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ABSTRACT OF THE THESIS

Characterization of a Naturally Derived Cardiac Extracellular Matrix Gel

by

Stephen YuHsiang Lin

Master of Science in Bioengineering
University of California, San Diego, 2012

Professor Karen L. Christman, Chair

The extracellular matrix (ECM) is a complex composition of proteins,
proteoglycans, and glycosaminoglycans. Biological scaffolds composed of ECM have
been used to help repair a variety of tissues in the body. It has been shown that an
extracellular matrix material can be generated by decellularizing cardiac tissue and
processed into injectable formulations for cardiac tissue engineering. When brought to
physiological conditions, the matrix material will self-assemble into a porous hydrogel.
The objective of the present study is to prepare the gel form of the myocardial matrix,
characterize and tailor material properties of the gel, compare material properties to a

human derived myocardial matrix gel, and finally evaluate the ability of the gel to

xii



support the growth of smooth muscle cells in vitro. Material properties including
viscosity, swelling ratio, gelation kinetics, and stiffness were assessed.

The results of the study show that material properties of the myocardial matrix
can be tailored by adjusting gelation conditions. Changes in final pH, salt concentration,
and protein concentration had effects on viscosity and gelation kinetics but not swelling
ratio. This study also shows that there are differences in material properties between
that of the porcine myocardial matrix and the human myocardial matrix. Finally the
study demonstrated that myocardial matrix supported the adhesion and proliferation of

rat aortic smooth muscle cells under static conditions.
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CHAPTER ONE:

INTRODUCTION



1.1 Myocardial Infarction and Heart Failure

Cardiovascular disease is the leading cause of death in the western world with
heart failure following myocardial infarction being major contributor of these deaths.
Approximately 785,000 people in the United States suffer from a new myocardial
infarction, and about 470,000 people suffer from recurrent attacks each year. In
addition, 5.7 million people suffer heart failure, with approximately 670,000 new cases
reported annually [1].

A myocardial infarction occurs when blood flow is critically reduced to a region
of the heart due to the occlusion of a coronary artery. If the resulting ischemia is of
significant duration, the oxygen shortage impairs regular cellular metabolism and leads
to injury of the myocardial tissue. In humans, cardiac myocytes have very limited
proliferative capabilities post-MI so regeneration is very limited[2]. The necrotic tissue
is replaced by collagenous scar tissue [3]. With the loss of contractile tissue, in
conjunction with the stiff scar tissue, the rest of the heart tries to compensate for the loss
of cardiac output. As a result, the heart goes through a series of compensatory changes
including hypertrophy of viable myocytes and dilation of the left ventricle [4,5], which
ultimately leads to heart failure and death.

Immediately after a myocardial infarction, myocyte death and the release of
cellular contents trigger the inflammatory response. During the early stages of the
inflammatory response, macrophages, monocytes neutrophils are recruited to site of

injury [6,7]. These cells release matrix metalloproteinase (MMP) which are responsible



for degrading the extracellular matrix. This degradation of the extracellular matrix
causes myocytes to slip away and leads to widening of the infarct region.

After the initial inflammatory response, fibroblasts and myofibroblasts quickly
proliferate and begin to produce matrix macromolecules, predominantly collagen types
I and 111. The newly deposited collagen begins as an immature form that consists mostly
of the thin collagen type I11. As the collagen matures, it develops intermolecular cross
links, losses of water, and the thin collagen 111 is replaced by collagen type I [7]. This
results in a stiff scar tissue that is resistant to distention.

The presence of this stiff scar tissue along with the loss of contractile tissue
causes several negative changes to the heart. Neighboring healthy tissue dilates to
preserve stroke volume which increases stress in the heart wall [8]. The healthy
myocytes also undergo hypertrophy in attempts to make up for the loss of contractile
tissue[9] and this negative ventricular remodeling leads to increased risk of heart
failure and death [10].

As myocardial infarction and the ensuing heart failure continue to be a leading
cause of death, it is evident that new therapies need to be developed to slow the rate of

deaths.

1.2 Current Clinical Treatments

The only successful treatment for end-stage heart failure currently available is
total heart transplantation. However, the shortage of donor organs and strict exclusion

criteria limit the availability of this treatment. With only about 2,000 total heart



transplant operations done annually [11], it is unable to meet the demands of the
approximately 5.7 million people in the Unites States suffer from heart failure.

Other therapies for myocardial infarctions are available but they aimed at
reducing damage and do not promote healing. For patients suffering from acute
myocardial infarction that are given immediate medical care, current medical guidelines
recommend urgent reperfusion through the use of thrombolytic therapy (fibrinolysis)
[12-15]. In this procedure, the patient is given anticoagulant drugs such as aspirin, tissue
plasminogen activator (t-PA), or streptokinase (SK) to dissolve blood clots that may
have caused the occlusion of the coronary artery [16]. The use of beta blockers has also
been shown to reduce the magnitude of infarction and increase survival[17]. If a
catheter lab is available, surgical interventions such as angioplasty, stenting and bypass
surgery have also been recommended for the rapid reperfusion of the blocked artery
[18]. These rapid reperfusion therapies aim to reduce the time of ischemia in hopes of
limiting infarction and necrosis of the heart.

Several pharmacological agents are prescribed to treat heart failure. These
include diuretics, angiotensin converting enzyme (ACE) inhibitors, digitalis, and beta
blockers[19]. The diuretics work by preventing fluid accumulation in the body. ACE
inhibitors are used as a vasodilator to reduce blood pressure and reduce work load on
the heart. Digitalis glycosides are inotropic agents that increase the strength of the
contractions of the heart muscle and help reduce heart failure symptoms. Beta blockers

reduce heart rate and blood pressure.



Besides the use of pharmacological agents, left ventricular assist devices
(LVADs) have been used to treat heart failure. LVADs are pumps attached to the left
ventricle and the aorta and help pump blood to the rest of the body. The pump is
powered by an external battery pack. Although the LVADs do restore blood flow to the
body, they increase the risk of infection, internal bleeding, and pump failure[20], and
also promotes cardiac disuse atrophy[21].

With heart transplantation being limited by the number of donor organs
available and limitations with the use of LVADs and medication, there is a pressing

need to develop alternative treatments.
1.3 Biomaterials for the Treatment of Ml

The development of biomaterials has become a major research focus as a
promising alternative therapy for myocardial infarction. These biomaterials are
designed to replace the damaged extracellular matrix of the heart in attempts to retain
structural integrity, to regenerate the necrotic tissue, and prevent heart failure.

Three main approaches have been investigated the delivery of biomaterials for
the treatment of myocardial infarction. One approach is the use of ventricular restraints
that are applied around the heart via open heart surgery to prevent heart failure. A
second approach is to generate biomaterial scaffold patches in vitro and implant them
onto the heart. The last method is to inject the biomaterial into the heart and form the
scaffold in situ.

Left ventricular restraints were one of the first approaches investigated for the

treatment of heart failure. In this approach, polymer meshes were placed around the



heart to prevent it from enlarging during ventricular remodeling. Some examples of
these meshes include poly(propylene) and polyester. Several studies have shown
improved ejection fraction and decreased LV end-diastolic volume.

More recently, biomaterials have been designed as cardiac patches to be applied
to the surface of the heart as scaffolds. These scaffolds can be made out of a wide
variety of materials such as gelatin, poly(glycolide)/poly(lactide), collagen, alginate, or
matrigel. They are applied to the heart as acellular scaffolds, with cell, or with growth
factors. When applied with cells, some studies have shown vascularization of the
scaffold and survival of the cells. In addition, there has been evidence that the patches
prevent infarct wall thinning and also improved fractional shortening.

Injectable biomaterial scaffolds are materials that have been specifically
engineered to gel in situ. Like the previously mentioned cardiac patches, injectable
scaffolds can also be delivered as acellular scaffolds, with cell therapies, or with growth
factors. This strategy is extremely promising because it prevents an invasive open chest

procedure required for the application of the cardiac patches and restraints.
1.3.1 Synthetic Materials

There are two main approaches to developing biomaterials for cardiac repair
applications. First is to design the material using synthetic materials to chemically
synthesize the biomaterial. The second approach is to harvest materials from biological
sources and process them into their final usable formulations.

