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ABSTRACT OF THE DISSERTATION 

 

 

DESIGN AND TESTING OF SAFE AND VERSATILE BIOMATERIAL THERAPIES FOR 
CARDIAC REPAIR POST-MYOCARDIAL INFARCTION 

 

by 

 

Sophia Lynn Suarez 

 

Doctor of Philosophy in Bioengineering  

 

University of California, San Diego, 2015 

 

Professor Adah Almutairi, Co-Chair 
Professor Karen L. Christman, Co-Chair 

 

 

  Heart failure (HF) post-myocardial infarction (MI) is a leading cause of 

death in the United States. Injectable biomaterials have been evaluated as 

potential new therapies for MI and HF. These materials have improved left 
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ventricular (LV) geometry and function in animal models, but there remains a 

need for improved design of biomaterial therapies to ensure patient safety and 

facilitate therapeutic versatility. The goals of this dissertation were to investigate 

the effect of biomaterial injection on electrophysiology to inform the design of 

safe therapies and to improve biomaterial versatility by designing microparticles 

with tunable release profiles. 

  There remain concerns that biomaterial injection may create a substrate 

for arrhythmia. We utilized optical mapping to assess the effects of biomaterial 

injection and interstitial spread on cardiac electrophysiology. Healthy and 

infarcted rat hearts were injected with a hydrogel with varying degrees of 

interstitial spread. The degree of the electrophysiological changes depended on 

the spreading characteristics of the hydrogel, such that hearts injected with 

highly spread hydrogels showed no conduction abnormalities. Conversely, 

injection of a hydrogel exhibiting minimal interstitial spread may create a 

substrate for arrhythmia by causing LV activation delays and reducing gap 

junction density at the site of injection. Thus, this work establishes site of delivery 

and interstitial spread characteristics as important factors in the future design of 

biomaterial therapies for MI treatment.  

  Biomaterials can protect and sustain release of therapeutic payloads, but 

most biomaterials have defined degradation kinetics, limiting the payload 

release to one time frame. We harnessed the tunable degradation and acid-

sensitivity of acetalated dextran (AcDex) to design microparticles for injection 

post-MI. Protein release ranging from days to weeks was shown in low pH 
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environments similar to what is found in an infarcted heart. Furthermore, we 

utilized the tunable degradation of AcDex to determine how delivery rate 

impacts the efficacy of hepatocyte growth factor (HGF), a known 

cardioprotective growth factor. HGF-f delivery was optimal over three days post 

intramyocardial injection, yielding the largest arterioles, fewest apoptotic 

cardiomyocytes bordering the infarct and the smallest infarcts.  This work will help 

inform the design of future HGF-based therapies and provides a platform for 

tunable delivery of therapeutics to the heart post-MI.  
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CHAPTER ONE:  

Introduction 
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1.1 Heart failure post-myocardial infarction 

 Over 80 million adults in the United States have at least one 

cardiovascular disease (CVD) and one in three deaths in 2010 were attributed to 

CVD [1]. Heart-failure (HF) post myocardial infarction (MI) causes the majority of 

deaths resultant from cardiovascular-related disease [2]. Following a MI, 

reparative mechanisms lead to collagenous scar formation in place of the 

damaged myocardium. The non-contractile nature of the scar leads to 

hypertrophy of the viable myocardium, infarct wall thinning and ventricular 

dilation [3]. If left untreated these processes progress until the heart no longer 

pumps adequately to supply sufficient blood to the body, defined as HF. The 

current gold standard treatment for end-stage HF is heart transplantation, a 

highly invasive surgery for which only a fraction of patients are eligible due to the 

limited availability of donor hearts. In addition, left ventricular assist devices 

(LVADs) prolong and improve quality of life for some patients with end-stage HF, 

however, LVAD implantation increases risk of stroke and infection. Furthermore, 

no current therapy prevents the negative remodeling process that leads to HF. 

Given the drawbacks of current state-of-the-art treatments, development of new 

therapies to mitigate negative left ventricular (LV) remodeling post-MI is crucial 

to patient quality of life and survival. Intramyocardial injection of biomaterials is 

becoming increasingly popular in the development of new treatments.  

 

1.2 Biomaterial therapies 
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  The field of biomaterials for treating MI has rapidly expanded over the 

past decade and in particular, injectable biomaterials, have been evaluated as 

potential minimally invasive therapies for MI and HF [4-7].  Biomaterials are 

desirable because they potentially provide biochemical cues for myocardial 

protection and/or regeneration, a scaffold for cellular delivery or endogenous 

cell infiltration, and/or a vehicle for delivery of therapeutic agents including 

growth factors, enzymes, and/or small molecule drugs over time. Injectable 

biomaterials can be classified in two main categories: hydrogels and particles.  

  Injection of hydrogels composed of a number of naturally derived 

materials including collagen [8, 9], alginate [10, 11], fibrin [12], chitosan [13], 

small intestinal submucosa [14], myocardial matrix [15, 16] and degradable 

synthetic materials [17-19] have shown therapeutic benefit post-MI. Hydrogels 

can protect and sustain release of growth factors [20-23] and help improve 

transplant survival of cells [4, 5, 24, 25]. Yet hydrogels also show promise for 

healing post-MI as material-alone therapies [10, 12, 16]. Most excitingly hydrogel 

injection post-MI has repeatedly influenced global cardiac parameters including 

improved or maintained LV geometry and ejection fraction (EF) [4-6]. These 

improvements in structure and function are accompanied by other positive 

changes including reduced fibrosis, increased angiogenesis and/or 

arteriogenesis and decreased apoptosis. The majority of these studies have been 

completed in small animal models, but as these therapies show positive results 

with potential for catheter delivery in some cases [11, 15], injectable hydrogels 
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are beginning to advance to large animal pre-clinical models [11, 16] and 

recently clinical trials [26, 27].  

  Another form of injectable biomaterial with promise for treating the heart 

post-MI is micro- and nanoparticles. While numerous materials have been used 

to create particle therapies for other applications, those used in the heart only 

include gelatin [28-32], PLGA [33-36] and polyketal-based polymers [37-41]. The 

most common use for directly injected microparticles to date is delivery of 

proteins including growth factors and enzymes, as well as small molecule drugs. 

While proteins can stimulate many important cellular processes needed for 

healing, their stability and longevity in vivo is short-lived due to enzymatic 

degradation and/or physical clearance [42]. Encapsulation within microparticles 

protects them against these external factors and provides a means of sustained 

release. While small molecules tend to be more stable than proteins, particle 

delivery still enhances their benefit through sustained release. Similar exciting 

results to those observed following hydrogel injections have been observed 

following particle injections post-MI. For example, vascular endothelial growth 

factor (VEGF) released from microparticles caused significantly greater growth of 

capillaries and arterioles in the borderzone and infarct areas and reduced wall 

thinning compared to free VEGF or empty particles [33]. Superoxide dismutase 

(SOD)-containing particles reduced superoxide levels in the borderzone and the 

number of apoptotic cells in the LV to the same level as in sham-treated rats 

three days after treatment [37]. Furthermore, SOD-containing particles reduced 

the impact of ischemia on fractional shortening, whereas free SOD and empty 
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particle had no impact on the decline of fractional shortening post-MI. Injection 

of microparticles containing a p38 inhibitor significantly inhibited p38 

phosphorylation, superoxide production, and tumor necrosis factor alpha (TNF-α) 

production compared to free p38i or empty particles [38]. Finally, injection of 

nanoparticles containing insulin growth factor (IGF-1) was more effective in 

reducing LV dilation, thickening infarct wall, reducing infarct area, and 

enhancing fractional shortening and ejection fraction 21 days post-injection 

compared to unencapsulated IGF-1 and empty particles [36].  So far particle-

based therapies post-MI have only been tested in small animal models.  

  Thus, with the promise of injectable biomaterials, it is exceedingly 

important to understand the mechanisms by which biomaterials affect the 

underlying tissue and the impact on not only treatment of the pathological 

condition, but also patient safety.  Furthermore there is room for improved design 

of biomaterials therapies to increase therapeutic versatility.  

 

1.3 Biomaterial safety 

  Many patients eligible for a cell and/or biomaterial therapy may already 

be at increased risk of ventricular arrhythmia [43], so it is essential that the 

therapy does not increase the ventricular vulnerability above the baseline level. 

