swelling was initiated by addition of PBS. The gel volume was the calculated from
still images and swelling kinetics tracked every minute for the first 10 minutes and
then at 20 and 60 minutes.

2.3.6 Scanning Electron Microscopy
Scanning electron microscopy was used to observe gel micro-morphology for
both intact composites and composites exposed to hyaluronidase (HAse). Previously
described 8mm gels were allowed to equilibrate in pH 7.4 PBS buffer or complete
media for 24h. A third 8mm gel was allowed to equilibrate for 24h in the presence
of HAse in PBS. The three hydrated samples were frozen on dry ice, and then
lyophilized (Labconco Inc., Model 796002). To observe the intact dehydrated gel
state, a forth 8mm gel was equilibrated in water, then allowed to air dry for 72h at
room temperature and then lyophilized. Environmental scanning electron
microscopy was used to avoid the necessity of sample sputter coating, allowing for
visualization of native surface features (Carl Zeiss Inc., model Supra 55VP).

2.3.7 Thermal Behavior
Thermostability of the composite gels was evaluated by thermal gravimetry
(TA Instruments Inc., Model TGA Q500). The weight loss of 8 mm composite gel
samples was obtained during heating from 23ºC to 800°C at a rate of 10ºC/min.
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Differential Scanning Calorimeter analysis was carried out on a TA
Instruments Model DSC Q100 calorimeter. Profiles of 8 mm dried composite gels
were obtained as the temperature increased from 23ºC to 250ºC at a rate of
10ºC/min under a N2 atmosphere.

2.3.8 Mechanical Characterization
Compressive properties of the HA-silk composite gel were determined using
a uniaxial mechanical tester (Instron Inc., Model 3366) set up in a parallel plate
conformation. Five 8mm gel samples were produced as described above and
allowed to equilibrate in PBS for 60 minutes. Uniaxial compression tests were
performed in a PBS bath to prevent hydrogel fluid loss during compression (Figure
6a). Data was obtained via a 100 N load cell. Gels were first precycled three times at
a rate of 0.5 mm/min for 0.5 millimeters. For the fourth cycle, the compression of
the gel via the top platen was run to completion, again at a rate of 0.5 mm/min.
Young's Modulus of compression, Ec, was calculated using the slope at the linear
portion of the stress (σ) vs. strain (ε) plot, between 10% - 25% stain. (Figure 14 a)
Tensile character of composite hydrogels was quantified by measuring the tear
strength of the hydrated gels. Three individual 14mm composite gels were fabricated
in the same manor as 25mm composite. Once these 14mm gels had cured two
strands of surgical silk suture were looped through opposite ends of the samples.
The free ends of the sutures were fixed in the clamps (Figure 6b), and the samples
were stretched at a rate of 0.25 mm/min. Data were obtained with a 100 N load cell.
Tensile stiffness, E, was calculated for the linear region of the stress-strain curve
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over 10-20% strain. Ultimate tensile strength (UTS) was also obtained from the
measurements.

Figure 6. Gel mechanical characterization (a) composite gel in PBS bath compressed
to failure at 0.5mm/min (b) Composite gel with sutures placed on opposite ends of
the composite, gels pulled to tensile failure at a rate of 0.5mm/min.
2.3.9 Enzymatic Degradation
The rate of composite gel breakdown was analyzed in two ways, first by direct
measurement of mass and then indirectly by evaluation of the rate of FITC-dextran
release

2.3.9.1 Direct Mass Measurement
As described above, 8mm diameter composite gel disks were fabricated and
placed in sealable, pre-weighed vials with complete medium. A single HAse dose of
0, 2, 5, 10, 50, 100, or 150 U/ml was added to individual vials. The gels were stored
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in an incubator at 37°C and 5% CO2. Gels degradation was obtained by removing
the liquid from the vials and weighing the remaining gel mass. The liquid from each
vial was reused for the full time course of the experiment, and HAse doses were not
supplemented. Mass measurements were obtained at twelve hours post-HAse
exposure and once every twenty-four hours thereafter for six days.

2.3.9.2 FITC-Detxran Release
Fluorescein isothiocyanate-dextran samples of molecular weight 4,000, 70,000

or 250,000 Da (FITC-dextran; Sigma Aldrich) were non-covalently incorporated into
HA-silk composite gels prior to crosslinking, at a loading of 0.5 or 1.0 wt%, and
allowed to homogenously mix. After gel curing, 5mm disks were cut from the gels
and placed in wells containing PBS loaded with 0, 3 or 75 U/ml HAse.
Spectrophotometric measurements of FITC-dextran containing supernatant were
used to quantify composite degradation (SpectraMax M2e UV-Vis). For FITCdextran readings 200µl aliquots of the supernatant were placed into a cuvette and
both absorbance (493nm) and fluorescence (Exc. 490nm / Emi. 520nm)
measurements were obtained. The 200µl aliquots were then returned to the original
wells. HAse was administered once with the initial PBS solution, and never
supplemented over the time course of the experiment. Measurements were
performed every two hours for the first 12 hours, then once every twelve hours for
four days.
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2.3.10 In vitro Drug Release
2.3.10.1 Hydrophobic Drug Release
The rate of release of six model hydrophobic drugs from HA-silk composite
gels in was characterized using spectrophotometric readings. The drugs (cortisone,
hydrocortisone, prednisolone, prednisone, dexamethasone and 6αmethylprednisolone) were dissolved in ethanol and non-covalently incorporated into
the HA-DTPH prior to crosslinking. Drug loading was 5mg per 1ml of HA-DTPH
or 10.0 wt% relative to the dry weight of the HA in each gel. 5mm drug-loaded gels
were punched from the as cast 25mm composite and placed into individual wells
containing 2 ml PBS buffer at 37ºC. At a series of times after PBS exposure, 200µl
aliquots of the supernatant were withdrawn from the wells, and drug content
measured via absorbance. The absorbance interrogation wavelength depended on the
drug and ranged from 238-243nm. The 200µl aliquot was returned to the original
well. After completion of the release study, gels were degraded using HAse solutions
and the remaining drug content determined by absorbance.
The 2ml of PBS were considered to be a constant sink given the small initial
drug loading and size for sample composite gel. Drug release was modeled using the
first order kinetic release equation: m(t) = A (1 - e−t/τ). Here m(t) represents percent
of drug present in solution at the time (t). τ is the time constant describing the
release rate of the drug, A is the initial drug loading. For ease of comparison,
concentrations were converted to percentages thus A was taken to be ~100 %
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2.3.10.2 ELISA VEGF Release
As an example of cytokine release from the HA-silk composite gels, the rate of
release of VEGF was evaluated by Enzyme-Linked Immunosorbent Assay (ELISA;
R&D Systems). Fabrication of these gels was similar to previously described
methods, however small gels were individually cast and not punched from the large
composite. Silk electrospun mats were placed into individual wells of a 96 well plate.
Gels were produced using either Glycosil or Heprasil, and VEGF was noncovalently incorporated into these solutions at 10ng/mg relative to the dry weight of
HA. PEGDA crosslinker was added, and as with the large composites, hydrogel
solution was injected through and directly on top of the silk mat. Cases tested
included HA/VEGF 0.0% Hp and HA/VEGF 0.3% Hp. After curing, PBS was
added to each well and the plate was placed on a shaker in a 37°C incubator. At days
0, 1, 4 7, 14, 21 and 42, set of 4 gels were terminated by removing the supernatant
and storing at 80ºC. After all samples were collected, the released VEGF
concentration at each time point was evaluated by ELISA, following manufacturer’s
instructions.

2.3.11 Statistical Analysis
Unless otherwise stated, all measurements were repeated in triplicate (n =
3).Mean and standard deviations were calculated for each experiment. Where
appropriate, two-tailed unpaired Student’s t-tests were performed using StatGraphics
(Herndon, VA). Statistical significance was taken at p < 0.05

30

2.4 Experiment 3: Encapsulation of Cell in Hydrogels

2.4.1 Cell Culture
Recombinant HEK293 cells transfected with red fluorescent protein were
available in the laboratory, and were used for all cell experiments. Cells were grown
on standard tissue culture flasks. Briefly, frozen cells were thawed and resuspended
in DMEM (Sigma Aldrich) medium. The cell suspension was centrifuged for 10
minutes at speeds ranging for 10,000-15,000 RPM. After centrifugation, a pellet of
cells was obtained on the bottom of the centrifuge tube. The cell pellet was
resuspended in complete media consisting of DMEM supplemented with 10 % fetal
bovine serium (FBS; American Type Culture Collection) and 1%
Penicillin/streptomycin (Invitrogen). The cells were seeded onto flasks at a density
of 4,000 cells/cm2. Cells were split or harvested for experiments when 75-85%
confluence was reached. Trypsin-EDTA (0.25%; Invitrogen) was used to detach the
cells for the tissue culture plastic. The cell solution was diluted 10 fold in complete
medium to inactivate the trypsin. A hemocytometer slide was used to estimate
number of trypsinized cells.