Synthetic materials offer the advantage of precise control over important

material properties such as degradation rate, swelling ratio, stiffness, and porosity[22].



They also do not face the problem of batch-to-batch variability seen in naturally derived
materials. Polyester, polyurethane, poly(ethylene glycol)(PEG), and
poly(Nisopropylacrylamide) (PNIPAAM) are examples of recently developed materials
that have shown promise in the treatment of MI.

Polyester meshes have been designed as LV restraints that are fitted around a
heart post-MI to preserve the geometry of the heart during negative LV remodeling.
Results showed that the LV restraint device reduced myocyte hypertrophy, LV end-
diastolic volume, and interstitial fibrosis. It also increased fractional shortening [23].

PNIPAAM is a thermo-responsive hydrogel that remains in a liquid state at
room temperature but forms a hydrogel at 37 °C. It has been modified with other
monomers such as acrylic acid (AAc) and hydroxyethyl methacrylate-poly(trimethylene
carbonate) (HEMAPTMC) to form poly(NIPAAmM-co-AAc-co-HEMAPTMC). When
injected in a rat infarct model, it prevented ventricular dilation and improved contractile
function[24]. Other variations of PNIPAAM, such as Dex-PCL-HEMA/PNIPAAmM,
have also shown improvements in left ventricle ejection fraction and the prevention of
LV remodeling and dilation when injected 4 days post-PI in a rabbit ischemia
model[25].

PEG is another material that has been extensively explored for potential in
treatment for MI. It was once thought that the increase of wall thickness at the site of
infarction alone could increase cardiac function by decreasing wall stress. However,
studies have shown the direct injection of non-degradable PEG into the infarct region 1

week post-MlI in a rat ischemia model showed no improvement in cardiac function 7



weeks post-MI[26]. This suggests that in addition to mechanical support, biomaterials
must also have proper biochemical cues to direct cardiac regeneration.

Although synthetic materials have shown promise, they lack the inherent
bioactivity which may be important in directing cellular behavior and cardiac

regeneration.

1.3.2 Naturally Derived Materials

Naturally derived materials have been explored to treat the heart post-Ml
because they offer the advantage of being intrinsically biocompatible and are degraded
into safe byproducts[27]. Collagen, being the predominant protein in the extracellular
matrix, is one of the first biomaterials explored to be used as a scaffold for cardiac
tissue engineering[28] . In a rat cryoinjury model, the application of a porous collagen
scaffold implanted on the intact heart and showed increased levels of angiogenesis [29].
Another study showed that injection of collagen into the left ventricle in a rat model
preserves cardiac function after myocardial infarction[30].

The use of fibrin glue has also shown beneficial effects when injected into the
myocardium. Fibrin glue is injected as a two component system, consisting of
fibrinogen and thrombin. Upon mixing, thrombin converts fibrinogen into fibrin, a
fibrous protein involved in the clotting of blood, to create a fibrin gel. The fibrin glue is
known to promote angiogenesis. The fibrin glue has been shown to preserve infarct wall

thickness and cardiac function[31].



Alginate is another naturally derived material that has shown positive results
when used as a scaffold for cardiac tissue engineering. Alginate is a polysaccharide that
is derived from seaweed and will form a gel using calcium present in cardiac tissue.
When injected into the myocardium one week most-Ml, it showed increased scar
thickness, and improved left ventricular ejection fraction[32]. It has also shown
improvement in cardiac function in a porcine model while utilizing a minimally
invasive delivery technique [33].

Another interesting material that has shown promising results is Matrigel.
Matrigel is a purified matrix that is derived from a mouse sarcoma cell line. It is
comprised of a complex mixture of extracellular components including collagen,
laminin, entactin, and heparin sulfate. In addition, it self assembles into a hydrogel
when brought to 37C. Injection of Matrigel immediately post-MI led to increased
infarct wall thickness, neovascularization and improved ejection fraction [34].
However, Matrigel is derived from a cancerous cell line, and has been shown to support
cancerous growths in vitro and in vivo [35] and will limit its ability to be clinically
translatable.

However, material properties of naturally derived materials are difficult to
control and must be carefully characterized to better understand the behavior of the

material.
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1.3.3 Decellularized Extracellular Matrix

In addition to the previously described naturally derived materials, there has
been recent development in decellularized materials. Decellularized materials are
promising because they take advantage of nature’s platform to create an intrinsically
complex extracellular matrix scaffold that is thought to better mimic the native
extracellular environment. The processing of decellularized ECM begins with tissue,
where the tissue is stripped of all cellular components through physical, chemical, or
enzymatic processing[36]. The final product can then be used either as cardiac patches
or further processed into injectable scaffolds that form gels in situ or injectable
emulsions[10,37].

Some examples of these decellularized ECM materials include small intestine
submucosa (SIS) ECM, urinary bladder matrix (UBM)[38], and myocardial matrix[10].
Urinary bladder matrix has been used as a cardiac patch in a pig infarct model and
showed cellular infiltration and neovascularization into the patch[39].

SIS ECM has also been shown to be beneficial in a rat ischemia-reperfusion
model. The SIS ECM was processed into a powder and rehydrated as a suspension. The
emulsion was then injected into the rat myocardium at different time points post-Ml.
The results showed that the SIS ECM enhanced cellular infiltration and angiogenesis
when compared to the control. It also showed improvements in cardiac function when
compared to the saline control [40].

Perhaps, a more promising material for cardiac repair is the extracellular matrix

material derived from the healthy myocardium. Because it is derived from the very
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tissue it is meant to replace, it contains a tissue specific combination of proteins and
proteoglycans. The material has shown promise for the use in cardiac repair, which will

be further discussed in section 1.5.

1.4 Cellular Delivery with Biomaterials

Cell therapies have been explored as a potential treatment to repair the necrotic
tissue of the heart after a myocardial infarction. Early attempts to transplant cells into
the injured myocardium post-MI used cells suspended in an aqueous solution. These
transplantations had only limited success because of limited cell retention and transplant
survival. Studies have shown ~90% of cells delivered to the heart are lost to circulation
or leak out of the injection site [41]. Furthermore, ~90% of the successfully delivered
cells die within the first week. This may be in-part be due to the non-ideal conditions of
an ischemic region and the fact that the injected cells do not have a place to attach to.
To solve these problems, injectable scaffolds that gel in situ have been combined with
cellular delivery for cardiac repair.

The fibrin glue system described in section 1.3.2 is one of the injectable
scaffolds that have been combined with cells for injection. The injection of fibrin with
skeletal myoblasts has shown preservation of cardiac function and infarct wall
thickness. Bone marrow mononuclear cells have also been combined with fibrin and
enhanced neovascularization in infarcted myocardium[31,42].

Chitosan is another material that gels in situ that has been explored cellular
delivery. Chitosan is a polysaccharide derived from crustacean shells that can be

designed to undergo temperature-phase transitions at 37°C. When injected with mouse
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embryonic stem cells into an infarcted myocardium, it preserves cardiac function and

myocardial wall thickness, and enhances angiogenesis [43].

1.5 The Cardiac Extracellular Matrix

The injectable form of myocardial extracellular matrix is a biomaterial
developed in the Christman lab. In brief, the left ventricle from a porcine heart is
processed by decellularization using sodium dodecyl sulfate, lyophilization, mechanical
milling, followed by pepsin enzymatic digestion to yield a liquid form of the myocardial
extracellular matrix. The matrix can then be brought to physiological conditions of pH
7.4, 1 x salt concentration and 37°C to form a hydrogel[10]. This myocardial
extracellular matrix has a complex composition with an abundance of different
extracellular matrix proteins, proteoglycans, and glycosaminoglycans. There have been
multiple studies that show the beneficial use of this material in both in vitro and in vivo
applications with the hypothesis that the complex composition would provide a better
representation of the in vivo microenvironment.