However, previous studies have shown that injection of certain cell types disturbs 

normal electrical propagation through the tissue and increases vulnerability to 

dangerous ventricular arrhythmias [44-46].  Along similar lines, injection of a 

biomaterial in the myocardium could cause conduction abnormalities and alter 
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action potential propagation. If such changes occurred, the biomaterial could 

create a substrate for arrhythmia and ultimately a pose hazard to patient safety.  

However to date, studies aimed at understanding the effect of biomaterial 

injection on cardiac electrophysiology and arrhythmogenesis are lacking. 

Preliminary research from our group showed that injection of a bulk hydrogel into 

healthy myocardium caused an increase in LV activation time, while injection of 

microparticles did not [47]. The varying impact of the two forms of biomaterials 

on electrophysiology may be due to their varying degrees of interstitial spread.   

  Different hydrogels demonstrate varying degrees of interstitial spread [48-

50]. Hydrogels with low spread stay confined in a localized region resulting in 

myocardium being pushed to the perimeter of the hydrogel structure. In 

contrast, highly spread hydrogels occupy the interstitial space between 

neighbouring cardiomyocytes resulting in the presence of myocardial fibers 

throughout the hydrogel structure.  Particles are typically highly spread 

interstitially following injection. The amount of integration with the native 

myocardium may therefore influence how the biomaterial impacts the 

electrophysiological properties of the underlying tissue. 

 Furthermore, there is also heterogeneity in the site of delivery of 

biomaterials.  Injection of a hydrogel in the infarcted region of the myocardium 

has been advantageous through augmentation of LV wall mechanics [8] and 

promoting cellular migration into the region [51]. In contrast, injection into the 

viable border zone has shown improved myocardial salvage and prevention of 

infarct expansion [52]. The latter is also a common injection site when delivering 
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cells.  One concern is that the presence of the biomaterial in viable tissue may 

make that region vulnerable to alterations in electrical propagation. 

 

1.4 Biomaterial versatility 

 In healthy tissues, regulation of processes such as angiogenesis, fibrosis 

and apoptosis are controlled by precisely tuned spacio-temporal presentation of 

certain molecules. Alterations in this tight regulation occur following MI resulting 

in scar formation instead of tissue repair. Thus mimicking a normal healing 

pathway by delivering exogenous or inducing expression of endogenous 

molecules at the proper time could facilitate positive tissue remodelling following 

ischemic damage. While biomaterials have the ability to protect and sustain 

release of bioactive payloads, most biomaterials have a defined degradation 

profile, thus limiting payload release to one time frame. Expanding on this 

limitation slightly, a couple studies showed that two payloads could be released 

over different time frames from the same material; alginate hydrogels were used 

to sequentially release two growth factors in the heart post-MI [22, 23]. However, 

since the sequential release was due to different binding strengths of the two 

growth factors to the hydrogel the growth factors could not be released in the 

opposite order nor released at more than one rate to study the optimal delivery 

rate of each. Furthermore the release rate was determined by the structure of 

the payload thus limiting its versatility.  

  In studies not designed for delivery to the heart post-MI, a few strategies 

have been developed to deliver multiple payloads at different rates from 
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biomaterials. Several promising approaches for tunable delivery of growth 

factors have been developed, but each is limited to a specific category of 

payloads or is difficult to manipulate to provide more than two rates of release. 

The first approach takes advantage of growth factors’ variable heparin-binding 

strength with sulfated materials to create an affinity scaffold to sequentially 

release VEGF, PDGF-BB, and TGF-β1 [53] Here only molecules with heparin-affinity 

or a positive charge can be delivered. Using a similar strategy, polyelectrolyte 

multilayers were used to control the release of charged growth factors, in this 

case bFGF (+), layered with heparin (-) and a polymer (+), was released at a rate 

dependent on the number of layers assembled [54], limiting deliverable cargo to 

charged molecules. Polyelectrolyte multilayers have also been employed to 

create microcapsules using the Layer-by-Layer (LbL) encapsulation method. 

These microcapsules provide sustained release of several payloads including 

bFGF, however, to date the system has not been specifically designed for 

delivery to the heart post-MI. For instance, payload release often occurs around 

neutral pH [55, 56] and in some cases is actually prohibited in mildly acidic 

conditions [56]. Some studies have shown permeability of the microcapsules at 

low pH (<6) and impermeability at high pH (>8) [57] but no studies to date have 

shown impermeability at neutral pH (7.4) with permeability in mildy acidic pH (6-

7) [58], as desired for this application. Furthermore, in the majority of studies 

shown ~80% release of the payload occurs in 3-4 days [55, 56, 59] and no studies 

show sustained release over several weeks, a time frame that will likely be 

needed for healing post-MI. In one study changing layer thickness showed a 
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difference in release rate, but only of 5% at the time points shown [59]. A greater 

difference in release rate may be achieved by varying the loading method 

between pre- or post-loading, since these showed a larger difference in total 

protein released at 72 hours, but the long-term release trends were not explored 

[59]. The third approach embedded PDGF-loaded PLGA microspheres in an 

alginate hydrogel containing VEGF [60] to release VEGF followed by PDGF. 

Creating more than two rates of release with this system would require changing 

hydrogel density, particle size and/or particle concentration, and no 

hydrophobic payload could be released from the alginate hydrogel. The growth 

factors delivered in these studies are likely to be important in some healing 

pathways post-MI, but other payloads including hydrophobic small molecules, 

enzymes, and plasmid DNA have also shown promise in aiding healing post-MI 

[7]. Finally, these approaches are not designed for the mildy acidic environment 

of an infarct (pH 6.0-7.0) [61, 62]. 

 Tighter control over payload delivery rates would allow a more thorough 

investigation into when and for how long each therapeutic should be delivered 

after injury, thus informing the design of biomaterial-based therapies with optimal 

release kinetics. Furthermore, precisely tuned degradation would allow delivery 

of combinations of therapeutics to activate complementary healing pathways. 

Thorough biological mimicry of natural tissue repair processes would require 

numerous molecules delivered at different time points, and these combinations 

are not yet fully understood. However progress has been made towards 

understanding the influence of timing and order of therapeutic delivery in some 
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relevant processes. For instance, bFGF and VEGF are well known to stimulate 

blood vessel formation. Yet their efficacy is improved when a second factor, 

platelet derived growth factor (PDGF) or sphingosine-1-phosphate (S1P), 

respectively, is delivered subsequently. The combination of bFGF followed by 

PDGF or VEGF followed by S1P generates more mature vessels than either pair of 

factors delivered at the same time or in the opposite order [63, 64]. This type of 

investigation into the optimal time frame for delivering therapies to modulate 

other processes post-MI has not been studied. 

  A few candidate therapeutics that may be optimized by finely tuned 

temporal delivery include acidic fibroblast growth factor (aFGF) and neuregulin 

(NRG-1), two proteins important for cardiomyocyte survival, which were 

delivered in microparticles at the same time but did not produce the predicted 

synergistic effect, potentially due to an overlap in signalling pathways [35]. 

Perhaps if they were delivered sequentially this outcome would be different.  

Another potential target for finely tuned delivery post-MI is matrix-

metalloproteinases (MMPs). MMP-1 plasmid DNA delivered in microparticles 

reduced scarring post-MI [31]. However, MMPs have another important role in 

contributing to post-MI damage, namely breakdown of native extracellular 

matrix (ECM) proteins immediately following ischemic injury and cardiomyocyte 

death [65]. Thus, early downregulation and late upregulation of MMPs may be 

an effective strategy to minimize damage, by preserving healthy ECM and 

preventing scar formation, respectively.  
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1.5 Dissertation scope 

  The goals of this dissertation were to investigate the effect of biomaterial 

interstitial spread on electrical conduction to inform the design of safe injectable 

biomaterial therapies and to improve biomaterial versatility by designing 

microparticles with tunable release profiles to study the optimal time frame for 

delivery of a promising cardioprotective growth factor. 

  Chapter one provided an introduction to the need for new therapies to 

treat patients with heart failure post-MI, the promise of injectable biomaterials to 

fill this need, and areas for improvement regarding patient safety and 

biomaterial versatility.  

  Chapter two investigates the effect of injecting a hydrogel with varying 

degrees of interstitial spread into healthy and infarcted hearts on cardiac 

electrophysiology in terms of LV activation time, action potential duration, and 

repolarization. Furthermore changes in cellular connectivity following hydrogel 

injection are studied through quantification of gap junctions.  