2.4.2 In vitro Hydrogel Fabrication
For in vitro cell studies hydrogels were fabricated and cast into individual
wells of tissue culture treated 96 well plates. To fabricate the hydrogels stock 50
mg/ml solutions of HA-DTPH and Gtn-DTPH were combined in a 2.0 mL vials.
HA-Gtn solution was aliquoted into individual wells along with previously
trypsinized HEK293 cells. Cell seeding densities varied based on individual
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experiments; however cell solutions were adjusted to ensure every gel received
exactly 2 µl of cell solution regardless of experimental seeding density. PEGDA
crosslinker was added to each solution at the recommended 4:1 volumetric ratio. The
solutions were mixed by gentle pipetting the mixture up and down for 60 seconds.
Once mixed, the hydrogels were allowed to fully cure at 37°C for 30 minutes. After
gelation, the gel containing wells were filled with complete medium.
In one experiment, the effects of gel thickness and cell seeding were
simultaneously evaluated. For that purpose, hydrogels composed of 1:1 HA-DTPH:
Gtn-DTPH were cast in well plates to constrain gel diameter, allowing for the
creation of thick gels approximately ~500µm and thin gels approximately ~70µm in
height after the addition of cells and PEGDA crosslinker. After curing, 200µl of
complete media was added to the 70µm hydrogels and 100 µl of media was added to
the 500µm gels. The hydrogels were seeded with either 50,000 cells/gel or 25,000
cells/gel, creating 4 cases, thick or thin gels with either high or lower cell seeding
density.
In a separate experiment, hydrogel composition was further altered by
varying HA:Gtn content and growth factor incorporation. For the remaining studies
the final hydrogel height was keep constant at ~100 µm thickness, while the relative
amounts of HA-DTPH and Gtn-DTPH was altered. 50 mg/ml solutions of HADTPH and Gtn-DTPH were combined in 2.0 mL vials at ratios of 1:1, 4:1, 9:1 and
1:0, 50%, 80%, 90% and 100% HA-DTPH respectively.
Finally, to observe the effects of cytokine presence on in vitro cell viability,
growth factors were incorporated at concentration of 1 ng/µl. Using a working
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concentration of 50 ng/ml, approximately 0.5 µl of growth factor solution was added
to the HA-Gtn-cell solution prior to the addition of PEGDA.

2.4.3 In vitro Hydrogel Tissue Culture Maintenance
In order to maintain cell growth and survival, complete media changes were
performed on each hydrogel for the duration of the experiment. Briefly, 96 well
plates were brought into a sterile tissue culture hood and spent media was carefully
removed using a manual pipetter. 200µl of complete media was added to the 70µm
and 100µm gels and 100µl of media was added to the 500µm gels.

2.4.4 Cell Viability Assays: Alamar Blue and MTS
Cell concentration within the hydrogels was measured using Alamar Blue ®
and MTS cell viability and proliferation assays. The Alamar Blue ® and MTS assays
were performed on alternating days for the first week as well as on day 10, 14, 18 and
21. 150µl of media was removed from the hydrogels and 20µl of assay was added.
After 2 hours of incubation the plate was read on a spectrophotometer plate reader
(SpectraMax M2e UV-Vis). For the Alamar Blue treatments, the cells were excited at
570nm and the emission measured at 610nm. For the MTS, gels absorbance was
measured 490nm. Mean +/- standard deviations were calculated based on the three
independent gel readings. Emission and absorbance were correlated to cell numbers
and used for growth ratio calculations
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2.4.5 Growth Ratio
Growth ratios were calculated by dividing the number of cells at day three,
five, seven and fourteen by the initial number of cells seeded. Direct comparisons of

GR =

Cell count day X
Cell count day 0

(2)
growth ratios were used to determine the optimal hydrgel composition. Where

appropriate, two-tailed unpaired Student’s t-tests were preformed using StatGraphics
(Herndon, VA). Statistical significance was taken at p < 0.05
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3 Results and Discussion

3.1 Experiment 1 Stimulation of in vivo Angiogenisis
In vivo microvessel development in response to implantation of gels that were
allowed to undergo in situ gelation was assessed in an ear pinna model for a series of
control and experimental conditions. Cases included (i) a HA gel preloaded with
VEGF and KGF (ii) a HA gel preloaded with VEGF and Ang-1 (iii) a HA gel
preloaded with VEGF and PDGF (iv) a HA/Gtn gel preloaded with VEGF and
KGF (v) a HA/Gtn gel preloaded with VEGF and Ang-1 and (vi) a HA/Gtn gel
preloaded with VEGF and PDGF. Heparinized cases included the same GF and
HA/Gtn combinations as experiments (i-vi), but with either 0.03% or 0.3% Hp
(experiments vii-xviii). There was also a sham control surgical case in which a pocket
was formed but no implant was delivered (experiment xix). These cases provide
controls allowing the neovascular effects attributable to the individual gel
components as well as the interaction between preloaded gels and cytokine
combinations to be separately identified.
Representative photographic images of tissue microvasculaturization show
significant differences that characterized the tissue response to each treatment
(Figure 7). For all animals, the appearances of microvascular networks in
contralateral ear sections were very similar regardless of the treatment of the surgical
ear (Figure 7a). No evidence of any systemic response to the implant was observable
at either time point for any of the treatment cases. Chondrocytes were widely
distributed in this tissue, along with numerous hair follicles and other glands typical
of ear pinnae. Contralateral ear sections contained relatively low capillary densities,
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but the endothelial borders of these capillaries were well defined. Red cells were
confined within fully intact, well-developed capillary walls (Figure 7a).
Figure 7

a

b
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c

d

__________________________________________________________________
Figure 7. Hematoxylin and eosin stained representative images of ear tissue for
different implant types, 400 х, (a) Contralateral ear, day 7 post-surgery, (b)
HA:0.03% Hp-VEGF+KGF implant day 7, (c) HA:Gtn-VEGF+PDGF implant
day 14, (d) HA:Gtn:0.3% Hp-VEGF+KGF implant day 14.
Ca—capillary, Ch—chrondrocyte lacunae, E—erythrocytes, En—endothelial cell,
H—hair follicle, L—polymorphonuclear leukocyte.
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In the ears receiving hydrogel implants, distinct histological differences from
the contralateral ear tissue were observed (Figure 7b-d). In addition to chondrocytes,
hair follicles and glands there were many apparently partially formed new
microvessels. As can be seen in figure 7b, the presence of many extravasated
erythrocytes indicated that the endothelial borders of these newly formed vessels had
not fully developed by day 7.(Figure 7b, treatment with HA:Hp-VEGF+KGF).
By day 14 neovessel walls were more mature and much less permeable (Figure
7C and D, treatment with HA/Gtn:VEGF+PDGF and HA/Gtn:Hp-VEGF+KGF
respectively). The density of microvessels remained high in these treatments, and far
fewer extravasated red cells were observed. Instead, the erythrocytes appeared to
form continuous chains of cells, confined within microvessels. Additionally there
appeared to be few leukocytes in the surgical treatments, indicating that the implants
were well tolerated, with reduced or no inflammation, no signs of exudation and with
no cases of failure.
Elicited microvessel density was analyzed initially through direct counting of
microvessels in the implanted ears of each treatment group (Figure 8). Microvessel
density remained unchanged at both day 7 and 14 in the contralateral ears of all
treatment groups (Figure 8, control). This indicated that the tissue response to the
implants was localized to the region of the implant, with no systemic reaction.
Significant growth of new microvessels occurred in response to surgical intervention,
as sham surgical ears showed approximately twice the vessel density of contralateral
ears (p < 0.05). Finally the sham surgical ears showed reduced numbers of vessels on
day 14 compared to day 7, which would be expected for tissue recovering from
surgical operation. Most importantly, the data in figure 8 indicates that at both day 7
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and 14, all ears receiving implants showed significantly higher microvessel counts
than did ears receiving only sham surgery (p < 0.05).