Singelyn et al. demonstrated that vascular cells migrate towards the solubilized
myocardial matrix significantly more than collagen, FBS or pepsin in vitro. This
strongly suggested the material has the potential for vascular formation. In the same
study, the myocardial matrix was injected into the left ventricle of healthy Sprague-
Dawley rats to. 11 days post-injection, endothelial cells and smooth muscle cells
infiltrated the material and arteriole formation was observed[39]. In another in vivo

study, Singelyn et al showed that cardiac function is preserved in a rat ischemia-
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reperfusion model when myocardial matrix is injected into the heart wall post-MI[44].
This confirms the potential for the material to be injected as an acellular therapy for Ml.

In addition, Singelyn et al. further demonstrated that the material properties of
the myocardial matrix can be modified through the use of the chemical cross-linker,
glutaraldehyde. It was shown that after cross-linking, the material showed increased
stiffness, slowed cellular infiltration, and decreased material degradation. Thus, it was
demonstrated that the myocardial matrix has potential to be further modified to fit other
tissue engineering requirements[45].

DeQuach et al. showed that the myocardial matrix could be used in its
solubilized form as a tissue specific cell culture coating. When human embryonic stem
cell derived cardiomyocytes were seeded on the myocardial matrix coating, the cells
showed a significant increase in maturation compared to a standard gelatin coating[46].
Thus, suggesting that the myocardial matrix material may be beneficial as a platform in

conjunction with cellular therapies to enhance maturation of cardiac-relevant cell types.

1.6 Objectives

The purpose of this thesis was to further study the gel form of the myocardial
extracellular matrix that has shown potential as an injectable scaffold for the treatment
of myocardial infarction. The porcine myocardial extracellular matrix hydrogel was
further characterized for material properties including gelation Kkinetics, storage
modulus, and swelling ratio. A subset of these properties was shown to be modulated

when gelation conditions were altered. In addition, a human myocardial extracellular
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matrix hydrogel was also characterized for the same material properties, which could be
a potential allogeneic source of the material. Finally, the in vitro feasibility of the
porcine myocardial matrix hydrogel was investigated.

In addition to providing proper biological and chemical cues, the mechanical
properties of tissue engineering scaffolds must also be considered, as it is known that a
material’s mechanical properties have been shown to influence and direct cell behavior.
Thus, one of the goals of this study was to investigate different methods to tailor the
mechanical properties of an already developed extracellular matrix scaffold. The
important mechanical properties such as swelling ratio, viscosity, and gelation time
have not been previously examined. Although the ideal mechanical properties for
cardiac regeneration have not been well defined, further characterizing the properties of
the porcine myocardial matrix and the understanding how to modulate them is
important for future tissue engineering applications.

Tissue from an allogeneic source was also characterized in this study. As the
human myocardial tissue was found to contain fat, a further processing step was needed
as isopropanol was used to dissolve out the lipids. However, the addition of isopropanol
may have affected the final decellularized product in unknown ways. Therefore, another
goal of the study was to determine the effects of isopropanol on material properties, and
also compare the material properties of human myocardial matrix to porcine myocardial
matrix.

The culturing of cells on a collagen I hydrogel scaffolds has been investigated

previously and have been shown to support cell adhesion and proliferation[47]. In
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addition, it was previously shown that the myocardial matrix encourages the maturation
of cardiomyocytes when used as a 2D coating. Therefore, we sought to determine if the
myocardial matrix in a hydrogel form can be used as a model to study cellular behavior.
As a result, the study aimed to examine the cytocompatibility of the myocardial matrix

gel form in vitro.



CHAPTER TWO:
MATERIAL CHARACTERISTICS OF A
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2.1 Introduction

The myocardial matrix is a tissue specific injectable scaffold designed for
cardiac tissue engineering applications. Derived from the native myocardium, it uses
nature’s platform to retain chemical and biochemical cues essential. It consists of a
complex mixture of extracellular matrix proteins, proteoglycans, and
glycosaminoglycans, which is thought to mimic the cell’s native environment. Studies
have shown that interactions between the cell and the extracellular environment are
essential for controlling cell migration, proliferation, differentiation, mechanical
stability, and signaling[48-50].

In addition to having the appropriate biological and chemical cues, mechanical
properties is another important parameter to consider when designing a scaffold for
tissue engineering applications. Studies have shown the importance of mechanical
properties on cell-matrix interactions and cell behavior. Previously, the effect of
chemical crosslinking using glutaraldehyde on the myocardial matrix has been
investigated [45]. It was shown to increase stiffness, decrease degradation, and slow cell
migration. However, other important material parameters such as viscosity, gelation
kinetics and swelling ratio have not been previously studied. In addition, altering the
gelation conditions of pH and salt concentration and its effect on these material
characteristics has not been studied.

When considering a material for injectability, the viscosity of the liquid form

and the speed of gelation are important parameter to understand. The viscosity must be
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low enough to allow for the material to pass through the catheter without too much
resistance.

Of the extracellular matrix proteins, collagen is the most prominent and best
characterized component. Collagen is a fibrous protein with a core triple helical
structure. Collagen can be similarly processed into an injectable solubilized form, which
can self-assemble into a hydrogel under certain conditions [51,52]. Effects of varying
ion concentration, phosphate concentration, and pH and material concentration on
collagen gel behavior have been previously described [53,54] [55]. As a result, these
parameters were altered to determine the how the myocardial matrix responds.

In addition to measuring the changes of the porcine myocardial matrix, the
material properties of a human myocardial matrix were also determined. During the
initial decellularization of the human myocardium, it was observed that the tissue had
considerably more fatty tissue. As a result, an extra step using 100% isopropanol was
added to dissolve out the fat. However, the isopropanol also washes out other unknown
components of the material and affects the final decellularized product. Therefore
another goal of the study was to compare the different processing protocols on material
properties of human myocardial matrix, and also compare human myocardial matrix to
porcine myocardial matrix.

The present study characterizes the ECM materials by using rheometry to
determine stiffness and viscosity, spectrophotometry to assess gelation kinetics, and a

mass ratio to determine swelling ratio.
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2.2 Materials and Methods

2.2.1 Decellularization of Porcine Tissue

Porcine myocardial tissue was harvested and decellularized following a
modified version of a previously established protocol[10]. Porcine hearts were
harvested from Yorkshire pigs, approximately 30-45kg. The left ventricle was extracted
and trimmed of fat and connective tissue. The tissue was then sliced into small pieces
and rinsed with deionized water for 30 minutes then decellularized in a solution of 1%
(wt/vol) sodium dodecyl sulfate (SDS), phosphate buffered saline (PBS), and 0.5%
Penicillin/Streptomycin for 4-5 days with solution changes every 24 hours. Once
decellularized, the tissue was stirred in 0.01%(vol/vol) Triton X-100 for 30-45 minutes
followed by deionized water for 24 hours to ensure removal of residual SDS. The tissue
was then frozen at -80C, lyophilized and milled using a Wiley Mini Mill to create a fine

powder

2.2.2 Decellularization of Human Tissue

Human hearts from non-cardiac related deaths were received, through
collaboration with the Mayo Clinic. The human myocardial tissue was decellularized
using a method similar to the decellularization of porcine myocardial tissue. In short,
the hearts were trimmed of fat, connective tissue and major vessels and cut into small
pieces and rinsed with deionized water for 30 minutes followed by decellularization in a

solution of 1% (wt/vol) sodium dodecyl sulfate (SDS), phosphate buffered saline (PBS),
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and 0.5% Penicillin/Streptomycin for 4-5 days with solution changes every 24 hours.
After the material and the SDS solution no longer had color, the material was treated in
one of two methods. The first, which is termed “standard” was processed the same way
as the porcine myocardial matrix. The second, which is termed “IPA” was stirred in
100% isopropanol for 24 hours to remove lipids[56], rehydrated in water for 24 hours.
Both sets were then stirred in 0.01 % Triton X-100 for 1 hour to remove residual SDS.
The tissue was then frozen at -80C, lyophilized and milled using a Wiley Mini Mill to

create a fine powder

2.2.3 ECM Digestion and Gelation

The porcine extracellular matrix material was enzymatically digested by adding
a 1 mg ml—1 solution of pepsin (Sigma, St Louis, MO) in 0.1 M HCI such that the final
concentration of material was 10 mg ml—1[10,57]. The material was digested for 48— 60
hours at room temperature with constant stirring until the liquid was homogeneous with
no visible particles. The pepsin was irreversibly inactivated by raising the pH. The pH
(7.4 or 8.5) and salt concentration (0.5%, 1.0%, or 1.5x PBS) was adjusted using 1.0 M
NaOH and 10x PBS, respectively, to end with the desired final material concentration
(6 or 8 mg/ml). The final mixture was then brought to at 37 °C and allowed to fully gel.
Standard conditions are defined as physiological conditions of pH 7.4, 1.0xPBS, and 37
°C. Only one parameter (salt concentration or pH) at a time was varied away from these

standard conditions for any of the following experiments. The human extracellular
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matrix material was prepared in the same manner as the porcine extracellular matrix but

with only standard conditions.