  Chapter three describes the design of microparticles with tunable 

degradation rate and protein release profiles. Microparticles are shown to 

release a model protein and formulation-sensitive growth factor at rates varying 

from days to months, while maintaining growth factor activity. Finally 

biocompatibility of the microparticles is shown in healthy hearts setting the stage 

for use of the particles as a delivery vehicle for therapeutics to the heart post-MI. 

  Chapter four is a first of its kind study of the optimal time frame for 

delivering a known cardioprotective growth factor to the heart post-MI using 
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tunable microparticles. The study shows that microparticle degradation can be 

tuned even within the infarcted heart. Furthermore the study determines the 

optimal time frame for delivering a promising cardioprotective growth factor to 

the heart post-MI.  

  Chapter five provides a summary, conclusions and future work.  

 

  Chapter 1, in part, is a reprint of the material as it appears in Biomaterial 

Science 2015. Suarez S, Almutairi A, Christman KL. Micro- and nanoparticles for 

treating cardiovascular disease. 2015.  

  Chapter 1, in part, is a reprint of the material as it appears in 

Biomacromolecules 2014. Suarez S, Grover GN, Braden RL, Christman KL, 

Almutairi A. Tunable Protein Release from Acetalated Dextran Microparticles: A 

Platform for Delivery of Protein Therapeutics to the Heart Post-MI. 

Biomacromolecules. 2014.  

  Chapter 1, in part, is a reprint of the material as it appears in the 

submission to Acta Biomaterialia 2015. Sophia L. Suarez, Aboli A. Rane, Adam 

Muñoz, Adam T. Wright, Shirley X. Zhang, Rebecca L. Braden, Adah Almutairi, 

Andrew D. McCulloch, Karen L. Christman. Intramyocardial injection of hydrogel 

with high interstitial spread does not impact action potential propagation. 2015.  

  Chapter 1, in part, is in preparation for submission as: Sophia L. Suarez, 

Adam Muñoz, Aaron Mitchell, Rebecca L. Braden, Colin Luo, Jennifer R. 

Cochran, Adah Almutairi, Karen L. Christman. HGF cardioprotective efficacy 



13 
 

 

post-MI is maximized when released from quickly degrading acetalated dextran 

microparticles. 

  The dissertation author was the one of the primary investigators and 

author each of these papers. 
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CHAPTER TWO:  

Intramyocardial Injection of Hydrogel with High 

Interstitial Spread Does Not Impact Action 

Potential Propagation  
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2.1 Introduction 

With myocardial infarction (MI) affecting over one million Americans each 

year [66], there has been a push for the development of novel therapies for the 

treatment of MI, subsequent left ventricular (LV) remodeling and eventual heart 

failure (HF).  The field of biomaterials for treating MI has rapidly expanded over 

the past decade and in particular, injectable biomaterials, including hydrogels, 

have been evaluated as potential minimally invasive therapies for MI and HF. 

With the promise of injectable hydrogels, it is exceedingly important to 

understand the mechanisms by which this type of biomaterial affects the 

underlying tissue and the impact on not only treatment of the pathological 

condition, but also patient safety.  

Many patients eligible for a cell and/or biomaterial therapy may already 

be at increased risk of ventricular arrhythmia [43], so it is essential that the 

therapy does not increase the ventricular vulnerability above the baseline level. 

Injection of a hydrogel in the myocardium could cause conduction 

abnormalities and alter action potential propagation. If such changes occurred, 

the hydrogel could create a substrate for arrhythmia and ultimately a pose 

hazard to patient safety.  However to date, studies aimed at understanding the 

effect of hydrogel injection on cardiac electrophysiology and arrhythmogenesis 

are lacking.     

A variety of both biologically derived and synthetic hydrogels have been 

injected into infarcted tissue as a potential therapy for MI.  There is heterogeneity 

in both the site of delivery and interstitial spread of these biomaterials. One 
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concern is that the presence of the hydrogel in viable tissue may make that 

region vulnerable to alterations in electrical propagation. Another important 

concern is that different hydrogels demonstrate varying degrees of interstitial 

spread [48-50]. The amount of integration with the native myocardium may 

therefore influence how the hydrogel impacts the electrophysiological properties 

of the underlying tissue. 

Optical mapping is widely established as a robust technique for the 

detection, visualization and quantification of electrophysiological changes in 

cardiac tissue [67]. This technology has been recently utilized for the assessment 

of changes in electrophysiology and potential arrhythmogenesis after infarction 

[68, 69] and cellular transplantation at the site of infarction [70, 71]. Herein, we 

utilize optical mapping as a tool to assess the effects of injection of a hydrogel 

with varying interstitial spread on LV activation and repolarization in healthy and 

cryoinfarcted hearts. This work assesses the potential of this type of biomaterial to 

become a substrate for arrhythmias.  

 

2.2 Methods 

All experiments in this study were conducted in accordance with the 

guidelines established by the Institutional Animal Care and Use Committee and 

the American Association for Accreditation of Laboratory Animal Care and were 

approved by the Institutional Animal Care and Use Committee at the University 

of California, San Diego. 
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2.2.1 Preparation of injectable materials 

Hydrogels were prepared by mixing solutions of 4-arm polyethylene 

glycol-succinimidyl glutaramide (PEG-SGA, JenKem Technology USA, Plano, TX; 

50 mg/mL in phosphate buffer pH 4.0) and 4-arm polyethylene glycol-amine 

(PEG-NH2, JenKem Technology USA, Plano, TX; 50 mg/mL in borate buffer pH 8.0) 

to create PEG hydrogels by chemical crosslinking.  PEG-ASG and PEG-NH2 were 

combined in a 1:1 ratio and gelation occurred 40 seconds after mixing in vitro. 

 

2.2.2 Experimental Design 

  Sixty-six Sprague-Dawley rats were divided into healthy (n = 31) and 

cryoinfarct (n = 35) groups. Healthy animals received either hydrogel injection (n 

= 15), saline injection (n = 8) or no injection (n = 8) into the LV free wall.  Animals 

undergoing the cryoinfarct surgery were allowed to recover for one-week prior 

to injection surgeries. At the time of injection surgery animals were divided into 

treatment groups: hydrogel injection into the borderzone (n = 17) or no injection 

(n = 18). Twenty-minutes after injection, the hearts were excised and hung on a 

Langendorff apparatus to complete optical mapping experiments. After 

completing the mapping, hearts were prepared for histological analysis. Specific 

methods are detailed below. 

 

2.2.3 Cryoinfarction surgery 

  Female Sprague Dawley rats (n = 35) were anesthetized using 5% 

isoflurane, intubated and maintained at 2.5% isoflurane for the surgery 
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procedure.  A left thoracotomy was used to access the heart. A custom 

cryoprobe filled with liquid nitrogen was held at the apical end of the LV free 

wall for thirty seconds to create the cryoinfarct. The animals were sutured closed 

and allowed to recover. One week after cryoinfarction, hemodynamic 

measurements and an injection surgery were performed as described below for 

hydrogel-injected and non-injected groups. Hydrogel injections were made at 

the border zone of the basal side of the infarct.  Cryoinfarct location was 

selected so that the entire injury would be visible in the imaging frame and so 

that hydrogel injections could be made in a similar location to healthy hearts. If 

the probe location was inconsistent leading to a cryoinfarct that was too close 

to the apex (out of the viewing frame) or too close to the base (interfering with 

hydrogel injection) the hearts were excluded from analysis (n = 4 excluded from 

each group). No mortality occurred during these procedures.  