Figure 8. Microvessel density for HA:Gtn:Hp-cytokine loaded treatment groups at
days 7 and 14 post-implantation. Control cases represent contralateral ears. Mean ±
s.d., n = 6.
At day 7 post-implantation (Figure 8, dark bars), the greatest density of
microvessels was found for the treatment case HA:0.3%Hp-VEGF+PDGF (829.84
microvessels/mm2), although several other groups were not statistically significantly
different from this case (HA:0.03%Hp-VEGF+KGF, 799.0 microvessels/mm2, and
HA/Gtn:0.3%Hp-VEGF+KGF, 775.06 microvessels/mm2). At day 14 (Figure 8,
light bars), the treatment group HA/Gtn:0.3%Hp-VEGF+KGF showed the highest
microvessel density, (801.01 microvessels/mm2), though again many other groups
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were not statistically different. Further, ears with HA/Gtn:0.3%Hp-VEGF+KGF
implants showed microvessels with defined borders, non-fenestrated vessels and
representative presence of chondrocytes, hair follicles and glands (Figure 7d).
To distinguish tissue response to the different implants from the surgical
induced response, vessel growth was rexpressed through the neovascularization
index (Figure 9). Positive NI values indicate a tissue response greater than that of
sham control, while a negative value would indicate treatments producing fewer
vessels than sham surgery. Figure 9 (dark bars) showed that on day 7 postimplantation the highest NI values were produced by the HA:0.3%HpVEGF+PDGF (NI = 3.52 ± 0.38), HA:0.03%Hp-VEGF+KGF (NI = 3.29 ±
0.65) and HA/Gtn:0.3%Hp-VEGF+KGF (NI = 3.11 ± 0.73) treatment groups.
These three groups correspond exactly with the findings based on raw microvessel
counts (Figure 8). At 14 days post-implantation the highest overall NI value was
observed for the HA/Gtn:0.3%Hp–VEGF+KGF (NI = 3.91 ± 0.68),
HA/Gtn:VEGF+PDGF (NI = 3.46 ± 0.62) and HA/Gtn:VEGF+Ang-1 (NI =
3.39 ± 0.68). Again these trends correspond to the direct microvessel counts.
However with the exception of the above three cases, Figure 9 shows that
many of the treatment cases which appeared to produce a similar micvovessel
stimulation response based on the vessel counts (Figure 8) when normalized
showed distinct differences. For example, the case HA/Gtn:VEGF+Ang-1
produced 567 ± 23 microvessels/mm2at day 7 while the case HA:0.03% HpVEGF+KGF produced 562 ± 80 microvessels/mm2 at day 14. However,
HA/Gtn:VEGF+Ang-1, produced a neovascularization index of 1.54 whereas,
HA:0.03% Hp-VEGF+KGF, produced an NI of 3.28. As a result, many
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treatment cases that appeared to generate similar vessel densities between days 7
and 14 may have undergone major changes during that period. For example, the
treatment HA:Gtn:0.03% Hp-VEGF+PDGF produced 664 ± 143

*
*

*
*

*
*

*
*

*
* *
*

*

Figure 9. Neovascularization index for HA:Gtn:Hp-cytokine loaded treatment
groups at days 7 and 14 post-implantation. Sham cases represent surgery without
implant placement. NI is defined in the text, Eq. (1). Mean ± s.d., n = 6. * indicates
statistical significance for comparison with sham, ** indicates statistical significance
for comparison between two individual treatment cases as well as sham (only
comparisons discussed in the text are identified).
microvessels/mm2 at day 7, while for day 14 it showed a similar count of 652 ± 116
microvessels/mm2. However, the NI values at the two time points were significantly
different (p < 0.05), 2.27 for the day 7 treatment but 2.79 at day 14. Similarly, the
treatment HA:Gtn:0.3% Hp-VEGF+KGF produced very similar microvessel
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density of 775 ± 61 microvessels/mm2 and 801 ± 67 mcrovessels/mm2 a day 7 and
14 post-implantation respectively. The corresponding NI values were 3.11 at day 7
and 3.91 at day 14, which are again significantly different (p < 0.05).
Using direct comparisons, the effect of gelatin and heparin on
neovascularization could be isolated at both day 7 and 14 (Figure 10a and b). Figure
10a shows the NI of treatment groups at day 7 post-implantation. Gels not
containing Hp all produced similar neovascularization responses on day 7 post
implantation regardless of Gtn content (Figure 10a), and all cases showed an increase
in NI from day 7 to day 14 (Figure 10b). Inclusion of 0.03% Hp in the gel also
resulted in no intra-group differences at day 7. However five of the six treatments
showed a decrease in NI from day 7 to day 14, all Gtn containing gels produced
decreased NI’s by day 14 (Figure 10b).
The groups containing 0.3% Hp showed no distinct trends in NI with the
incorporation of Gtn. HA:0.3% Hp-VEGF+KGF showed a higher NI when Gtn
was incorporated into the gels (p < 0.05), while HA:0.3% Hp-VEGF+PDGF
produced a lower NI value in the presence of Gtn (p < 0.05) (Figure 10a). On day
14, only the case HA:0.3% Hp-VEGF+PDGF showed a statistically higher NI in the
presence of Gtn. The other cases produced statistically identical values regardless of
the Gtn content. Between day 7 and 14 NI increased for HA:0.3% HpVEGF+KGF, was unchanged for HA:0.3% Hp-VEGF+Ang-1, and decreased for
HA:0.3% Hp-VEGF+PDGF (p < 0.05).
Overall, there appeared to be no single growth factor combination that stood
out as most effective irrespective of the presence of Gtn and Hp. However,
treatments containing the growth factor combination VEGF+KGF
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Figure 10. Neovascularization index for HA:Hp-cytokine loaded treatment groups
both with and without gelatin at (a)day 7 post-implantation (b) day 14 postimplantation. NI is defined in the text, Eq. (1). Mean ± s.d., n = 6. * indicates
statistical significance for comparison with sham, ** indicates statistical significance
for comparison between two individual treatment cases as well as sham (only
comparisons discussed in the text are identified).
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consistently produced the strongest responses, regardless of gel Gtn or Hp content, a
finding consistent with past studies30.
The results suggest that inclusion of heparin in the gel may have a cytokinedependent influence on elicited microvessel density levels, improving maturation in
some cases but inhibiting maturation in others. In the absence of Hp, all cases
showed a significant increase in vessel density from day 7 to day 14 (Figure 10, p
< 0.05). In the presence of Hp, patterns were less clear, with most treatments
producing no change in vessel number. However in some cases the inclusion of
Hp produced either significantly higher (HA:Gtn 0.3% Hp, VEGF+KGF) or
lower vessel counts (HA:VEGF+Ang-1).

Past studies have shown that the synthetic ECM created by crosslinking
modified HA with modified gelatin produces robust, bioresorbable scaffolds that can
be implanted to achieve cell and tissue growth in vivo31, 109 However cell viability in
these scaffolds was shown to be reduced in the absence of this gelatin component31,
109

. It turned out that, a 50% HA-DTPH, 50% gelatin mixture provided an optimum

mixture for seeding with fibroblasts, chondrocytes, and bone marrow cells in vivo 31,
110