2.2.4 Rheometry: Storage Modulus, Loss Modulus

Rheological measurements were made with a TA Instruments ARG2
Rheometer. Modified from a previous method[57], a parallel-plate geometry (20 mm
diameter) at 1.2 mm gap height was used on 500 ul gels under the different conditions
after 24 h of gelation. For each condition, the storage modulus (G’) and loss modulus
(G”) over frequencies of 0.04—16 Hz were recorded for every gel condition in triplicate.

The storage modulus at 1 rad s—1 or 0.16 Hz was plotted for each condition.

2.2.4 Rheometry: Viscosity

For viscosity, samples were prepared as discussed earlier and kept on ice in the
liquid form until experimentation. The rheometer was preheated and maintained at 25
°C. Then 200 ul of sample was loaded into the rheometer set at 500 xm gap height such
that the sample completely filled the gap. Measurements of viscosity were made over a
frequency range of 0.1-50 Hz as previously reported. The data were best-fit to the
following power law:

n = kf* (1)

In this equation (7) is the complex viscosity and ( f) is frequency, with (k) and (n) being

constants.
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2.2.5 Swelling Ratio

ECM gels of 250 ul for each condition in triplicate were formed in a 48-well
plate for 24 h at 37 -C. The gels were transferred to a 12-well plate and were allowed to
swell in PBS for 24 h. The samples were removed, carefully blotted to remove excess
surface liquid, and the total swelled weight was measured (Ws). Then the samples were
fully dried using a vacuum desiccator overnight and total dry weight was measured

(Wd). Swelling ratios were calculated as:

Ws—Wgq
o

Swelling ratio =

2.2.6 Turbidimetric Gelation Kinetics

Turbidimetric gelation kinetics was determined through spectrophotometric
measurements as previously described. First, a Synergy™ 4 Multi-Mode Microplate
Reader (Biotek) was preheated to 37 °C. Then 100 ul of each ECM sample, prepared as
previously described, was placed into a 96-well plate in triplicate. Absorbance was
measured at 405 nm wavelength every minute for 8 h or until the data plateaued.
Absorbance values were averaged within each group, normalized, and plotted over time.
From the normalized plot, a linear fit was applied to the linear region of the plot to
calculate the half time of gelation (ty,), the lag phase (tiag), and the slope or speed of
gelation (S). The half time of gelation was defined as the time when the material
reached 50% of the maximum measured absorbance. The lag phase was calculated by

finding the time at which the linear fit was zero for normalized absorbance.
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2.3 Results

2.3.1 Confirmation of Gelation

Gelation of both the porcine and human extracellular matrix material was first
confirmed at standard conditions. The extracellular matrix remained a viscous liquid
after neutralization to pH 7.4 while kept at 4°C (Fig 1a). After the extracellular matrix
was brought to 37°C to induce gelation, a soft gel was created. Both the porcine and the
human extracellular matrix formed a soft gel. The gelation was confirmed by tilting

them to the sides and observing that they maintained their shape (fig 1b, fig 1c).

Figure 1: Gelation of myocardial matrix hydrogel. (a) The solubilized from of porcine
myocardial matrix; (b) at physiological conditions, the porcine myocardial matrix forms
a gel that maintains shape; (c) at physiological conditions, the human myocardial matrix

forms a gel that retains its shape
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2.3.2 Rheometry: Storage Modulus and the Loss Modulus

Rheometry was used to measure the storage modulus and the loss modulus to
determine the differences in material properties between the human and porcine
extracellular matrix gels at standard conditions. In addition, the effects of an
isopropanol wash on material properties of the human ECM gels were also examined.
The values for 6mg/mL gels are represented in Table 1 and values for 8mg/mL gels are
represented in Table 2. Increasing material concentration of each material from 6mg/mL
to 8 mg/mL significantly increased the storage modulus, indicating the increase of
material concentration leads to stiffer gels. The storage modulus of the porcine ECM
gels (data courtesy of Todd D. Johnson) was also significantly larger than the human
ECM gels when processed in the same manner. When the human ECM was processed

with IPA, it led to a significant increase in the storage modulus.

Table 1. Storage modulus (G’) and loss modulus (G”) of 6mg/mL
after 24 h gelation at 37C

Condition G’(Pa) G”(Pa)
Porcine Standard 5.28 + 0.41** 0.893 + 0.085**
Human Standard 3.48 £0.12 0.612 £ 0.095
Human IPA 4.52 +0.50 0.92+0.104
Mean = SD

** Courtesy of Todd D. Johnson[58]
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Table 2. Storage modulus (G’) and loss modulus (G”) of 8mg/mL
after 24 h gelation at 37C

Condition G’(Pa) G”(Pa)
Porcine Standard 9.52 £3.77** 1.75 £ 0.72**
Human Standard 6.30 £0.91 1.80+£0.18
Human IPA 8.00+1.18 1.22+£0.24
Mean = SD

** Courtesy of Todd D. Johnson[58]

2.3.3 Viscosity

The myocardial matrix has been previously used as an injectable material
delivered via catheter. When considering a material for injection, understanding the
viscosity of the liquid state is very important to assure proper flow through both the
catheter and the needle. The complex viscosity of both the porcine and human
myocardial matrix in liquid form at 25°C was assessed over a range of shear rates.
Across all samples, the complex viscosity decreased as the shear rate increased. A linear
trend is observed when plotted on a log-log scale. As a result, the power equation was
used to fit the data. The reported values of (k) and (n) are constants from the power
equation used to fit the data. The coefficient of determination (r°) indicates the accuracy
of the power equation fit with a value of 1 indicating a perfect fit. When comparing the
different gelation conditions for the porcine myocardial matrix, dramatic differences in
complex viscosities were only seen between the different protein concentrations.
Changes in salt concentration or pH had no effect. Increasing the concentration of the
porcine myocardial ECM in the liquid form increased intermolecular forces, resulting in

an increase in viscosity. This significant increase in viscosity can be observed as a
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vertical shift of the data points in graph 1. This trend is also confirmed by the increase
of (k) values between the 6mg/ml and the 8 mg/ml samples.

When comparing the complex viscosities of the liquid human myocardial matrix
under different processing procedures, it is seen that the IPA treated material had a
slight increase in complex viscosity. The increase can be observed in both the vertical
shift of the data points, as well as a difference in the (k) coefficient. The increase in
viscosity can be attributed to the IPA removing additional fatty components, leading to
a more concentrated end protein mixture. When comparing the human myocardial
matrix to the porcine myocardial matrix, the (k) values are very similar.