 

2.2.4 In vivo hemodynamic measurements and injection surgery 

Female Sprague Dawley rats (n = 31 healthy; n = 35 cryoinfarcted)  were 

anesthetized using 5% isoflurane, intubated and maintained at 2.5% isoflurane for 

the surgery procedure.  The animals were ventilated using a respirator at 75 

breaths/minute. The right carotid artery was carefully isolated and a pressure 

transducer (Millar; SPR-407) was inserted in through the carotid artery and 

advanced into the left ventricle. The isoflurane was reduced to 1% and the ECG 

and LV pressures were monitored and recorded. End diastolic pressure (EDP) was 

defined as the LV pressure at the peak of the QRS complex while peak systolic 
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pressure (PSP) was established as the maximum LV pressure. All pressure 

measurements were averaged over 10 beats in the cardiac cycle. After 

acquiring pressure measurements, the heart was exposed using a left anterior 

thoracotomy and injected once with either 75 µl of the hydrogel or saline using a 

27 G needle into LV free wall or not injected, as a sham group. To create a range 

of resulting interstitial spread of the hydrogel, the mixed solution was injected into 

the LV myocardium between 25 and 35 seconds after mixing. In general, the 

earlier the mixture was injected, the more interstitial spread occurred before 

gelation and vice versa. There was some variability in spread within one injection 

time point, but this method enabled a broader range of interstitial spread from 

approximately 20 to 50 % (see results).  Isoflurane was maintained at 2.5% during 

the injection procedure. Presence of the injection was verified by temporary 

discoloration of the tissue. If the hydrogel was partially or fully extruded from the 

tissue immediately following injection the hearts were excluded from final 

analysis (n = 3 healthy and n = 3 cryoinfarcted excluded). Post-injection 

hemodynamic parameters were measured 20 minutes after injection, or an 

equivalent time point after the heart was exposed for non-injected controls, as 

described at baseline. No mortality occurred during these procedures.   

 

2.2.5 Optical mapping of the polymer injection in Langendorff-perfused rat heart 

Final group numbers that were included in the optical mapping analysis 

were as follows:  healthy (hydrogel: n = 12, saline: n = 8, no injection: n = 8) and 

cryoinjured (hydrogel: n = 10, no injection: n = 14.  Immediately after post-
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injection hemodynamic measurements (20 minutes post-injection), the hearts 

were excised and arrested using a solution containing 25 mM NaHCO3, 2 mM 

CaCl2, 5 mM Dextrose, 2.7 mM MgSO4, 22.8 mM KCl, 121.7 mM NaCl, 20 mM 2,3 

butanedione monoxime.  The aorta of the heart was cannulated and attached 

to a Langendorff apparatus. The hearts were then retrograde perfused with a 

Tyrode’s solution (25 mM NaHCO3, 2 mM CaCl2, 5 mM Dextrose, 2.7 mM MgSO4, 

4.8 mM KCl, 121.7 mM NaCl, 10 mM Blebbistatin) at 37º C in a custom designed 

optical mapping chamber. A constant pressure of 70 mmHg was maintained 

and the flow rate was monitored. Blebbistatin (EMD Millipore, Darmstadt, 

Germany) was used as an electromechanical decoupler as previously shown to 

minimize motion artifact [72]. 

The heart was perfused with the voltage sensitive fluorescent dye di-4-

ANEPPS (Biotium, Hayward, CA) that was dissolved in dimethysulfoxide (DMSO) 

and diluted to 5.2 mM with Tyrode’s solution. A 10 mL bolus of this solution was 

injected into the perfusion line.  The LV free wall was imaged with a high-speed 

CMOS camera (MiCAM Ultima L, Brainvision) using a custom-built tandem lens 

imaging system, with an objective lens of 0.5X and imaging lens of 1X (Leica 

planapo objective). Images were collected with a spatial and temporal 

resolution of 100 x 100 pixels at 0.2 mm x 0.2 mm per pixel, and a frame rate of 

1000 frames per second.  The dye-stained LV epicardial surface was excited by 

an LED lamp (LEDtronics) at 470 nm (excitation of the LED lamps) and the 

emitted fluorescence was collected and filtered with a long-pass filter >610 nm 

(Figure 2.1). The images were collected at intrinsic cardiac rhythm. 
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Figure 2.1. Schematic of experimental procedure. The healthy and cryoinfarcted 
hearts injected with the hydrogel or saline are depicted, followed by the optical 
mapping setup. The heart is excised and the aorta is cannulated for perfusion of 

the tissue with Tyrodes solution, allowing the heart to remain viable ex vivo. A 
voltage sensitive dye (di-4-ANNEPS) is perfused through the coronaries. A LED 
light excites the dye at 470 nm (black arrow) and the emitted fluorescence is 

collected at a wavelength greater than 610 nm using a 0.5X objective lens and 
a 1X imaging lens (red arrows). The incident fluorescent signal is captured by a 
high-speed camera (1000 frames/second) and then computational techniques 

are used to analyze the data. 
 

2.2.6 Data analysis 

Optical signals were imported into Matlab and analyzed using custom 

software as previously described [73].  Briefly, activation time was identified at 

each pixel as the time of maximum rate of change of fluorescence for the 

action potential upstroke for each beat (dF/dt)max. To calculate the time of 

repolarization, the time at which the action potential recovered to 20%, 50%, 
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and 80% of the peak value were determined. The action potential duration 

(APD) at 20%, 50%, and 80% were calculated as the difference between 

repolarization time at the respective level and activation time of the action 

potential. The dispersion in APD and repolarization times was calculated as the 

difference between the maximum and minimum APD or repolarization time over 

the LV epicardium in the field of view respectively. Heterogeneities in dye 

perfusion created increasing variability in dispersion values at longer 

repolarization times. Therefore dispersion in APD and repolarization in healthy 

hearts were only determined at 20% repolarization. Furthermore due to the 

resultant dye perfusion differences in the cryoinfarcted hearts (ie. non-perfused 

infarcts), dispersion values were not determined in these hearts.  

 

2.2.7 Histology 

  After the completion of the optical mapping experiments, the heart was 

removed from the cannula, embedded and fresh frozen in Tissue-Tek O.C.T. 

freezing compound. Short axis cross sections (10 µm thick) were taken every 350 

µm from apex to base and stained with hematoxylin and eosin (H&E). Cryoinjury 

size, measured as percent of LV circumferences, was quantified as previously 

described [74]. Slides were imaged with a Carl Zeiss Observer D.1 and hydrogel 

spread was quantified using Photoshop software (Adobe Photoshop CS3). 

Specifically, the injection region was selected to include the hydrogel with any 

respective penetrating muscle. The hydrogel within the injection region was 

identified by the lightly pink stained material, and histological artifacts were 
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carefully avoided in all measurements. The pixel count was recorded for both the 

‘injection’ and ‘hydrogel’ regions for each heart slice. Known spacing between 

slices enabled calculation of ‘injection volume’ and ‘hydrogel volume’ and the 

percent muscle within the hydrogel was determined as: 

𝑃𝑒𝑟𝑐𝑒𝑛𝑡  𝑚𝑢𝑠𝑐𝑙𝑒  𝑤𝑖𝑡ℎ𝑖𝑛  ℎ𝑦𝑑𝑟𝑜𝑔𝑒𝑙 =
𝑉𝑜𝑙𝑢𝑚𝑒!"#$%&'(" − 𝑉𝑜𝑙𝑢𝑚𝑒!!"#$!"#

𝑉𝑜𝑙𝑢𝑚𝑒!"#$%&'("
  𝑥  100 

Cryoinjury size, measured as percent of LV circumferences, was quantified as 

previously described [74].  

 

2.2.8 Gap junction staining and quantification  

  To assess gap junction density, immunohistochemistry was performed on 

two representative slides from each heart. Slides containing the largest area of 

hydrogel were used in the hydrogel group, and equivalent anatomical locations 

were used in non-injected and saline-injected hearts. Cryosections were fixed 

with acetone, incubated with anti-connexin 43 antibody (EMD Millipore, Billerica, 

MA; 1:200 dilution) and anti-cardiac troponin antibody (Abcam, Cambridge, 

United Kingdom; 1:100 dilution), and then stained with Alexa Fluor 568 anti-mouse 

antibody (Invitrogen, Carlsbad, CA; 1:500 dilution) and Alexa Fluor 488 anti-rabbit 

antibody (Invitrogen, Carlsbad, CA; 1:500 dilution).  Nuclei were visualized with 

fluorescent Hoechst 33342. Slides were imaged using a Leica DM6000B (Leica 

Microsystems Inc, Buffalo Grove, IL) immune-fluorescent microscope at 20x 

magnification and analyzed using a proprietary Leica software suite. Gap 

junction densities in the hydrogel groups were measured in the injection regions 
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as well as in a region on the LV free wall adjacent to the injection. A 

representative area within the LV free wall was selected for analysis in all other 

groups. Gap junction density was calculated as: 

 