. Previous in vitro measurements of the rate of release of growth factors from HA-

based gels show more rapid release in gels containing gelatin109. This effect is likely
due to the smaller molecular weight of gelatin compared with long-chain HA. As a
result, gelatin-containing gels would be expected to present less steric interference,
and therefore less hindered diffusion and less resistance to growth factor release,
than non gelatin-containing gels. Additionally the gelatin provides the cells with
numerous integrin binding sites. As described previously, cell proliferation and
viability depend strongly on cell-ECM integrin interactions. Considering the
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angiogenic response in vivo begins with endothelial cell proliferation, which is driven
by the appearance of VEGF, the presence of integrin binding sites is extremely
important. Neovessel development in these gels therefore depends on exposure to
the growth factors release as well as the scaffold’s ability to support endothelial cell
ingrowth.
GF release from the HA-based gels occurs in part through diffusion and in
part through gel breakdown mediated by HAse. When Hp is present in the gels,
interactions between Hp and the GFs can be expected to retard GF release and alter
the patterns of new vessel formation. In vitro release measurements indicate that
heparin-containing gels release different GFs at specific rates unique to the GF29.
For example, VEGF and KGF were released from the gels in vitro at similar rates
while the rate of release of Ang-1 was 5-10 times slower. It is possible that this
difference in angiogenic response is due to a variable rate of GF release.
As previously described, HA is degraded in vivo bioactive oligomers (o-HA)
capable of binding receptors, CD44, RHAMM and TLR-4, that all play a role in
mediating cellular responses. The interaction between o-HA chains and these surface
receptors have shown to promote endothelial cell proliferation and migration, induce
sprout formation and eventually lead to angiogenesis1, 111-113. Additionally HA has
been shown to be able to augment the effects of VEGF both in vitro and in vivo 7, 114,
although this feature is not universal to all growth factors24. GFs are known to be
specific and often require specific conditions to situate a response115-120. It is possible
that with time, fragments resulting from the breakdown of HA, may interact more or
less favorably with the incorporated GF. These interactions could be as simple as
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exposure or degradation of potential GF binding sites or, more likely, highly
complex signaling pathways.
In brief, HA has recently been shown to directly effect VEGF expression90.
In vitro experiments show that o-HA treated atrioventricular explants exhibit a strong
increase in mRNA for VEGF90. Rogders et al. injected o-HA directly into
atriovetricular canals of chickens and monitored parameters such as subsequent
VEGF expression. The study showed a drastic increase in levels of VEGF in the
myocardium lining90. These experiments demonstrate the strong association of oHA and VEGF, and the previously described roles in angiogenesis. Augmentation
of angiogenesis via Ang-1, KFG of PDGF-AA containing HA hydrogel has been
well established7, 24, 109. It is probable that the increases in vasclarization seen in the
above in vivo hydrogel studies are due to unknown o-HA-GF interaction that either
stimulate vessel production or allow GF activation.

3.2 Experiment 2: Composite Hydrogel

3.2.1 Gelation time, density, and swelling
Mean gelation time based on (n = 3) individual trials was 29 min, 30 sec +/- 57
sec. The density of these hydrated composites was 0.915 +/- 0.094 g/cm3. The
average equilibrium swelling ratio (volume wet/ volume dry) for three composite gel
samples in PBS at room temperature and pH 7.4 was 9.05 +/- 2.90, indicating the
hydrated gel volume was 9 times that of the dry film state. This result was similar to
previously published data showing pure HA-based films to swell over 7 times their
dry volume when exposed to PBS32. Thus it appears that neither the presence of the

46

silk component nor the inclusion of glycerol hindered the gel capacity to dry to a
film state or swell back to its original size.
The resulting swelling kinetics of three samples are shown in Figure 11. The
figure demonstrates that the HA-silk composite gels swelled rapidly, reaching
equilibrium in 10 minutes. The swelling was fit to the best fit regression curve of

Figure 11. Swelling kinetics of HA-silk composite gels in PBS. The associated
curve is the best fit regression of the data to the form m(t) = A (1- e-t/τ ). Data points
represent an average of three independent measurements.
form m(t) = A (1- e-t/τ), with A being the initial thickness, t being time after
immersion in PBS, and τ representing the time constant.. This equilibrium was six
times longer than for pure HA-based gels, which reached equilibrium in
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approximately 100 seconds32. This delayed swelling character is probably caused by
the presence of the hydrophilic glycerol, which likely slowed hydration.

3.2.2 Surface morphology by SEM
Control composite hydrogels exposed to PBS, lyophilized and imaged by SEM
without sputter coating at 2000×, showed no signs of physical degradation (Figure
12a). Surface texture appeared smooth at fine scale, with widely separated small
surface ripples but no areas of cracking or gel-silk separation. This smooth surface
corresponds well with the featureless texture typical of HA-based gels32. In contrast,
the sample exposed to water and allowed to air dry had a rougher appearance (Figure
12b). This gel had large areas of cracking and missing gel fragments, as well as areas
in which the previously encapsulated silk mat was fully exposed. In this case, the
slow air drying process led to different drying rates for different areas of the gel. The
surface of the gel likely dried first and began to shrink rapidly compared to the
interior sections of the gels. This localized shrinking would cause stresses within the
gel, and eventual tearing. In the absence of the silk mesh, thiol-modified HA
hydrogels cycle from dry to hydrated states without degradation. However, this
image shows that the presence of the silk mat, which is inelastic and does not shrink
or swell appreciably, sets a limit to the extent to which the hydrogel can shrink
without tearing.
The sample exposed to complete media displayed surface characteristics similar
to the PBS control gels (Figure 12c), with the exception of the presence of localized
micron-sized pores. These samples were intentionally not rinsed in order to observe
potential effects of the media components on the gel. As a result, traces of proteins
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and salts derived from the media are visible in the images. Although much of the gel
surface was intact, a few regions contained sparsely distributed pore-like structures a
few micrometers in diameter. These pores were all surrounded by raised circular
rings, which are the remaining media components. The presence of these pores and
rings suggests that media components, probably originating from the FBS
supplement, may have enzymatic activity and are thus able to slowly degrade these
gels.
HAse-treated gel samples showed a greater number of pores of substantially
larger diameters, when compared to pores seen in the media treated gels. (Figure
12d). Pores varied in size from about 5um up to 80um, and were widely distributed
over the gel surface. This degradation pattern was similar to those seen with noncomposite gels in vivo121, suggesting the presence of silk does not interfere with
HAse-mediated gel degradation.
Silk mat enzymatic biodegradation was not observed with exposure to HAse.
However, silk mats but has been demonstrated to be controllably degradable by
protease XIV52, 107, 122. Fibrin content of these hybrid silk hydrogels had a direct
effect on the gel porosity, with increased fibrin producing smaller pores52. If desired
of small amounts of protease XIV could be included in the HA hydrogel composite
to produce controlled silk degradation and potentially alter release kinetics of
incorporated drugs.
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Figure 12

a

b
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Figure 12. SEM images of lyophilized HA-silk gel surfaces. (a) Composite hydrogel
exposed to PBS for 24 hours prior to lyophilization. (b) Composite hydrogel
exposed to water for 24 hours and air dried prior to lyophilization. (c) Composite
hydrogel exposed to 10% FBS media for 24 hours prior to lyophilization. (d)
Composite hydrogel exposed to 75 U/ml HAse for 24 hours prior to lyophilization.
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Thermal behavior
Thermal properties of the HA-silk composite gels were examined by
Differential Scanning Calorimetry (DSC) and Thermal Gravimetric Analysis (TGA).
Figure 13a shows a DSC scan of a composite gel. All samples showed a small
endothermic peak around 55°C due to absorption by water, which corresponded to
both weight loss and to an increase in the rate of weight loss rate (Figure 13b). Glass
transition temperatures, Tg, for the individual components would be expected to be
~110°C for modified HA and ~178°C for electrospun silk 123, 124. At temperatures
above these Tgs, the DSC scan showed major endothermic peaks at 210°C and
240°C, corresponding to the crystallization temperatures for silk and HA,
respectively 125. These peaks matched with observations in other studies124, 126. Not
surprisingly, the composite gel lost weight most rapidly in the range 150 – 220°C,
due to evaporative water losses (Figure 13b). Sample weight then declined much
more slowly at higher temperatures, over the duration of the measurements. Because
the silk and HA components of the composite gel were physically as opposed to
chemically crosslinked, it is not surprising that the DSC and TGA curves reflected
the properties of the individual gel components.
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Figure 13a. Differential scanning calorimetry analysis of the HA-silk composite
hydrogel.
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Figure 13b. Thermal gravimetry analysis illustrating percent weight change with
increase in temperature
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3.2.4 Mechanical Characterization
In compression testing up to 92% strain (Figure 14a), gel stress increased
monotonically with strain for all samples tested, after which the gels reached ultimate
failure. Over the range of strains tested, the gels showed a characteristic non-linear
compressive curve with continuously increasing stiffness. Mean Ec (Young’s
Modulus) for the initial linear region of the stress v. strain curve, up to 25% strain,
was 5.38 ± 1.18 kPa. This value was 20% greater than the stiffness of the
corresponding HA-based gels lacking the silk mesh (4.33 ± 1.17 kPa). The inclusion
of the silk mesh did not appear to alter the ultimate compressive strength of the
composite gels, since failure occurred through the gel component and not through
the much stronger silk mesh. Similar sized gels synthesized without glycerol had a
compressive modulus of 3.51 ± 1.49 kPa, a 35% decrease. The higher modulus for
the composite gels is probably due to retention of water by the glycerol component.
The incorporated water requires more applied force for equal compressive
displacement and thus produces a higher compressive modulus. Although the
properties of hydrogels can vary significantly with the material, crosslinking density
and fabrication techniques the mechanical behavior of the composite HA-silk
hydrogels fell well within previously published data127-129.
Tensile behavior of the composite gels is shown in Figure 14b. Testing was
only possible for composite gels; corresponding gels without silk mats lacked the
strength to support pulling of the sutures. Tensile stress increased monotonically
with strain over the range of strains tested for all samples. However, in contrast to
compressive behavior, tensile stiffness decreased continuously with strain. Mean E
for the composite gels over the range from 10% to 20% strain was
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Figure 14. Mechanical behavior of the composite hydrogel. (a) Compressive
characteristics. The insert demonstrates the linear region of the stress vs. strain curve.
The compressive modulus over this range of strain is 5.38 kPa, R2 = 0.997 (n = 3).
(b) Tensile characteristics. Mean E for the composite gels over the range from 10%
to 20% strain was 4.43 kPa, and the UTS was 2.06 kPa (n = 3).
56