The (n) value correlates to the slope of the fitted line when plotted on a log-log
scale. The (n) values for the 6 mg/mL porcine myocardial matrix range from -0.466 to -
0.550 and are larger than the 8 mg/mL values, which range from -0.580 to -0.656. This
slight variation can be observed in figure X. The (n) values for the two methods of
processing the human myocardial matrix are very similar, with a value of -0.572 for
standard processing and -0.555 with the additional IPA step. When compared to the
human myocardial matrix to the porcine myocardial matrix, the (n) values deviate
slightly. The (n) values across all samples are observed to be negative, which indicate
that the material is shear thinning. Because of this, the materials will have a lower
viscosity when experiencing higher shear rates, such as those that occur when passing

through a catheter or needle during injection.
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Table 3. Complex viscosity of the liquid porcine myocardial matrix
material at 25°C

Condition k n r
6mg/ml

Standard 0.1300 -0.466 0.955
0.5x PBS 0.1548 -0.523 0.959
1.5x PBS 0.1580 -0.519 0.963
8.5 pH 0.2030 -0.550 0.978
10.0 pH 0.1502 -0.523 0.907
8mg/mil

Standard 0.4976 -0.617 0.982
0.5x PBS 0.4402 -0.656 0.994
1.5x PBS 0.4641 -0.580 0.983
8.5 pH 0.4568 -0.606 0.988
10.0 pH 0.4410 -0.524 0.987

Graph 1: Viscosity of liquid porcine myocardial matrix at 25 C under
standard conditions at 6 mg/ml and 8 mg/ml
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Table 4. Complex viscosity of the human myocardial matrix material at 25°C

Condition k n r
Standard 0.1341 -0.572 0.920
IPA 0.2097 -0.555 0.955

Graph 2: Viscosity of human myocardial matrix compared to
porcine myocardial matrix at 6mg/ml under standard conditions
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2.3.4 Swelling Ratio

The swelling ratios by mass for the five conditions at both material
concentrations for the porcine myocardial matrix are summarized in table 5. The

swelling ratios for the two different processing methods of the human myocardial



matrix are included in Table 6. There were no statistically significant variations

between any of the groups.

Table 5 Swelling ratio of porcine ECM gels by mass after gelation at 37°C

Condition 6 mg/ml 8 mg/mi
Standard 58.42 +10.20 57.40 £ 2.39
0.5x PBS 55.90 + 8.36 57.00+1.19
1.5x PBS 56.42 +5.48 55.75 + 4.68
8.5 pH 55.69 + 4.34 56.18 + 2.63
10.0 pH 59.84 +5.44 57.74 £ 5.59
Mean + SD

Table 6. Swelling ratio of human ECM gels by mass after gelation at 37°C

Condition 6 mg/ml
Standard 65.84 + 6.53
IPA 78.97 £11.15
Mean + SD

2.3.5 Turbidimetric Gelation Kinetics

Marked changes in gelation kinetics were observed when varying salt
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concentration in the porcine myocardial matrix. As a result, a turbidimetric assessment

was performed to quantify gelation kinetics. The absorbance of the gels at 405 nm

wavelength was measured to analyze the turbidmetric gelation kinetics. The results for

the material at 6 mg ml—1, as absorbance and normalized absorbance plotted over time,

are shown in graph 3. The calculated parameters t1/2, tj5g, and S from the linear fits are

summarized in table 7. The results for 1.5x PBS were omitted because of the long
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gelation time. After 8 hour, the 1.5x PBS samples did not show an increase in
absorbance and when visually inspected had not formed gels. When these gels were
further incubated at 37 -C for a total of 16 h, gels were formed. Therefore, gelation time
for 1.5x PBS samples ranged from 8 to 24 h. Changing the salt concentration had a
significant effect on gelation kinetics. Samples with salt concentrations of 0.5x PBS had
a significant decrease of t1/2 and increase of slope (table 7). This indicates that
lowering salt concentration shortens the gelation time with an increase in the rate of
gelation. Thus, the observations of dramatically slower gelation at 1.5x PBS were
consistent with these findings.

The gelation kinetics for the human myocardial matrix was also quantified using
turbidemetric assessment. The normalized absorbance plotted over time in graph 4 and
the calculated parameters from the linear plot are summarized in table 8. The additional
IPA step in the processing of the human myocardial matrix does not significantly affect
gelation kinetics parameters when compared to the standard mode of processing.
However, the human myocardial matrix gels gel considerably faster when compared to
the porcine myocardial matrix at standard conditions, with a steeper slope, shorter Tiag

and shorter Tqo.



Graph 3: Turbidimetric Gelation Kinetics of Porcine Myocardial Matrix
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Table 7. Turbidity results for lag time (tlag) slope of linear region(S),
and half gelation time (t1/2) of porcine myocardial matrix at 6mg/mL

Condition tiag (Min) S t12 (Min)
Standard 40.28 £1.91 0.01867 + 0.0012 67.14 £ 3.40
0.5x PBS 11.40 £ 2.17 0.05067 + 0.0021 21.27+2.33

Mean + SD
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Graph 4: Turbidimetric Gelation Kinetics of human myocardial matrix
compared to porcine myocardial matrix
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Table 8. Turbidity results for lag time (ti,g) slope of linear region(S) and
half gelation time (t;,) of human myocardial matrix at 6mg/mL

Condition tiag (Min) S t1/2 (min)
Standard 19.57+ 3.62* 0.0663 £ 0.0056 27.1514.24
IPA 14.25+£3.10 0.0471 £ 0.0037 2491+ 2.86
Mean = SD

2.4 Discussion
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In this study, an extracellular matrix hydrogel derived from porcine myocardial

tissue was further characterized to increase the understanding of modulating its material

properties. Particular interest was placed on the parameters of gelation including

temperature, salt concentration, pH, and material concentrations because each has been

previously shown to alter material properties of collagen hydrogels.
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Salt concentration had the most dramatic impact on gelation kinetics. As salt
concentration was increased, the rate of gelation decreased and the half time of gelation
significantly increased. Under standard conditions, 6 mg/mL ECM hydrogels had a ty,
of 67.14 £3.40 minutes upon incubation at 37 C. Decreasing the salt concentration to
0.5x PBS rapidly decreased the ty; value to 21.27 + 2.33 min. When the salt
concentration was brought up to 1.5x PBS, there was no observed increase in turbidity
in the first 8 hours, but a final gel was formed after 24 hours. Therefore it was
confirmed that gelation time was between 8 and 24 hours, significantly greater than
67.14 £3.40 minutes under standard conditions. The observation of increased gelation
time with the increased amount of salt is consistent with results seen in collagen gels.

For the liquid form of the porcine myocardial matrix at 25 C, it was shown that
with an increase in shear rate, a decrease in complex viscosity was observed. This
phenomenon is known as shear thinning, which also occurs with collagen in the liquid
form. The complex viscosity of the porcine myocardial matrix only differed with
material concentration and did not differ for changes in pH or salt concentration.
Viscosity is defined as the resistance of flow by a fluid and is affected by the degree of
intramolecular and intermolecular forces. Therefore, the increase of complex viscosity
at higher material concentrations can be explained by an increase of intermolecular
force [59].

The swelling ratio of the material did not alter significantly when changing pH,
salt concentration, or material concentration. This is not expected, since there were

significant differences in the storage modulus between groups. The mass of the material
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increased over 55 times its original dry weight when transitioning from a dry powder to
a hydrogel. However, it should be noted that the standard deviations for the swelling
ratios had a range of 2-20% of the mean value. Thus the variation between groups might
have been masked by the large discrepancies within any groups.

When comparing the storage modulus of the porcine myocardial matrix to the
two different human myocardial matrices, there was a significant difference between
porcine and human myocardial matrix processed with standard protocol. However,
when the human myocardial matrix was processed with IPA, the stiffness of the gel was
the same as the porcine myocardial matrix (data for porcine myocardial matrix courtesy
of Todd D. Johnson[58]). This observation may be explained by the lipid content of the
myocardial matrix processed under standard protocol. Lipids, having both a hydrophilic
and hydrophobic region, may have altered hydrophilic interactions in collagen proteins
during self-assembly and thus yielding a significantly weaker gel[60].

The complex viscosities of the liquid human myocardial matrix were
comparable to the viscosities of the liquid porcine myocardial matrix. However, a slight
increase in viscosity was observed when the human tissue was treated with IPA during
the decellularization process when compared to the standard processing. IPA solubilizes
lipids as well as certain glycosaminoglycans but leaves proteins intact. The slight
increase of viscosity may be explained by an overall increase in protein concentration in
the end processing of the human myocardial matrix. The swelling ratios of the human
myocardial matrix did not significantly differ from the each other and from the porcine

myocardial matrix.