𝐺𝑎𝑝  𝑗𝑢𝑛𝑐𝑡𝑖𝑜𝑛  𝑑𝑒𝑛𝑠𝑖𝑡𝑦 =   
𝐴𝑟𝑒𝑎  𝑜𝑓  𝑐𝑜𝑛𝑛𝑒𝑥𝑖𝑛43  𝑝𝑜𝑠𝑖𝑡𝑖𝑣𝑒  𝑠𝑡𝑎𝑖𝑛𝑖𝑛𝑔

#  𝑜𝑓  𝑛𝑢𝑐𝑙𝑒𝑖
 

  

2.2.9 Statistical analysis 

A one-way analysis of variance (ANOVA) test with a Dunnet post-hoc test 

analysis was used to detect differences among groups for the pressure 

measurements. ANOVA with Newman-Keuls post-hoc analysis was used to 

detect differences in LV activation time in healthy hearts, in dispersion of APD 

and repolarization at 20%, as well as in gap junction densities between groups. A 

t-test was used to compare LV activation times of cryoinfarcted heart treatment 

groups. Correlation analysis was performed to determine whether LV activation 

time, dispersion of 20% repolarization and gap junction density depended on the 

percent muscle within the hydrogel injection. All measurements were reported 

mean ± SEM, unless otherwise specified.  Significance was accepted at p < 0.05.  

 

2.3. Results 

2.3.1 Hemodynamic measurements 

Hemodynamic measurements were performed at baseline to ensure 

normal cardiac behavior prior to the injection surgery and also as a comparison 

between injected and non-injected hearts prior to optical mapping. The 
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average baseline LV EDP and PSP in the rat hearts included in the study was 8.31 

± 1.02 mmHg and 96.02 ± 11.8 mmHg respectively, signifying normal cardiac 

function. Measurement of the hemodynamic properties acutely after injection 

demonstrated no statistical differences in LV EDP and PSP between injected 

hearts and respective non-injected controls, indicating no acute changes in 

hemodynamic parameters upon injection of the biomaterials (Table 2.1). 

 

Table 2.1. Hemodynamic data. 

 Baseline  Post-injection 
EDP (mmHg) PSP (mmHg) EDP (mmHg) PSP (mmHg) 

None - Healthy 9.03 ± 0.47 99.87 ± 3.40 8.37  ± 0.45 81.27 ± 4.45 
Saline - Healthy 7.96 ± 0.34 95.35 ± 2.16 8.06  ± 0.45 74.50 ± 5.39 
Hydrogel - Healthy 8.05 ± 0.41 91.10 ± 9.15 8.57  ± 0.45 73.88 ± 8.23 
None - Cryoinfarct 8.16 ± 0.31 95.94 ± 3.16 7.94  ± 0.37 95.82 ± 3.09 
Hydrogel – Cryoinfarct 8.34 ± 0.29 97.82 ± 2.44 8.38  ± 0.35 82.06 ± 5.04 
 

 

2.3.2 Optical mapping and histological analysis 

Immediately after post-injection hemodynamic measurements the hearts 

were excised and arrested.  Electrical propagation in the isolated rat heart was 

studied using a Langendorff, aorta-perfused setup.  Fluorescent images of the 

epicardial surface of the hearts were obtained to verify the perfusion of the dye 

over the entire healthy epicardium; the dye did not perfuse the cryoinfarct 

region (Figure 2.2A & 2.2E, respectively). Histological analysis was performed 

upon completion of the optical mapping study to verify the presence and 

distribution of material in the injection region. In Figure 2.2B & 2.2F the hydrogel 

injection region is clearly visible as denoted by the black arrows. Non-injected 



26 
 

 

and saline-injected healthy heart slices are shown for comparison (Figure 2.2C & 

2.2D, respectively). In Figure 2.2F and 2.2G the cryoinfarct is visible and denoted 

by red arrows for hydrogel-injected and non-injected hearts, respectively.  
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Figure 2.2. Histological analysis. (A) Representative fluorescent image of the di-4-
ANNEPS-perfused healthy heart. Note: dye perfusion over the entire epicardial 

surface. Representative slides stained with H&E for histological assessment of (B) 
hydrogel-injection (C) no-injection (D) and saline-injection after optical 
mapping. A black arrow denotes the hydrogel in the myocardium. All 

photomicrographs are taken at 1Χ and scale bar is 1mm. (E) Representative 
fluorescent image of the di-4-ANNEPS perfused cryoinfarcted heart. Note: dye 

perfusion over the entire epicardial surface except the cryoinfarct. 
Representative slides stained with H&E for histological assessment of (F) hydrogel-

injection (G) and no-injection after optical mapping. Red arrows denote the 
cryoinfarction. 
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2.3.3 Action potential propagation  

The timing of hydrogel injection was varied to generate a wide range of 

interstitial spread. For initial analysis all hydrogel-injected hearts were combined 

into one group. To detect any alterations in action potential propagation due to 

the presence of the hydrogel, LV activation maps were constructed to depict 

action potential propagation. Representative color maps indicate that LV 

activation times were higher in the healthy hydrogel-injected hearts compared 

to non-injected and saline-injected, particularly towards the base (Figure 2.3A). 

When including all degrees of hydrogel spread, on average injection of the 

hydrogel led to a significant increase in total LV activation time, 5.2 ± 0.4 ms 

compared to saline 3.5 ± 0.4 ms (p < 0.01) and no-injection 4.1 ± 0.2 ms (p < 0.05), 

indicating slowed action potential propagation across the LV (Figure 2.3B). To 

determine whether similar increases in LV activation time would occur following 

hydrogel injection in infarcted hearts, the hydrogel was injected into the 

borderzone one week following cryoinfarction surgery. There was no difference 

in cryoinfarct size between hydrogel-injected (22 ± 3%) and non-injected controls 

(18 ± 2%). Again significantly higher LV activation times were observed following 

hydrogel injection, 6.1 ± 0.4, compared to no-injection, 4.6 ± 0.3 (p < 0.02; Figure 

2.3C & 2.3D), revealing slowed action potential propagation through hydrogel-

injected tissue bordering an infarct.  
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Figure 2.3. LV activation time. (A) Representative activation maps of the LV free 
wall of healthy hearts demonstrate high LV activation time at the base in the 

hydrogel injected group indicating slowed action potential propagation when 
compared with saline and no-injection. (B) Total LV activation time was 

significantly greater in the hydrogel injected group compared to all other groups 
(*p < 0.01). (C) Greater LV activation time was also found in cryoinfarcted hearts 

injected with a hydrogel compared to no-injection. (D) Moreover, total LV 
activation time was significantly greater in cryoinfarcted hearts in the hydrogel 

group compared to no-injection (*p < 0.02). 
 

To investigate the effect of hydrogel spread on action potential 

propagation, the amount of myocardium penetrating the hydrogel in each 

heart was determined histologically. High and low percent muscle within the 

hydrogel was the metric used to define high and low interstitial spread, 

respectively. Representative images of hydrogels exhibiting low and high 

interstitial spread are shown in Figure 2.4A-D. The percent muscle within the 
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hydrogel was then compared to the LV activation time for each heart. There 

was a significant correlation between the percent of muscle within the hydrogel 

injection and the LV activation time for healthy (r = -0.78; p < 0.01; Figure 2.4E) 

and cryoinfarcted (r = -0.93; p < 0.0001; Figure 2.4F) hearts. Specifically, lower LV 

activation times, comparable to non-injected hearts, occurred in hearts with 

high percent muscle within the hydrogel (>35%), whereas when the percent 

muscle in the hydrogel was low (<35%), the LV activation times were higher, 

indicative of slowed conduction. The combined distribution for all hydrogel 

injected hearts is shown in Figure 2.4G (r = -0.85; p < 0.0001). We compared the 

hydrogel volume in each heart to the activation time and found no correlation 

(R2 = 0.03).  Thus, injection of highly spread hydrogels caused no change in 

action potential propagation across the LV, but propagation was slowed 

following injection of minimally spread hydrogels. 
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Figure 2.4. Hydrogel interstitial spread. Representative images of myocardium 
injected with hydrogels exhibiting (A-B) low and (C-D) high interstitial spread. 