4.43 ± 2.87 kPa, and the UTS was 2.06 ± 1.06 kPa. Although the presence of the
mesh reinforcement did not contribute mechanical integrity in the compressive
direction, it is apparent that under tensile stress it provides significant reinforcement
to the gels.
The silk mat reinforces the composite, providing strength necessary for the
gels to be secured onto tissues and organs, which otherwise might be difficult or
impossible to target for localized delivery of therapeutic agents. One potential
application is for delivery of drugs or growth factors to ischemic tissue regions.
Fiber tension around ischemic tissue is estimated to be close to 15-30 Pa, below the
structural properties of the composite by two orders of magnitude130.

3.2.5 Enzymatic degradation
3.2.5.1 Degradation quantified via composite mass loss
The rate of degradation of the composite gels in the presence of HAse was
evaluated by measuring the rate of mass loss as a function of HAse concentration.
Direct measurements (Figure 15) showed that the untreated control gels retained
more than 90% of their mass for the duration of the experiment. For all other cases,
mass decreased with time exposed to the HAse. Gels exposed to 2 U/ml HAse
showed a steady loss of gel mass, reaching 54.3 % of original weight by the end of
the experiment. Gels in 5 U/ml HAse did not vary significantly from the 2 U/ml
gels for the first three days, showing a relatively steady decline in mass. However,
between days 3 and 5 these gels lost over 70% of the remaining hydrogel weight.
The 10 U/ml HAse gels lost 35% of their mass in the first day, and continued to loss
mass over days 2-4, at which point hydrogel mass was completely gone. At higher
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HAse concentrations (50, 100 and 150 U/ml), gels lost mass much more rapidly,
with all hydrogels being completely degraded by the end of day 3. By comparison,
previous in vivo studies have shown that pure HA-based gels lacking the reinforcing
mesh were partially intact in a subcutaneous environment after a period of seven
days, but are fully degraded by day fourteen29, 33, 43, 109. These measurements therefore
suggest that native in vivo degradation conditions are matched most closely by in vitro
HAse concentrations less than 5 U/ml.
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Figure 15. Time course of Hase-mediated composite gel degradation, mean ± s.d of
n = 3 independent trials.
The hydrogel component accounted for 85% of the composite patch initial
weight, with the other 15% of the weight corresponding to the silk mat. Thus,
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measurements with 15% composite mass remaining indicated full degradation of
gels with only the silk mat remaining. Upon visual inspection with a light
microscope the silk mat were found to be non-degraded at the end of the
experiment in all cases.

3.2.5.2 Degradation quantified via FITC-Dextran release
Non-covalently incorporated solutes are released from the composite
hydrogels through a combination of direct diffusion and breakdown of the hydrogel.
To evaluate degradation gel breakdown, FITC-dextran samples of three different
molecular weights (4000, 70,000 and 250,000 ) were loaded into composite gels at
two concentrations (0.5 or 1.0 wt %). Figure 16 shows the release rates of FITCdextrans. For low molecular weight (4000, Figure 16a), the solute showed over 80%
release within 2 hours and full release after less than 6 hours, for both loading levels
regardless of the presence and concentration of HAse. Release mechanisms were
therefore dominated by diffusion. A similar diffusion based escape was previously
observed for Mw 4000 FITC-dextran release from HA-based hydrogels lacking the
electrospun silk mat32. Diffusion occurred within minutes in the non composite
gels32. Slower release here was most likely due in part to the presence of the silk mat,
but primarily to the presence of glycerol. Studies have shown that drugs in glycerolcontaining hydrogels display a delayed release profile compared to non-glycerolcontaining counterparts, as was observed here131.
Release was slower for high molecular weight FITC-dextran (250,000, Figure
16b) and appeared to depend on HAse concentration. Release kinetics for high Mw
solutes followed nearly first order exponential kinetics, with a release rate of 5.26
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min-1/2 and 5.00 min-1/2 for 0 and 3 U/ml HAse, respectively, while only 3.82 min-1/2
for 75 U/ml HAse. This release reflected gel breakdown, since direct measurement
showed degradation to be complete by 24 hours in the presence of 75 U/ml HAse
(Figure 15). Over 80% of the gel remained intact at 24 hours for both 0 and 2 U/ml
HAse (Figure 16), but more than 60% of the solute had been released even without
gel breakdown. This indicates that the release of the high molecular weight FITC was
driven by a combination of degradation and diffusion. The 70,000 MW loaded gels
profiles showed intermediate release profiles to the 4,000 and 250,000 dextran gels.
The fact that release of FITC-dextran followed kinetics profiles that can be
explained on a physical basis shows the ability of the gel to store and then release
compounds at a controllable rate. Both diffusion and gel breakdown affected release
rate. Low Mw solute diffused freely and quickly out of the highly porous hydrated
gel. However, high Mw solute was released more slowly and involved both free
diffusion and enzymatic degradation. Interestingly, the FITC-Dextran hydrogels did
not gel at room temperature, and only after being put in a 60OC oven did full
gelation occur. This could be an influential factor in gel behavior, the unexpected
breakdown of 0 U/ml and 3U/ml gels.
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Figure 16a. Composite hydrogel HAse-regulated FITC-dextran release (a) Mw =
4,000 (b) Mw = 250,000 mean ± s.d of n = 3 independent trials.
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3.2.6 in vitro Drug Release
3.2.6.1 in vitro Hydrophobic Drug Release
To evaluate the capability of the composite for controlled drug delivery, several
anti-inflammatory were loaded non-covalently into the gels prior to crosslinking and
rate of release in vitro measured spectrophotometrically (dexamethasone,
hydrocortisone, 6α-methylprednisolone, cortisone, prednisolone and prednisone).
Results of these drug release experiments are shown in Figure 17. For all six drugs,
release profiles increased monotonically with time, and were well fit by first order
exponential kinetics (R2 > 0.9 for all cases). The released drug mass was fit to a
kinetic release model appropriate for diffusing molecules, m(t) = A (1- e-t/τ), where
m(t) represents percent of drug present in solution at the time (t), τ is the time
constant characterizing the release rate of the drug and A is the initial drug loading.
To compare between drugs, the release rate was taken as the slope of cumulative
drug release vs. (time)1/2 over the range from 0 - 65% release32. Cortisone and
prednisolone had release rates of 9.89 min-1/2 and 7.79 min-1/2 respectively. In
contrast, hydrocortisone and dexamethasone had rate below
4.0 min-1/2. Prednisone and 6α-methylprednisolone fell between these ranges, with
release of 6.44 min-1/2 and 4.52 min -1/2.
The observed release rates from the composite gels were lower than those
previously observed for HA-based hydrogels lacking a reinforcing mesh32, indicating
that the drugs were retained for a longer period of time in the HA/silk composite.
Part of the explanation for this may relate to the drug interaction with the silk mat,
thereby slowing its rate of release. Past studies of biofunctionalized electrospun silk
mats demonstrated that drug release was dependent on silk fiber contact with an
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aqueous environment71. Swelling of biofunctionalized fibers exposed to PBS caused
swelling and prevented full release of growth factors71. Similarly we expect that mat
swelling may hinder release of GF near the silk by acting as a diffusion barrier or
through direct drug entrapment within the mesh.
In addition, as with the FITC-dextran, the presence of glycerol alters the
microenvironment within the gel, increasing the drug residence time and delaying its
release. Past studies have demonstrated that increasing glycerol content is associated
with increased drug storage and delayed release 131. Further, previous studies with
HA-only-based gels showed a positive correlation between drug hydrophobicity and
release rate. That relation was not maintained in the present studies, also presumably
because of the presence of glycerol.
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Figure 17. Time course of (a) dexamethasone (b) hydrocortisone release from composite
hydrogels in vitro. Data points represent mean ± s.d of n = 3 independent trials, and the
associated curves are best fit regressions to the form m(t) = A (1- e-t/τ).
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Figure 17. Time course of (c) 6-α-methylprednisolone, (d) cortisone release from
composite hydrogels in vitro. Data points represent mean ± s.d of n = 3 independent trials,
and the associated curves are best fit regressions to the form m(t) = A (1- e-t/τ).
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Figure 17. Time course of (e) prednisolone (f) prednisone release from composite
hydrogels in vitro. Data points represent mean ± s.d of n = 3 independent trials, and the
associated curves are best fit regressions to the form m(t) = A (1- e-t/τ).
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3.2.6.2 in vitro VEGF Release
Figure 18 shows the time course of release of VEGF from composite gels in
vitro, in both the presence and absence of 0.3% thiol-modified heparin in the gel. As
in past studies, the presence of immobilized Hp significantly affected the final
cumulative VEGF release over the 42 days of the study 109, 132. The presence of
covalently-linked Hp increased total release from 25% to approximately 57% of the
initial load. Previous research has suggested that interactions between sulfate groups
of the heparin and positively charged lysine and arginine residues of the GF can
serve to control release both in vitro and in vivo24, 109.
The present results match previously published values for VEGF release from
non-Hp containing HA-based gels, showing approximately 30% of loaded VEGF to
be released over the 42 day experiment24. However, Hp-containing gels did not
match previous results which showed delayed release of GFs in Hp presence24, again
presumably due to the presence of glycerol which may be shielding charges on the
HA backbone and the Hp chains. Such shielding would effectively minimize
attractive forces between the HA/Hp ECM and the positively charged amino acid
residues of VEGF129, 130. This would produce higher overall release in the presence
of glycerol compared to previously published results. Alternatively, glycerol could be
occluding the negative sulfate groups on the heparin, interfering with interactions
between the GF and heparin, ultimately altering drug retention time131, 133.
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Figure 18. Time course of in vitro VEGF release from composite hydrogels
containing 0.0% or 0.03 % heparin. Data points represent mean ± s.d of n = 3
independent measurements.