35

The gelation kinetics of the human myocardial matrix did not significantly differ
based on the mode of processing. However, the human myocardial matrix gelled
significantly faster than the porcine myocardial matrix at the same standard conditions.
The standard human myocardial matrix had a ty, of 27.15 £ 4.24 minutes. These
differences may be attributed to the inherent differences in biochemical composition of
the extracellular matrices between species, however further biochemical analysis will be

required to determine what differences exist.

2.5 Conclusion

When selecting a biomaterial for injectable delivery, the material properties are
very important parameter to understand. Collagen is a commonly used biomaterial and
many of its properties have been characterized. In addition, tailoring the mechanical
properties by varying gelation parameters has also been explored previously. However,
no studies have been conducted to characterize the material properties of the
decellularized ECM hydrogels. Therefore, this study aimed to better characterize
mechanical properties of the naturally derived ECM hydrogel and demonstrated that the
mechanical properties can be modulated by changing gelation conditions.

From this study, it was established that the ECM material readily gels when
brought to 37 C. At 37 C, the rate of gelation can be controlled and increased from
about 20 minutes to over 8 hours by increasing the salt concentration. In addition,
changing the salt concentration also showed a decrease in the storage modulus of the
material. It was also demonstrated that the increase in material concentration led to an

increased viscosity in its liquid form. Overall, this study demonstrated that some



material properties of the ECM material and those properties can be tailored. This can
be useful for the future development of the material for in vitro and in vivo when

optimum properties for the material are determined.
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CHAPTER THREE:

CELLULAR BEHAVIOR ON A CARDIAC
EXTRACELLULAR MATRIX HYDROGEL
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3.1 Introduction

Cell culture of mammalian cells has served as a platform to investigate cell and
tissue physiology and pathophysiology outside of an organism. The traditional approach
is to culture cells on two-dimensional substrates like polystyrene tissue culture plates.
For years, the cells cultured in these 2D settings have provided a base for observing
complex processes, such as stem cell differentiation, proliferation, and gene expression.

However, recent work has shown that cells will often exhibit unnatural behavior
when cultured on 2D polystyrene constructs and confined to a cell monolayer[61]. In an
early study, stark differences were observed between human breast epithelial cells
grown on a 2D monolayer compared to 3D analogs[62]. In 2D, the cells developed
tumor cells, but when grown in 3D, they assumed normal growth behavior.
Furthermore, work by Engler et al demonstrated that the differentiation of human
mesenchymal stem cells is dependent on the mechanical stiffness of the 2D culture
platform [63]. These results show the limitations of traditional cell culture on
polystyrene tissue culture surfaces.

Recently, there has been recent interest in designing three-dimensional scaffolds
that mimic the native cellular environment for in vitro cell culture. Extracellular matrix
hydrogels such as collagen, fibrin, hyaluronic acid and Matrigel have been explored as
scaffolds to observe cellular response in vitro[61]. These materials are derived from
natural sources and are inherently biocompatible. They have been shown to promote
cellular function, proliferation, and viability. However, with the exception of Matrigel,

these ECM materials are of single components and do not fully mimic the complex
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native cellular environment. Matrigel is a complex mixture of ECM components, but it
is derived from a mouse sarcoma cell line and cannot accurately represent native tissue
composition.

With the development of decellularization technology, extracellular matrix
hydrogels that mimic the native tissue’s complex composition can be made. The
myocardial matrix is one example. In recent work by DeQuach et al[46], when human
embryonic stem cell derived cardiomyocytes were plated on myocardial matrix coated
tissue culture surfaces, increased rates of maturation were observed when compared to
standard gelatin coatings. This demonstrates the advantageous changes in cellular
behavior by the myocardial extracellular matrix.

Because the myocardial matrix has been shown to be advantageous as a coating,
this study aims to determine the feasibility of using the myocardial matrix in a hydrogel
form as a platform to study cellular phenomenon in vitro. The cytocompatibility of the
hydrogel was first assessed using a live/dead stain, the cell attachment was assessed
using a MTT dye reagent, and cell proliferation was assessed using Picogreen dsDNA
reagent and MTT dye reagent. Finally, cellular infiltration was assessed by

cryosectioning and staining with Hematoxylin and Eosin.
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3.2 Materials and Methods

3.2.1 Hydrogel Formation

The myocardial ECM and rat-tail collagen type | hydrogels were formed using
methods stated in section 2.2.X. In short, the pH and salt concentration of the
enzymatically digested cardiac ECM and rat-tail collagen type | were adjusted to
physiological conditions (pH 7.4 and 1x PBS) using 1.0M NaOH and 10X PBS
respectively on ice. The concentration of each was adjusted with 1x PBS end
concentration of 6.0mg/mL for the cardiac ECM and 2.5mg/mL for the rat-tail collagen
allowed to fully gel at 37C. For the subsequent cell viability, cell attachment, MTT
assay, and Picogreen assay, 50uL ECM or collagen gels were formed in 96 well plates.

For the invasion study, 500uL ECM gels were formed using a 4mL scintillation vial.

3.2.2 Matching Rheological Properties

Rheological measurements of both ECM and collagen | hydrogels were made
with a TA Instruments ARG2 Rheometer, following the protocol stated in section 3.2.1.
In brief, 500uL collagen type | gels were made ranging from 2mg/mL to 5mg/mL and
ECM gels were made at 6mg/ml. The storage modulus (G’) over frequencies of 0.04-16

Hz was recorded and the storage modulus at 1 rad s—1 or 0.16 Hz was compared.

3.2.3 Cell culture

Rat aortic smooth muscle cells RASMCs were chosen for the study because it

was previously shown that these cells migrate into the ECM and contribute to
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neovascularization in vivo[10]. Therefore, we wanted to investigate the behavior of
these cells in vitro. RASMCs were isolated from 3 month old Harlan Sprague—Dawley
rats, as previously described[10]. In short, the aorta was isolated, free adventitia was
removed, and endothelial cells were rinsed off. Following, the aorta was minced into
small pieces and RASMCs were grown out of explants. The cells were cultured in
growth media , containing phenol-red free DMEM supplemented with 10% Fetal
Bovine Serum (FBS) and 1% penicillin/streptomycin and split 1:4 using trypsin when
80% confluent. Phenol-red was excluded from the media because it has been shown to

interfere with many biochemical assays. Cells passages 4-9 were used for experiments.

3.2.4 Cell Viability

RASMCs were seeded on the top surface of the gels in 96-well plates at a
density or 20,000cells/well with media changes every 2 days. The cell viability of the
RASMCs grown on the ECM hydrogels were assessed at 24 hours, 3 days, 5 days, 7
days and 10 days after initial seeding using a live/dead assay (Invitrogen, Carlsbad, CA)
following manufacturer’s protocol. At the given time points, the ECM hydrogels were
washed with PBS and incubated in a solution of 1.0 pL of Calcein AM and 1 pL of
ethidium homodimer-1 in 1 mL PBS (calculate out concentrations later) for 30 minutes.
The gels were then rinsed 2x with PBS and imaged using a Zeiss Axiovision

microscope.
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3.2.5 Cell Attachment

Cell attachment of the RASMCS onto the hydrogels was assessed using a
modified version of a previously published protocol [64]. Porcine ECM and collagen
type I hydrogels were prepared as described in section 3.2.1. RASMCs were seeded on
the top surface of the porcine ECM hydrogel, collagen I hydrogel, or uncoated
polystyrene at a density of 50,000 cells per well in a 96-well plate. Wells with each type
of gel incubated with media but without cells served as controls. At different time
points, 15 minutes, 30 minutes, 45 minutes, 1 hour, 1.5 hours, the wells were rinsed
with PBS three times to remove any non-adherent cells. 100 uL of fresh growth media
supplemented with 0.33mg/mL MTT reagent was added to each well and incubated for
4 hours. During this time, the pale yellow MTT reagent is being cleaved by living cells,
yielding a purple formazan product. After incubation, MTT reagent and media were
carefully removed. 200uL of DMSO were then added to each well and the plate was put
on a shaker for 5 minutes to fully dissolve the purple formazan crystals. The plate was
read for absorbance at 570nm wavelength using a Synergy™ 4 Multi-Mode Microplate

Reader (Biotek).