Hearts with an average of 27% and 50% percent muscle within the hydrogel are 
shown in A and C, respectively. Increased percent muscle within the hydrogel 
resulted in lower activation time in both (E) healthy (r = -0.78; p < 0.008) and (F) 
cryoinfarcted (r = -0.93; p < 0.0001) hearts. (G) The percent muscle within the 

hydrogel ranged from 20-50% across all hearts (r = -0.85; p < 0.0001). Scale bar: 1 
mm (A & C); 100 µm (B & D). 

 

2.3.4 Changes in other electrophysiological parameters 

Dispersion in action potential duration (APD) and repolarization can 

increase the likelihood for reentrant arrhythmias by creating local disturbances in 

the tissue [75]. Measurements of action potential characteristics such as APD at 

20%, 50% and 80% repolarization levels demonstrate no significant changes in 

APD20, APD50 and APD80 by the injection of the hydrogel in healthy or 

cryoinfarcted hearts (Table 2.2). There were similarly no differences in dispersion 

of APD20 between groups in healthy hearts (Figure 2.5A). However, there was a 

trend for increased dispersion at 20% repolarization in the hydrogel-injected 

healthy hearts compared to the saline and no injection groups (p = 0.06; Figure 
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2.5B). Color maps were created to visualize the time of 20% repolarization at 

each pixel on the epicardium, which revealed increase 20% repolarization times 

at the base of some hydrogel-injected healthy hearts (Figure 2.5C). Furthermore, 

a higher percent of muscle within the hydrogel injection significantly correlated 

with a lower dispersion of 20% repolarization (r = -.0.67; p < 0.03). This indicates 

that the degree of interstitial spread of the hydrogel also impacted the 

dispersion of repolarization in healthy hearts. As described in the methods 

section, the absence of dye perfusion in the cryoinfarct resulted in increased 

variability in repolarization times and thus these values were not reported. 

Specifically, a highly spread hydrogel did not create heterogeneities in action 

potential characteristics, while such variability was observed following injection 

of a hydrogel with low spread.  

 

Table 2.2. Action potential duration data. 

 APD20 APD50 APD80 
None - Healthy 11.9 ± 0.3 22.1 ± 0.8 47.9 ± 1.5 
Saline - Healthy 11.2 ± 0.3 20.5 ± 0.6 45.1 ± 1.6 
Hydrogel - Healthy 11.9 ± 0.2 22.2 ± 0.5 48.0 ± 1.2 
None - Cryoinfarct 13.7 ± 0.4 26.8 ± 1.0 54.3 ± 1.8 
Hydrogel - Cryoinfarct 15.1 ± 0.4 30.2 ± 1.0 57.6 ± 1.4 
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Figure 2.5. Dispersion of APD and repolarization. (A) Dispersion of APD at 20% 
repolarization revealed no significant differences between groups in healthy 

hearts. (B) While more variability was visible in 20% repolarization values in 
hydrogel-injected hearts compared to no-injection and saline-injection, 

differences were not significant (#p = 0.06) (C) Color maps depicting the time of 
20% repolarization at each pixel of the LV free wall show slightly greater 

dispersion in hydrogel-injected hearts. (D) The increased dispersion in 20% 
repolarization times correlated significantly with the percent muscle in the 

hydrogel  (r = -0.67; p < 0.03). 
 

2.3.5 Impact of polymer interstitial spread on gap junction density 

  To better understand the mechanism behind the effect of hydrogel 

interstitial spread on action potential propagation, the gap junction densities 

(Cx43+ area per nuclei) within the hydrogel injection and a region adjacent to 
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the hydrogel were quantified. For comparison, gap junction density within a 

representative area of the LV free wall was quantified for non-injected and 

saline-injected groups. Again including all degrees of hydrogel spread, when 

compared to all other groups, gap junction densities within the hydrogel 

injection site were significantly lower on average for both healthy (Figure 2.6A; p 

< 0.0005) and cryoinfarcted (Figure 2.6B; p < 0.0001) hearts. Comparison of 

hydrogel spread and gap junction density revealed that an increase in the 

percent muscle within the hydrogel injection in healthy and cryoinfarcted hearts 

correlated with an increase in gap junction density (r = 0.66; p < 0.005; Figure 

2.6C). Gap junction densities within the highly spread hydrogels were close to the 

densities observed in non-injected hearts, yet were lower within the less spread 

hydrogels. A representative image of the ‘normal’ gap junction density of non-

injected/saline-injected hearts is shown in Figure 2.6D along with the densities in 

the injection site of a hydrogel with high and low interstitial spread (Figures 2.6E 

and 2.6F, respectively).   
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Figure 2.6. Gap junction density. (A) Gap junction densities (Cx43+ area 
(µm2)/number of nuclei) within the hydrogel injection site of (A) healthy (*p < 

0.0005) and (B) cryoinfarcted (*p < 0.0001) were significantly lower than all other 
groups. Density of gap junctions was normalized to cell number to take into 

account blank regions containing the hydrogel. (C) Increased percent muscle 
within the hydrogel in healthy and cryoinfarcted hearts resulted in increased gap 
junction density (r = 0.66; p < 0.005). Representative images of (D) non-injected, 
(E) highly spread hydrogel-injected and (F) minimally spread hydrogel-injected 

hearts display the variability in gap junction (red) density. Scale bar: 100 µm. 
 

2.4 Discussion 

With the rapid increase in potential injectable biomaterial therapies for 

myocardial repair after infarction, the question of safety of biomaterial injection 

is an important issue and pre-requisite to clinical translation. In this study the 

important, but often overlooked issue of electrophysiological impact of hydrogel 

injection during these procedures was studied.  Utilizing optical mapping, we 

were able to assess the acute effect of intramyocardial injection of a hydrogel 

on the global electrophysiological parameters – activation time, APD, and 
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repolarization.  Most importantly, we found that injection of a hydrogel with high 

interstitial spread did not affect LV activation time, while injection of a hydrogel 

with low interstitial spread significantly increased this parameter. Using the metric 

of ‘percent muscle within the hydrogel’ to quantify hydrogel spread, we found 

that a hydrogel injection containing >35% muscle did not increase the LV 

activation time compared to non-injected hearts (Figure 2.4). Similarly, these 

highly spread hydrogels did not increase dispersion of repolarization (Figure 

2.5D). Thus the electrophysiological impact of the minimally spread hydrogel 

injection was through delaying action potential propagation across the LV, 

rather than altering the action potential morphology.  

A potential mechanism by which the injection of the hydrogels with low 

interstitial spread caused slowed action potential propagation may be the 

disruption of gap junctions between the conductive cardiomyocytes. 

Disturbance in gap junctions has been associated with induction of harmful 

ventricular arrhythmias in small animal studies [76]. Here we show that cardiac 

muscle within the hydrogels with low spread had a reduced gap junction density 

compared to muscle penetrating highly spread hydrogels. There was likely a 

combination of factors that lead to the rapid reduction of gap junction density 

following hydrogel injection. First, connexin43 is rapidly turned over in healthy rat 

hearts, with a half-life of just over one hour [77]. Furthermore, one response of 

cardiomyocytes under lethal and sub-lethal stress is a reduction in gap junction 

density [77]. Thus under the stress of muscle fibers being physically separated by 

the hydrogel, the cardiomyocytes in the injection region may have initiated a 
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survival response that included reducing gap junction density. In combination 

with the already rapid connexin43 turnover rate this could result in low gap 

junction densities just twenty minutes after hydrogel injection. Gap junction 

density in the myocardium adjacent to the injection region was unaffected. 

The clinically relevant question is whether or not slowing of action 

potential propagation and reduced gap junction density caused by injection of 

a hydrogel with low interstitial spread would lead to ventricular arrhythmias. Van 

Rijen et al. showed that through conditional deletion of connexin43 (Cx43) in 

adult mice, >70% reduction in Cx43 protein expression was required to 

significantly slow conduction velocity (CV) and enhance arrhythmogenesis [78]. 

Even with a 50% reduction in Cx43 expression, CV was maintained at normal 

levels. In our study, when the hydrogel spread was low enough to cause high LV 

activation time (<35% muscle in the injection, Figure 2.4), gap junction densities 

inside the hydrogel were on average >70% reduced compared to healthy 

myocardium (Figure 2.6). This suggests that the disruption may be enough to 

enhance arrhythmogenesis. In contrast, in hearts injected with highly spread 

hydrogels that did not increase global activation time (>35% muscle in the 

injection, Figure 2.4), gap junction densities within the injection tended to be 

<70% reduced (Figure 2.6), reducing the risk for arrhythmogenesis based solely on 

gap junction density.  