3.3 Experiment 3: Encapsulation of cells in Hydrogels

3.3.1 Gel thickness and seeding density
Gels of two distinct thicknesses and seeding densities were created to study
the effects of gel thickness and cell density on cell viability. Gel thickness and cell
density dictate the distance between cells and the above supernatant and can
potentially hinder exchange of nurturance and waste. Hydrogels of 1:1 HA to Gtn,
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were cast to a final height of either ~500um or ~70um. The gels were seeded with
either a high 50,000 cells/gel density or at a low 25,000 cells/gel density. As
described previously growth ratios of cells was used as a measure of cell viability.
Figure 19 shows cell data measured using MTS assays for the four treatment
groups over a seven day time course. The graph demonstrates that although the gels
with initial seeding density of 25,000 cells/gel did not undergo a significant decrease
in growth ratio, they demonstrated little cell growth over the course of the seven day
study. In contrast, gels seeded at 50,000 cells/gel underwent a period of 4 days where
cell numbers showed a pronounced increase, followed by a steady decrease in cell
numbers over the next three days.
Although the use of cell proliferation data makes drastic differences between
groups evident, growth ratios allows for easy comparison of otherwise very different
treatments. Figure 20 demonstrates that seeding density plays an important role in
final cell number in the hydrogels. The gels initially seeded with a high cell density
showed significant decrease in cell growth over the seven day time course. The
growth ratio dropped 31% for the thick gels, from 1.33 +/- 0.21 on day 3 to 0.91
+/- 0.24 (p <0.05) by day 7. By day 7 thin gels showed a similar significant drop,
with 34% decrease in cell growth ratio from 1.17 +/- 0.15 on day 3 to 0.77 +/0.243 (p <0.05). Gels seeded at a lower initial cell density did not demonstrate the
same significant decrease in cell growth ratio. Cells in the thick gels showed a
decrease in growth ratio over the course of the 7 day experiment that was not
statistically different from day 3. The thin gels were the only treatment which

69

Figure 19. Effect of gel thickness and seeding density on cell numbers. HEK293
cells grown over 7 days in thick (200um) or thin (70um) hydrogels and seeded at
either high (50,000 cells/gel) or low ( 25,000 cells/gel) cell densities. Cell numbers
based on MTS assay

70

demonstrated a slight increase in growth ratio. This 5% increase from day 3 to day 7
was not statistically significant.
The same data is re-plotted in Figure 21, shows that there is no significant
difference in final cell growth ratio for either thicknesses regardless of seeding
density. With one exception, the growth ratio of all treatments dropped below 1.0
over the course of the experiment, indicating a net loss of cells compared to the
initial seeding. Thick gels showed an almost identical growth ratio pattern over the
course of the 7 days regardless of seeding density, with a growth rate that decreased
to 0.91 +/- 0.25 and to 0.89 +/- 0.19 for the low and high seeding densities
respectively. The thin gels with a high cell seeding density showed a 34% drop in
growth ratio similar to the thick gels. The thin gels with lower seeding density the
showed a slight increase in growth ration over the seven day experiment, however
this increase was not significantly different when compared to the seven day growth
ratio of thin gels with high initial seeding.
All gels seeded with high cell numbers experienced a sharp decrease in cell
number after day 3. Gel thickness appears to influence two factors involved in the
growth patterns; the first being the finite physical area available for cells growth and
the second is the height of the gel relative to waste and nutrient availability. As with
any cell culture the surface on which cell can adhere limits cell growth. Hydrogels,
like all bioscaffolds, have a finite area for cell growth. It is likely the case for these
gels that after an initial period of cell division, the cells are adequately and evenly
distributed throughout the gel, probably around day 3-4. After this point there is
limited space for further cell growth and thus cell numbers stabilize for a period of
time, before beginning to drop.
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The maximum distance for effective diffusion of oxygen and small molecules
into actively metabolizing cells is approximately 100-200um134 . The thick gels are
500µm thick, we can expect that the cells that growing well prior to the first few cell
divisions, could be hindered, if not completely deprived of diffusion based molecular
exchange. Once cells are evenly distributed throughout the gel, cells closer to the gel
surface would survive with little issue, while those farther away from the surface may
experience difficulty removing waste products and obtaining nutrients. Although
not significant figure 21 shows that the thin gels had the highest overall growth ratio
on day 7.
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Figure 20. Effects of thickness and seeding density on growth ratios of cells.
HEK293 cells were grow over 7 days in thick (200um) or thin (70um) hydrogels and
seeded at either high (50,000 cells/gel) or low (25,000 cells/gel) cell densities. *
represent statistical significance (p<0.05)
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Figure 21. Effects of thickness and seeding density on growth ratios of cells.
HEK293 cells were grow over 7 days in thick (200um) or thin (70um) hydrogels and
seeded at either high (50,000 cells/gel) or low (25,000 cells/gel) cell densities. *
represent statistical significance (p<0.05)
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Similarly for the thin gels seeded with 25,000 cells/gel it was observed that
cell number stays relatively constant for the full seven days. It is possible that 25,000
cells is very close to the maximum cell capacity for gels of this size. Thus the cells are
able to easily exchange metabolic products, but lack of accessible cell-free hydrogel
volume limits further growth. An unusual result was obtained from the 500um gel
with low seeding density. Based on the above reasoning, one would expect that the
cell in these gels have ample room to divide. Additionally, minimal diffusion limited
growth should be seen until the cells reach a density closer to full gel volume
coverage. In this case it may be that there is too much space for cell settlement and
growth. In order to migrate and expand, cells require interactions with the ECM as
well as other cells. These interactions are only possible if cells are close enough to
make contact135-137. It possible that the distribution of the cells throughout the gel
was originally very sparse and consequently slow growth was observed136.