3.2.6 MTT Assay

RASMC were seeded on the surface of the myocardial ECM or collagen
hydrogels at a density of 20,000 cells per well and media was changed every other day.
Gels with media but without cells served as controls. The relative metabolic activity of

the cells in each condition was quantified at 24 hours, 3 days, 5 days and 7 days using
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the MTT assay. At the given time points, the cells were briefly washed with PBS to
remove non-adherent cells. The cells were incubated in growth media supplemented
with 0.33mg/mL MTT reagent for 4 hours. During this time, the pale yellow MTT
reagent is being cleaved by living cells, yielding a purple formazan product. After
incubation, MTT reagent and media were carefully removed. 200pL of DMSO were
then added to each well and the plate was put on a shaker for 5 minutes to fully dissolve
the purple formazan crystals. The plate was read for absorbance at 570nm wavelength

using a Synergy™ 4 Multi-Mode Microplate Reader (Biotek).

3.2.7 Picogreen Assay

RASMC were seeded on the surface of the ECM or collagen hydrogels at a
density of 20,000 cells per well and media was changed every other day. Gels with
media but without cells served as controls. To assess overall cell proliferation on the
hydrogels, the total DNA content was quantified using the Quant-iT Picogreen Kit
(Invitrogen, Carlsbad, CA) at 24 hours, 3 days, 5 days and 7 days. Media was aspirated
from the wells and the hydrogels were washed with PBS to remove non-adherent cells.
Each sample was then frozen at -80C and thawed at room temperature to lyse the cells.
The hydrogel scaffolds were then digested with 100uL of 0.5mg/mL Proteinase
K(Invitrogen, Carlsbad, CA) at 60C overnight. Total hydrogel digestion was confirmed
by observing a clear homogeneous liquid in each well. The samples were then

transferred to a 96-well plate and 100uL of Picogreen reagent was added to each
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sample. A standard was prepared using A bacteriophage DNA. The plates were read at

485/538 nm using a Synergy™ 4 Multi-Mode Microplate Reader (Biotek).

3.2.8 Cellular Infiltration

The growth and invasion of the RASMCs in the ECM hydrogels were evaluated
by histological methods. Disks of ECM hydrogel were made by using a 4mL
scintillation vial as a mold. After the ECM hydrogel was completely gelled, it was
incubated in growth medium for 24 hours. RASMS were seeded on the top surface of
the gel at density of 50,000 cells per gel. The medium was changed every other day
until the cells reached visible confluence under light microscopy at 7 days. The samples
were then frozen in Tissue Tek O.C.T. freezing medium, sectioned at 20um slices, and

stained using Hematoxylin and Eosin (H&E).

3.2.9 Scanning Electron Microscopy

ECM gels were cross-linked with 2.5% glutaraldehyde (Sigma-Aldrich, Grade
11, 25%, St Louis, MO) for 2 h then dehydrated with a series of ethanol washes of
increasing concentration (30%, 50%, 75%, and 100%). The gels were critical point
dried from ethanol in CO2 using a Tousimis AutoSamdri 815A. Samples were mounted
and then sputter coated with chromium (Cr) or iridium (Ir) using an Emitech K575X

Sputter Coater. Imaging was done with a FEI XL30 UHR SEM.
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3.3 Results

3.3.1 Matching Rheological Properties

To determine an appropriate control for the subsequent cell studies, the storage
modulus (G’) of the 6mg mL ECM hydrogels were matched to a collagen type I
hydrogel. Matching the rheological properties was done because previous studies have
shown mechanical stiffness of a hydrogel affects multiple aspects of cellular behavior,
including attachment, proliferation, and metabolic activity. A collagen hydrogel of
2.5mg mL was found to have a storage modulus that was not significantly different than
the 6 mg mL ECM hydrogel and was chosen as a control for subsequent studies (data

not shown).

3.3.2 Cell Viability

Initial cell viability of the cells cultured on the ECM hydrogel was first assessed
using a live/dead stain. The calcein AM is actively transported through the cellular
membrane of living cells and becomes trapped. It is then converted by esterase in the
cell into a green fluorescent calcein, which has an excitation and emissions of
wavelengths 495/515nm respectively. In contrast, the ethidium homodimer-1 is a cell-
impermeant indicator that has a high-affinity nucleic acid. In dead cells, the cell
membrane becomes compromised, allowing the ethidium homodimer-1 to bind to the
DNA in the cell nucleus. Thus, the green fluorescence indicates cell viability and the

red fluorescence indicates dead cells. After 24 hours after initial seeding, the RASMCs
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cultured on the cardiac ECM hydrogel attach and the majority of the cells are viable.
Over the course of the ten day culture, the cell viability remains relatively the same and
the cells are seen to proliferate. By day 10, the cells form dense confluent sheets as seen

in Figure 2e.

Figure 2: RASMC cell viability over span of ten days. (a) day 1, (b) day 3, (c) day 5,
(d) day 7, (e) day 10; Scale bar = 200pum
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3.3.3 Cell Attachment

Using the MTT dye reagent, the rate of cell attachment on the ECM gel,
collagen gel, and uncoated polystyrene surfaces were assessed. The MTT is quickly
metabolized by the mitochondria in the cells through the enzyme succinate
dehydrogenase to yield purple formazan crystal. The crystals can be dissolved and the
absorbance read to give a quick, simple, and sensitive way to determine the overall
quantity of live cells attached to a substrate in a microwell plate. Graph 5 shows the
attachment of RASMCs when seeded on uncoated polystyrene, collagen gels, and ECM
gels over a time period of 180 minutes. The results show that the polystyrene supports
the most cell adhesion, followed by collagen gels and then ECM gels.

Graph 5: Attachment of RASMC over time
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3.3.4 MTT Assay

The MTT dye reagent was also used to assess the proliferative properties of the
RASMCs cultured on uncoated polystyrene, collagen gels, and ECM gels. Graph 6
shows the comparison in cell number over the course of 7 days. Data from cells cultured
on polystyrene were excluded from the plot because the cell number exceeded the range
of the assay by day 3, indicating a much higher rate of proliferation when compared to
the collagen and ECM gel conditions. At each time point, there were significantly more

cells on the collagen gels when compared to the ECM gels. (p< 0.01)

Graph 6: MTT of RASMC over 7 days on ECM and Collagen gels
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3.3.5 Picogreen Assay

To confirm the results observed in the previous MTT assay, a picogreen assay
was performed to assess total DNA content present on the uncoated polystyrene,
collagen gel, and ECM gel. The picogreen reagent is a fluorescent nucleic acid stain for
double stranded DNA in solution. The picogreen reagent does not fluoresce, but upon
binding to dsDNA, it exhibits a > 1000-fold fluorescence enhancement. Thus the
fluorescence intensity of a sample can be related to the overall DNA content of a
sample. Graph 7 shows the comparison in total DNA content of the cells grown on
collagen and ECM gels over the span of 7 days. Data from cells cultured on
polystyrene were excluded from the plot because the cell number exceeded the range of
the assay by day 5, indicating a much higher rate of proliferation when compared to the
collagen and ECM gel condition. For days 1 and 3, there is significantly more DNA
content (p < 0.01) for collagen gels as compared to ECM gels, which represents more
cells being present on collagen gels. On day 5, the significance drops (p<0.05) and on
day 7 the significance between the two conditions disappears. However, there is a clear
trend showing that there are more cells present on collagen gels when compared to

ECM gels.
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Graph 7: Picogreen DNA Quantification
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3.3.6 Cellular Infiltration

The RASMC:s cultured on top of the ECM hydrogels were able to grow and proliferate.
After 7 days in culture, the cells formed a multilayer of cells on top of the gel as seen in

Fig 3. The cells did not migrate through the gel and remained on the top surface of the

gel.
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Figure 3: RASMC multilayer after 7 days. Scale bar = 100um

3.3.7 Scanning Electron Microscopy

To assess the limited cellular migration observed with RASMCs are cultured on ECM
hydrogels, SEM images were taken. The ECM hydrogels were previously shown to be a
nanofibrous, mesoporous in structure. It was expected that cells would migrate through
the porous network of ECM hydrogel. However, the surface of the hydrogel forms a
smooth, continuous shell as seen in figure 4a. The thin shell surrounds the nanofibrous
structure which can be observed in a cross sectional image in figure 4b. The presence of

a continuous shell may explain why limited migration is observed.