The gap junction density and distribution seen in the less spread hydrogels 

(Figure 2.6E) also looked remarkably similar to that observed by Van Veen et al. 

in mice with severe interstitial fibrosis caused by aging and a 50% knockdown of 
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the Scn5a sodium channel [79]. Fibrosis has been indicated as a substrate for 

reentrant arrhythmia in patients with dilated cardiomyopathy [80]. This and other 

studies [81] have indicated the architecture of the fibrosis as a factor in whether 

or not conduction block was observed. Small amounts of interstitial fibrosis did 

not appear to disrupt lateral cell-cell connections, mitigating the generation of 

anisotropic conduction [80, 81]. Thus, based on comparable disruption of cell-

cell coupling, the hydrogel with low spread may act as a substrate for arrhythmia 

in a similar manner to severe fibrosis. Furthermore, it is also possible that the 

degree of interstitial spread impacted the stiffness of the hydrogel, which may 

have contributed in part to the observed differences in conduction. Finally, it is 

now widely accepted that cardiac electrical conduction is a function of not 

only the cellular conductivity but also the conductivity of the extracellular space 

[82, 83]. The presence of a hydrogel with different electrical properties than the 

native extracellular matrix could affect the local extracellular conductivity, 

though this warrants further study. All these studies suggest that distribution in the 

tissue is an important factor to consider when designing injectable biomaterial 

therapies for MI. Using this information, the direct influence of hydrogel injection 

on arrhythmia induction should be studied in future work. 

Controlling how much hydrogels spread in the tissue is complex due to 

contribution of several factors.  For example, gelation mechanism, injection time 

and material concentration could all be modified to achieve varying interstitial 

spread. In this study, we varied injection time of a model PEG hydrogel to allow 

for a wide range in the degree of hydrogel spread in the tissue.  We chose a PEG 



39 
 

 

hydrogel with a polymer content of 50 mg/mL to create a gel with mechanical 

properties within the range of other commonly injected material for biomaterial 

MI therapy [84, 85]. Selecting a concentration in the middle of the range allowed 

access to both high and low amounts of interstitial spread. Other material 

properties could however be modulated to achieve differences in interstitial 

spread.  For example, materials such as alginate can be crosslinked in situ 

following intracoronary infusion, which leads to greater interstitial spread of the 

material in the tissue. In fact both large animal studies [11] and initial clinical trials 

[26, 27] show no evidence of arrhythmias with this material.  Moreover, other 

materials with higher interstitial spread such as a myocardial matrix hydrogel 

have not been shown to elicit arrhythmias in large animal models [16].  In 

contrast, other studies using materials, which appear to have lower interstitial 

spread, have had potential indicators of arrhythmias.  Injection of a different 

alginate formulation into a chronic canine heart failure model 

(microembolization) was non-arrhythmogenic in the long-term; however, one 

hydrogel-injected dog died from ventricular fibrillation shortly after the injection 

[86]. The histological images of the injected dog hearts reveal fairly low interstitial 

spread [86], which may have contributed to the rhythm disturbance in the 

animal that died post-injection. Another fast gelling hydrogel system, a fibrin-

alginate composite, was injected into infarcted porcine myocardium [87]; the 

authors noted that mortality was higher in hydrogel-injected animals, which they 

believed warrants further study into the impact of the hydrogel on electrical 

activation patterns. While the exact cause in both studies cannot be definitively 
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determined given even needle penetration into the myocardium can cause 

ventricular arrhythmias, these studies along with the results of the current study, 

suggest that the link between material properties and arrhythmia vulnerability 

should be continued to be carefully studied prior to clinical translation.  This study 

only investigated the impact of hydrogels, but micro- and nano-particles are 

another commonly used form of biomaterial for treating cardiovascular disease 

[7]. These particles typically spread well through the interstitial space and 

consequently should, based on the results of the current study, provide minimal 

disruption to cardiac conduction.  

Previous studies have shown that the infarct already has slowed or 

disturbed conduction [68], so injection of a hydrogel into the infarct may not 

cause conduction abnormalities superseding the effects of infarction injury. In a 

study by Singelyn et al., arrhythmogenesis was assessed in rat MI model one 

week after injection of a myocardial matrix hydrogel in the infarct region and 

there were no increases in incidences of arrhythmia [15].  Similar results were 

seen after both intracoronary and intramyocardial injection of different 

hydrogels in a porcine infarct [11, 25]. On the other hand, the borderzone 

contains electrically viable and vulnerable tissue, so injection or spread of 

material into this region could be a concern.  Herein, we injected a hydrogel first 

in viable myocardium to specifically understand the effect of material injection 

and interstitial spread on myocardial tissue containing viable myocytes. 

Subsequently we injected the hydrogel into the borderzone of an infarct to 

determine if viable myocardium bordering the injury was susceptible to the same 
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alterations in action potential propagation. One limitation of this study is the use 

of a rodent model instead of a large animal model; this was chosen given the 

high number of animals needed to complete a thorough investigation of 

hydrogel spread on conduction. In addition, it is acknowledged that the 

cryoinjury model is not as physiologically relevant as an occlusion model, but it 

was selected because it allowed dye perfusion of the viable myocardium. Since 

the dye is introduced to the tissue through retrograde perfusion total occlusion 

and ischemia-reperfusion models of MI create permanent damage to the vessels 

preventing sufficient dye perfusion for imaging. The cryoinjury model also 

enabled control over the location of the infarct and was initiated on the 

epicardial surface, facilitating consistency across the hearts and clear 

visualization with the ex vivo imaging. Despite having some limitations the 

cryoinjury model has been employed in large animal models to eliminate the 

influence of innate coronary collateral branching, to create reproducible infarct 

sizes and to generate a defined epicardial border [88-90]. In both healthy and 

cryoinfarcted rat hearts, injection of a highly spread hydrogel into viable 

myocardium resulted in no change to the LV activation time compared to non-

injected controls, while hydrogel injections with low spread increased LV 

activation time shortly after injection.   

In this acute study, PEG was selected due to its bio-inert characteristics in 

order to isolate and model the impact of the physical presence of a hydrogel on 

heart electrophysiology. The hydrogel-injected hearts were excised within one 

hour of injection because a major concern with arrhythmias is in the acute phase 
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following injection.  Our study suggests that it is ultimately important how the 

injected material resides within the myocardium. Thus, negative initial impacts on 

electrophysiology can be potentially avoided by designing the material to 

spread well within the myocardium, and/or injecting into solely the infarct 

instead of the borderzone.  Given the difference in the size and heart rate of the 

human heart compared to a rodent heart, it will, however, be important to study 

these parameters in large animal models.  Moreover, at later time points, 

degradation of the biomaterial and resulting cell infiltration will both contribute 

to its level of risk of becoming a substrate for arrhythmia, and therefore, it is also 

important to continue to study the risk of arrhythmias for each individual 

biomaterial overtime prior to use in patients.  

 

  Chapter 2, in part, is a reprint of the material as it appears in the 

submission to Acta Biomaterialia 2015. Sophia L. Suarez, Aboli A. Rane, Adam 

Muñoz, Adam T. Wright, Shirley X. Zhang, Rebecca L. Braden, Adah Almutairi, 

Andrew D. McCulloch, Karen L. Christman. Intramyocardial injection of hydrogel 

with high interstitial spread does not impact action potential propagation. 2015. 

The dissertation author was the primary investigator and author of this paper.  
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CHAPTER THREE:  

Tunable Protein Release from Acetalated 

Dextran Microparticles: A Platform for Delivery of 

Protein Therapeutics to the Heart Post-MI  
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3.1 Introduction 

  Cardiovascular disease is the leading cause of death in the United States 

with the majority of deaths resulting from heart failure post-myocardial infarction 

(MI) [2]. Current therapies for MI patients ameliorate symptoms and prolong life, 

but do not treat the injury at the source. Recently, injectable biomaterials 

(hydrogels and microparticles) have been used in the development of 

experimental therapies [5, 6, 91, 92]. In contrast to current gold-standard 

treatment methods, biomaterial-based therapies have the potential to initiate 

healing at the site of injury. One way of initiating healing is through sustained 

release of therapeutic agents that promote angiogenesis and positive 

remodeling. Biomaterials can protect biological cargo from rapid degradation 

and facilitate delivery over longer time frames than bolus injections.  