3.3.2 Varying HA:Gtn composition of hydrogel
Hyaluronic-acid based hydrogels with varying Gtn content were seeded with
13,000 cells to determine if gelatin could help support growth of the HEK293 cell
line. Each hyrdogel had a final volume of 50 ul, corresponding to approximately
150um in thickness. In all cases the cells survived the hydrogel encapsulation process
and remained viable for the full 21 day time course.
Inclusion of gelatin within the hydrogels had an evident effect on the growth
of encapsulated cells over the experimental time course (Figure 22). During the first
7 days, the non-encapsulated control cells had the highest average growth rate. These
cells reached maximum density between days 4-5, at which point cell numbers began
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to decline to zero by day 21. With the exception of the 1:1 HA:Gtn gel all other
combinations produced significantly lower growth rate at days 3 and 7 when
compared to the non-encapsulated controls ( p < 0.05 for all direct comparisons).
Although the hydrogels with less than 20% gelatin had lower growth ratio compared
to the non-encapsulated cells, they were all able to sustain cell growth for the full 21
days.
Overall, the treatment best able to sustain cells and promote growth was
found to be the 1:1 HA:Gtn. Figure 22 illustrates that over the course of 14 days
these gels produced significantly higher growth ratios compared to all other hydrogel
compositions ( p < 0.025 for all direct comparisons). A peak growth ratio of 2.4 was
reached at day 14. However by day 21 all the hydrogels treatments had reached a
growth ratio of just above 1. Again, these results are not surprising given that Gtn
has often been chosen as an additional scaffold component, because of its role in cell
adhesion and expansion 43, 138, 139. Collagen/gelatin has been shown to contain
numerous integrin binding domains which provide adhesion sites for binding via
integrin proteins140-142. It appears that an increase in gelatin may be providing
additional cell binding sites. This would explain the increase in cell viability for gels
containing more gelatin. However, there appears be more factors controlling cell
viability than just adhesion sites, because gels without gelatin produced cell growth
ratios that were often greater than hydrogels containing 10% and 20% gelatin.
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Figure 22. Effect of gelatin content on growth ratios of cells. Cells were grown
over 21 days in 100um hydrogels of various HA:Gtn content; 1:0, 9:1, 4:1 or 1:1.
Hydrogels all seeded at 13,000 cells/gel. * represent statistical significance (p<0.05)
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Focal adhesion (FA) sites are areas of integrin-clustering that serve to link the
cell cytoskeleton to the ECM143. The primary function of these integrin complexes is
to provide physical attachment of the cell to the ECM, and transduce force between
the cell and the surrounding environment144, 145. It has been shown that exposure to
stiff two-dimensional substrates promotes an increase in FA size, as well as promotes
cell motility146-148. FA sites are involved in numerous signaling cascades that regulate
cell proliferation, survival, and migration137, 143, 149.
With focal adhesion sites transducing force from the ECM to the cells, it is
possible that the mechanical characteristics of the cell scaffold, especially the
stiffness, may also play a role in cell growth. Studies have shown that mechanical
stress imparted onto cells by the surrounding environment has a profound effect on
growth, differentiation, migration, ECM remodeling and integrin expression150-153.
Georges et al. describe varying the effects of mechanical stress based on cell type.
Specifically, in this experiment myocytes preferentially grew on a stiffer gel scaffold,
while hepatocytes grew on and reorganized softer gels154-156. In separate experiments
endothelial cells showed a decrease in network-like structures157, 158, as well as better
cell adhesion and spreading on stiffer gels154. Epithelial cells, such as those used in
these gels, demonstrated significant increases in cell spreading on stiffer gels148, 159.
Additionally, epithelial cells grown on stiffer acrylamide surfaces showed
morphologies similar to cells grown on culture plates, while less stiff acrylamide gels
produced cells with an irregular shape148.
Figure 23 depicts the stiffness of the hydrogels created with varying gelatin
content. The addition of gelatin had a marked effect on gel stiffness. The
incorporation of 50% gelatin dropped the compressive modulus by over 68% from

78

3.5 kPa to 1.1 kPa (p = 0.059). Even the addition of a small amount of gelatin
dropped the modulus by over 32% to 2.4 kPa of the 9:1 hydrogels. The compressive
properties of the gels many account for the growth ratios observed in figure 21.
Hydrogels without gelatin produced equal or significantly improved cell growth
when compared to gels with less than 50% gelatin composition ( p < 0.02 day 14 1:1
vs 9:1). As described above, stiffness of these gels could account for this difference
in cell viability. Although the gelatin gels should contain more cell adhesion sites,
they may not be enough, especially in the 9:1 and 4:1 compositions, to account for
the accompanied negative effects of gel stiffness.

Figure 23. Compression modulus (kPa) of various hydrogels with varying HA:Gtn
compositions or PEGDA crosslinker density. * represent statistical significance
(p<0.05)
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3.3.3 Co-encapsulation with growth factors
Hyaluronic based hydrogels containing 1:1 HA:Gtn were seeded with 10,000
cells to determine if co-encapsulation with growth factors could inhibit growth of a
HEK293 cell line. Each hyrdogel had a final thickness of approximately 150µm.
Angiogenic growth factors (VEGF, Ang-1, KGF, and PDGF-AA) were incorporated
into the hydrogels at 25ng/ul doses. In all cases the cells survived the hydrogel
encapsulation process, remained viable for the full 21 day time course..
Co-encapsulation of GFs did not have an evident effect on the growth of
encapsulated cells over the time course of the experiment (Figure 24). All of the GF
containing scaffolds produced cell numbers in line with the non GF containing gels.
It appears that the slightly lower seeding density allowed for continued cell growth
for the duration of the 21 day study. The non-encapsulated cells reached maximum
density after 5-6 days at which point cell numbers began to decline. However unlike
the non-gel-encapsulated cells in the gelatin experiments, the culture did not reach
zero cells. As controls, gels without cells were fabricated to observe any potential
interactions between the Alamar Blue and MTS assays. No interactions were noted,
with either assay, and the gels and the absorbance/fluorescence readings obtained
from this control experiment were treated as reference points and subtracted from all
other treatments.

3.3.3.1 Single GF encapsulation
Figure 24 shows the change in cell number in various single GF loaded gels.
All treatments with encapsulated cells show the same trend of steady growth over
the 21 days. Cell growth for each GF containing gel was higher compared to the no
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GF control gels. However, it was observed that none of the individual treatments
were significantly different from each other. The VEGF containing gel showed
approximately 15% more cells at the 21 day time point but given the large variability
this was not a significant difference (p = 0.056).
The effects of single GF delivery on in vitro cell viability and proliferation are
dependent on, among other factors; cell type, cell density, induced stresses and GF
dose115-120. PDGF-AA was shown have a strong effect on in vitro corneal stromal
fibroblast proliferation115. This relationship was shown to be strongly dose
dependent, and predominantly dictated by cell seeding numbers115. In an in vitro a
wound healing study using NIH3T3 mouse fibroblasts, PDGF-AA presence
increased the number of cells moving toward the wound site as well as their
migratory speed117. Cell type also plays a role in GF function, renal proximal tubular
epithelial cells cultured in gel showed strong tubular growth when exposed to
hepatocyte growth factor (HGF), however addition of VEGF and PDGA did not
influence cell growth116.
Biliary tract tumor cells exposed to KGF showed an increased proliferation
rate, while VEGF and PDGF-AA had no apparent effect118. Human keratinocytes
exposed to KGF showed a decrease in cell viability in culture119; but when the same
cells were exposed to oxidative stress the presence of KGF had a protective effect
on the cells119. In a 2011 study, Tuo et al. used mouse heart myocardial endothelial
cells to study the affect of Ang-1 under hyperglycemic stress, a condition associated
with high glucose-induced endothelial dysfunction120, 160. Ang-1 increased cellular
viability under hyperglycemic conditions as well as suppressed starvation-
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Figure 24. Effects of co-encapsulated single growth factors on cell numbers. Cells
were grown over 21 days in 100um 1:1 HA:Gtn, and seeded at an initial density of
10,000 cells/gel.
induced apoptosis120. The presence of Ang-1 promoted formation myocardial
endothelial tubules even under hyperglycemic conditions; tubular formation was
significantly impaired in cultures without Ang-1161.
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GF effects on cells can be suppressive119, stimulative or not measurably
different from control treatments116. In our studies we showed that GF
incorporation did not inhibit the growth of HEK293 epithelial cells grown in HA
hydrogels. It could be that the GFs introduced into these hydrogels have no
particular affinity for the epithelial HEK293 cells. As noted above GF function is
closely tied to cell type, GFs bind specific receptors, and it is this receptor
recognition that allows for observed changes in cells117, 118. Additionally GF function
is often tied to stress conditions, as was described above for PDGF-AA and KGF116,
119

. The cells in these experiments were not exposed to any intentional environmental

stresses. Although GF activation has been linked to cell seeding densities, no affect
on growth was observed, even as cell density increased over the time course of the
experiment.