Figure 4: SEM images showing the (a) surface of the ECM hydrogel and
(b) the cross sectional view of the ECM hydrogel with the nanofibrous center
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3.4 Discussion

In this study, the porcine myocardial matrix was characterized for its in vitro
cytocompatibility. Rat aortic smooth muscle cells (RASMCs) were chosen for this study
because they have been previously shown to be involved in neovascularization in vivo.
To assess initial cytocompatibility, the cells were seeded on the top surface of the ECM
hydrogels and observed for both survival and growth using a live/dead stain. The results
show that the vast majority of the cells survive on the ECM gel and continue to
proliferate to form dense monolayers, thus confirming the cytocompatibility of the
ECM material.

After confirmation of biocompatibility, cellular behavior on the surface of the
myocardial matrix hydrogel was compared to a collagen I hydrogel, which is a
commonly used hydrogel for tissue culture applications. To eliminate the effects of
different gel stiffness, the concentration of the collagen I gels was adjusted to match the
rheological properties of the cardiac ECM gels. When comparing the attachment of the
RASMCs on uncoated polystyrene, collagen gels and ECM gels, the cells significantly
adhered more to the polystyrene surfaces. This is expected, since several studies have
indicated that cells will preferentially attach to stiffer surfaces. However, when
comparing the RASMC attachment on collagen | gels with the ECM gels, there was
significantly more attachment on the collagen I gels. This result is not surprising
because the ECM gels have a different composition that includes proteoglycans and
glycosaminoglycans that may interfere with cell adhesion[65]. Proteoglycans in the

ECM can interact with cell adhesion ECM ligands and interfere with cell adhesion.
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Small interstitial dermatan sulfate and decorin are some examples of proteoglycans that
interfere with cellular adhesion [66].

When comparing the proliferative abilities of the RASMCs on the three different
surfaces, the polystyrene showed the highest levels of cell proliferation. The cell
number got so high and exceeded the range of both assays. When cells are seeded on
extremely stiff 2D surfaces such as polystyrene, they assume a synthetic phenotype and
are extremely proliferative. The decreased in proliferative abilities on the ECM
hydrogels when compared to collagen | gels may be also explained by the rich
proteoglycan and glycosaminoglycan content. The anti-proliferative properties of
heparin and heparin sulfate RASMCs have been well documented [67-72]. In addition,
over-sulfated glycosaminoglycans, such as chondroitin and dermatan sulfate have been
shown to further decreases cell proliferation [73].

The invasive properties of RASMCs were explored using H&E analysis.
Previously, in vivo, RASMCs and endothelial cells were shown to infiltrate the gel and
form arterioles. However, in vitro, very little migration into the gel was observed.
Instead, the cells formed confluent multilayer of cells on the top surface of the gel.
Upon further inspection using SEM, the ECM hydrogels are shown to form a shell
around the porous nanofibrous structure previously described, which may have
inhibited the cell’s ability to migrate through. In addition, the continuous shell may
have also prevented nutrients from the media to freely diffuse into the center of the gel,
creating a less ideal environment for cells. As a result, the cells remain in the nutrient

rich outer region and are not attracted to the nutrient void interior.
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3.5 Conclusion

This study demonstrated that cells readily adhere to the ECM hydrogel in vitro.
Once adhered, the cells proliferate to form a monolayer on the top surface of the
hydrogel. These results suggest that the ECM hydrogel can be used as a potential

platform to study cellular behavior in vitro.
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4.1 Conclusion

Heart failure continues to be one of the leading causes of death in the western
world and it is evident that alternative treatments need to be developed. Recent
strategies have taken tissue engineering approaches to develop biological scaffolds to
facilitate the repair of damaged heart tissue. In particular, ECMs that are derived from
decellularizing native tissue have been explored by a number of groups for cardiac
tissue engineering. Decellularized materials are promising because they take advantage
of nature’s platform to create an intrinsically complex extracellular matrix scaffold that
is thought to mimic the native extracellular matrix environment. The myocardial
matrix, being derived from the myocardium, is thought to contain cardiac specific cues
for cell-matrix interactions in the heart, making it a suitable scaffold for cardiac tissue
engineering. The myocardial matrix can be processed into an injectable form that will
self-assemble into a hydrogel under physiological conditions.

To better understand the myocardial matrix material, material properties
including viscosity, swelling ratio, and gelation kinetics of the porcine myocardial
matrix were determined. When gelation conditions of pH, salt concentration, or protein
concentration were altered, there were significant changes in some of the material
properties. Higher salt concentration was shown to significantly slow the rate of
gelation. Higher protein concentration was shown to increase viscosity due to the
increase in intermolecular forces. There was no significant change in swelling ratio

observed when gelation conditions were changed.
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Differences between human and porcine myocardial matrix were observed in
stiffness and in gelation kinetics. The human myocardial matrix was less stiff and gelled
at a faster rate when compared to the porcine myocardial matrix. There was no
significant difference between the observed swelling ratios.

The porcine myocardial matrix was shown to support smooth muscle cell
attachment and growth in vitro under static conditions. When compared to a collagen |
gel of the same stiffness, there was significantly more attachment and proliferation on
the collagen I gels. When the smooth muscle cells were cultured on the myocardial
matrix gel, the cells formed a confluent multilayer of cells on the surface and did not
migrate through the material. On inspection of the SEM images, a phase separation
occurs and a shell is formed around the porous nanofibrous center. This shell may be
hindering the diffusion of nutrients to the center of the hydrogel. With a nutrient
deficiency in the center, the cells remain on the top surface of the hydrogel and do not
migrate into the hydrogel.

Overall, this work further characterizes the myocardial matrix hydrogel and
contributes to our understanding of the behavior of this material. The results
demonstrate that some mechanical properties, such as storage modulus and gelation
kinetics, can be modulated by changing gelation conditions. This study also validates
the feasibility of the myocardial hydrogel to be used as a platform to study cell hydrogel
interactions in vitro. Both results greatly increase our understanding of the myocardial
matrix material and will aid in the future development of the material as a potential

treatment for M.
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4.2 Future Directions

The major limitation in this study is the fact that the myocardial matrix is a
naturally derived material, which suffers from batch-to-batch variability. Therefore, it
may be difficult to repeat the results when different batches of extracellular matrix are
used for experimentation.

There were observable differences between the human myocardial matrix and
the porcine myocardial matrix. However, currently, there are too many variables present
to determine the reason behind the differences in material properties. Further
biochemical analysis may help answer these questions. Mass spectrometry can be used
to help determine the different components of the human myocardial matrix. Collagen
content in both materials can be determined through the use of western blots or the use
of a Sircoll assay kit. Also, differences may have been due to age differences, since age
has been shown to increase collagen content in the native cardiac extracellular
matrix[74].

This study validated the in vitro cytocompatibilty of the myocardial matrix
hydrogel. Further studies can now be done to assess cellular behavior when cultured on
top of the ECM gel. For example, gPCR analysis, western blots, and immunostaining
for alpha-smooth muscle actin (SMA) can determine differences in differentiation.
Since no migration was observed with the RASMCs were cultured on top of the
hydrogel, cellular behavior could be assessed when encapsulated in the extracellular
matrix hydrogel. This will give the cells access to the nanofibrous interior and help

question if the limited migration is actually due to the shell formation or a diffusion



limitation in nutrients. Studying cellular behavior in this 3D environment may also

prove to be a better model for studying cell-matrix interactions.
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