3.3.3.2 Dual GF encapsulation
In co-treatment with dual GFs, it was observed that all dual GF treatments
had higher final cell numbers at day 21 than the control. GFs were chosen based on
previously obtained in vivo results, and each GF delivered at 25ng/ml. Figure 25
demonstrates that the combinations VEGF+Ang-1 and VEGF+PDGF-AA showed
a significant increase in cell number compared to the no GF control (p < 0.04, p <
0.03 respectively).
As with single GF delivery, the interaction between cells and the surrounding
growth factor cytokines is dependent on multiple variables. Studies have shown that
under the same conditions co-delivery of GFs can significantly alter cell proliferation
and cell growth88, 89. In human macular inner choroidal endothelial cells the co-
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deliver of VEGF and FGF2 produced significantly higher cell proliferation and
angiogenic tubule formation than either GF delivered singularly89. Similarly
formation of capillary sprouts in adrenal-cortex-derived microvascular endothelial
cells was significantly greater for co-delivered VEGF and Ang-188. The observed
growth was synergistic, in that more sprouts formed then would be expected from
additive formation of sprouts via individual GF delivery88.
Although individual GF delivery did not affect cell growth, co-delivery of all
treatment groups showed an increase in final cell number. The combinations of
VEGF+Ang-1 and VEGF+PDGF-AA in this study produced a significant increase
in final cell number over the course of the 21 days. In fact, even the VEGF-KGF
combination showed a 15.6% increase in cell number. The above mentioned in vitro
experiments demonstrate that in many instances the co-presence of GF is enough to
stimulate cell growth88, 89. The interactions are often cell- and substrate-specific and
difficult to predict. In the case of HA-Gtn hydrogels, various protein binding
domains exist and one could imagine a possible ECM-GF-GF-cell interplay. In this
scenario, single delivery of GFs may not influance cell activity; however inclusion of
the second GF could promote cell ECM interactions. Further testing for molecular
markers would be necessary to fully understand the mechanisms behind the
augmented cell growth. However, the successful co-encapsulation of cells and
growth factors provides evidence that these hydrogels are a viable option for
simultaneous delivery of therapeutic cells and GFs.
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Figure 25. Effects of co-encapsulated dual growth factors on cell numbers. Cells
were grown over 21 days in 100um 1:1 HA:Gtn, and seeded at an initial density of
10,000 cells/gel.
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4 Conclusions

4.1 Research Summary

A series of experiments were carried out to address the lack in therapeutic cell/drug
delivery devices capable of targeting moving tissues and organs.

Experiment 1
Dual growth factor loaded hyaluronic acid-based hydrogels were allowed to
cure in situ, in mouse ear pinnae, and subsequent in vivo angiogenic response was
investigated. H&E staining revealed that in situ gelled implants were tolerated
successfully, with reduced to no inflammation compared to previously investigated
films. All implants produced a significant increase in microvessel density compared
to the sham surgeries (p < 0.05).

The presence of both Hp and Gtn produced

significantly more microvessels in three of the four tested GF combinations. By day
7 the VEGF+PDGF HA gel containing 0.3% Hp produced the highest microvessel
density at 829 microvessels/mm2. Similarly the highest microvessel density after 14
days was observed in the 0.3% Hp VEGF+KGF gel, which was found to have a
final vessel density of 801 microvessels/mm2. When standardized using the NI these
same treatments were again shown to produce the strongest vascularization resonse.
The Ni’s were 3.52 for the VEGF+PDGF at day 7 and 3.91 for the VEGF+KGF at
day 14. In general the largest vascularization responses for both day 7 and 14 were
produced by the VEGF+KGF containing gels.
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Experiment 2
In order to achieve localized delivery of therapeutic molecules and cells, a
securable biocomposite consisting of HA and silk was fabricated. SEM imaging
showed that the hydrated composite is porous, and gel surface smooth and largely
uniform. Direct and indirect experiments showed that the HA component of
composite is controllably degradable in vitro by HAse. Tensile testing indicated that
the incorporation of a silk electrospun mat into a hydrogel adds the mechanical
strength necessary for fastening to tissues and organs in vivo. At the same time the
silk mat did not seem to interfere with the hydrogels ability to cycle from dehydrated
to hydrated states. The composite demonstrated the ability for storage and sustained
release of various therapeutically relevant molecules, including GFs.

Experiment 3
The affect of hydrogel composition on viability of encapsulated cells was
investigated in vitro. Hydrogels initially seeded at a high cell density showed a
significant decrease in viability regardless of gel thickness (p < 0.05). There was no
significant difference in final cell growth ratio for either gel thickness irrespective of
original seeding density, with all gels demonstrating a decrease in growth over 7 days.
Gtn content had a profound impact on cell viability, with increase in gelatin content
corresponding strongly with increased cell viability. Growth factor incorporation
studies demonstrated that single GF deliver had no significant effect on viability. Codelivery of GF however showed that both VEGF+Ang-1 and VEGF+PDGF-AA
treatments produced a significant increase in cell numbers by day 21 (p < 0.05).
Most importantly it was demonstrated that none of the GFs whether delivered
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individually or in combination produced an inhibitory effect on HEK 293 epithelial
cell growth.

4.2 Future Direction

4.2.1 Hydrogel characterization
This thesis work touched briefly on the impact of cell binding sites and
hydrogel stiffness on cell viability. It seemed that both factors played a role in cell
growth. The results of gel stiffness were not foreseen and thus the experiments as
conducted did not allow the impact of these two variables to be separated. It was
however demonstrated that Gtn content and crosslinker density could be
manipulated to alter gel rigidity. It would be interesting to perform a series of
experiments with varying Gtn content, but constant gel stiffness as well as constant
Gtn content with varying gel stiffness. This additional characterization would allow
for further improvement of the hydrogel system and its cell sustaining capabilities.

4.2.2 HAse effects
Of critical importance would be study the influence of hyaluronidase on
viability of encapsulated cells. First the impact of the enzyme and degradation
products on cells should be examined carefully. It is possible that breakdown
products interfere with cell growth or function in unexpected ways. Additionally it is
also important to know whether the breakdown of the gels is to fast for cells to
establish attachment and put down an ECM. If the degradation of the gel is too
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rapid, the gels may have to be augmented with another biocompatible material with a
longer in vivo resonance time possibly Gtn or silk.

4.2.3 Therapeutic cell lines
It was demonstrated here that HA based hydrogels can support growth of a
recombinant cell line. The next step in this direction would be to encapsulate and
optimize hydrogel conditions for cells of therapeutic relevance such as pancreatic
islet cells. This would involve conducting experiments similar to those preformed in
this thesis work, with the added consideration of cell specific culture conditions. For
therapeutic cells lines it would also be interesting to monitor not only in vitro cell
growth but function as well. For example, for pancreatic islet cells monitoring insulin
levels produced by the incorporated cell would be of great importance for eventual in
vivo use.

4.2.4 Functionalizing Silk
In the current design the electrospun silk mat serves only as a reinforcing
element, designed to give the hydrogel mechanical integrity. Work with silk and in
particular electrospun silk has demonstrated the materials ability to release drugs as
well as sustain cell growth57, 72. It follows that the silk electrospun mats could be used
as a secondary source of therapeutic agents, with a distinct, presumably slower,
release profile compared to the surrounding gel. Compared to the other composite
constituents, the silk mat is expected to have a much longer resonance time in vivo55,
56

. Thus a potential drug loading scheme could include an initial delivery of anti-

inflammatory and vascularization inducing GFs, like VEGF, via the hydrogel. This
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would be followed by delivery of GFs like KGF, shown to promote maturation of
vessels, through the silk mat component. Additionally as the hydrogel component is
expected to degrade within a few weeks the silk component may ultimately play a
crucial role in survival and proliferation of any encapsulated cells. By functionalizing
the silk with a cell binding sequence such as RGD, we can effectively increase the
likelihood of cell attachment108. In vitro and in vivo cells growth on silk electrospun
mats has been demonstrated71, 129, and could be exploited for the purposes of a next
generation composite.
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