  Several materials have been employed to deliver therapeutic agents to 

the heart via intramyocardial injection of microparticles [93] [28-30, 32, 38, 94, 

95]. These studies demonstrated encouraging results that support the potential 

for microparticle-based therapies: however, no single therapeutic achieved 

restoration of function in the heart post-MI. This is most likely due to the 

complexity of the healing process in the heart, which will require reducing 

fibrosis, restoring blood flow, and promoting cellular infiltration. Previous studies 

using therapeutics to restore blood flow highlight the importance of the time and 

order of therapeutic agent presentation [53, 63].  While not yet thoroughly 

investigated, it is likely that other healing processes needed for full restoration of 
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heart function post-MI will also require therapeutics delivered over specific time 

frames.  

  Several promising approaches for tunable delivery of growth factors have 

been developed, but each is limited to a specific category of payloads or is 

difficult to manipulate to provide more than two rates of release and the systems 

are not designed for the mildy acidic environment of an infarct (pH 6.0-7.0) [61, 

62]. Acetalated dextran (AcDex) microparticles allow tunable release, have the 

potential to deliver charged, uncharged, hydrophilic, and hydrophobic 

molecules and release the encapsulated therapeutics in response to acidic pH 

[54, 60, 96-103]. Tuning release rates from AcDex is straightforward, requiring only 

variation in the reaction time when acetalating to vary the ratio of cyclic to 

acyclic acetals; cyclic acetals degrade slower than acyclic acetals. This 

property is unique compared to the materials previously tested in the heart, 

which have defined release rates in the ischemic environment. Furthermore, 

payload release from AcDex particles is minimal in neutral pH conditions but is 

facilitated in acidic conditions. While PLGA degradation rate can also be 

catalyzed in acidic environments, the time frame of degradation is long (many 

weeks) at the pH found in ischemic tissue [104]. The pH must be low (~2) to see 

appreciable acceleration [105]. 

AcDex is synthesized by acetalation of the alcohols on the dextran 

backbone with vinyl ethers in the presence of an acid catalyst. Acetal 

functionalization of dextran changes the solubility of the polymer from 

hydrophilic to hydrophobic, allowing AcDex to encapsulate hydrophobic or 
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hydrophilic payloads via a single oil-in-water (o/w) or double water-in-oil-in-water 

(w/o/w) emulsion, respectively. In contrast, protein-based microparticles such as 

gelatin can only be used to deliver hydrophilic payloads. Previous work with 

AcDex has shown tunable release of a number of payloads including ovalbumin, 

imiquimod, horseradish peroxidase, rapamycin, plasmid DNA, siRNA and 

campthomecin [54, 60, 96-103]. These payloads were encapsulated in particles 

ranging from 100 nm to 10 µm and released at pH 5.0 and 7.4. The size of the 

particles and target pH in these studies were designed for cellular uptake and 

lysosomal degradation for immunotherapy, gene delivery and pulmonary drug 

delivery. To use AcDex for intramuscular delivery in ischemic conditions, particles 

need to be designed with a diameter of 20-100 µm to avoid cellular uptake and 

maximize interstitial retention time,[106] a payload release longer than 1-2 days 

to initiate relevant tissue regeneration processes, and a desired degradation rate 

in more mildly acidic conditions as seen in ischemic tissue (pH 6.0-7.0). Although 

not yet tested in vivo AcDex is predicted to have mild degradation products, 

including dextran, which is used in several FDA approved products, and trace 

amounts of acetone and methanol.[102]    

  In this study we hypothesize that AcDex microparticles can be designed 

as a delivery vehicle for therapeutics to the heart post-MI. In mildly acidic 

conditions (pH 6.0-7.0), tunable release between days and weeks is shown with a 

model protein and a sensitive growth factor, bFGF. Furthermore, bFGF 

maintained activity after encapsulation and release. The particles are shown to 
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be injectable into the heart where they are retained in the extracellular space 

and elicit an acute inflammatory response that resolved within one month. 

 

3.2 Methods 

3.2.1 Materials 

Sunsoft surfactant (818SK) was purchased from Taiyo Int. Inc. (Minneapolis, 

MN). Dextran (from Leuconostoc mesenteroides; average MW 9,000-11,000), 

myoglobin (from equine skeletal muscle), poly(vinyl alcohol) (PVA; average MW 

30,000-70,000), bovine serum albumin (BSA; Fraction V), and heparin sodium salt 

(from porcine intestinal mucosa) were purchased from Sigma-Aldrich. Alexa Fluor 

594-NHS and basic fibroblast growth factor (bFGF) were purchased from Life 

Technologies. All other reagents and materials were purchased from Sigma, 

Fisher or Acros and used as received.  

 

3.2.2 Methods 

1H NMR spectra were acquired on a Bruker npa600 and processed using 

MestreNova software. NMR was used to determine the cyclic:acylic acetal ratio 

of all synthesized AcDex as previously described[107]. Briefly, AcDex was 

dissolved in a stock solution of D2O and DCl and then analyzed.  The methanol 

(3.34 ppm) and acetone (2.08 ppm) peaks were integrated and compared 

under the assumption that degradation of only acyclic acetals would yield a 1:2 

ratio of methanol:acetone, and additional acetone peak area results from 

cyclic acetal degradation[102]. GPC was conducted by the UCSB Material 
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Research Laboratory using a Waters Alliance HPLC System with a Waters 2414 

Differential Refractometer, Viscotek I-MBHMW and I-Series Mixed Bed High 

Molecular Weight columns. DMF containing 0.01% of LiBr was used as the eluent 

(flow rate 1 mL/min). Polystyrene standards were used for calibration. The primary 

emulsion for all microparticles was created using a QSonica Q700 with Cup Horn 

sonicator. Microparticles were prepared with a membrane emulsifier from 

Micropore Technologies. Microparticle size was determined using the Beckman 

Coulter Multisizer 4.  Scanning electron microscopy (SEM) was used to visualize 

intact particles and particle degradation at various time points throughout the 

protein release studies. Particles suspended in water were dried on a silicon 

wafer and imaged using an Agilent 8500 FE-SEM. All fluorescence measurements 

were performed using a fluorometer (FL-1065; Horiba Jobin Yvon).  

 

3.2.3 Synthesis of Acetalated Dextran with High and Low Catalyst 

Acetalated dextran was prepared as described previously.[107, 108] 

Briefly, a flame-dried round-bottom flask (50 mL) was purged with N2. Dextran 

(Mw = 10,000 g/mol, 1.00 g, 0.095 mmol) and anhydrous DMSO (10 ml) were 

added and stirred until dextran was completely dissolved. 2-Methoxypropene 

(3.4 mL, 37 mmol) was added via syringe, followed by pyridinium p-

toluenesulfonate (15.6 mg, 0.062 mmol). The system was maintained under 

positive N2 pressure and then sealed. At designated time points (2, 5, 10, 15, 30, 

60, 120, 180 1200 and 1500 minutes) an aliquot (1 mL) was removed and 

quenched with triethylamine (100 µL TEA/1ml reaction solution, 7 mmol). The 
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solution containing the modified dextran was precipitated in Millipore H2O (pH 8; 

1:10 reaction solution:water). The product was isolated by centrifugation (5 000 x 

g; 10 min). The resulting white pellet was washed with Millipore H2O (pH 8) by 

vortexing, centrifugation and removal of supernatant. The hydrated pellet was 

frozen and lyophilized overnight to remove residual water. The following day the 

pellet was resuspended in acetone and centrifuged (5 000 x g; 5 min) to 

separate out any impurities. The acetone solution was precipitated in Millipore 

H2O (pH 8), washed, frozen and lyophilized as described above. The resulting 

product was a white fluffy powder. To access a wider range of cyclic:acyclic 

ratios, an identical experiment as described above was completed with one-

third the catalyst pyridinium p-toluenesulfonate (5.2 mg, 0.021 mmol). 

 

3.2.4 Large Scale Synthesis of Acetalated Dextran of Different Cyclic to Acylic 

Ratios  

AcDex was prepared on a 10 g scale using the same mole ratios and 

concentrations as described in the low catalyst procedure above. The 10 g, 

scaled up reaction, was performed three times, but quenched at different time-

points. A low amount of cyclic acetals on dextran (FAST degrading) was 

obtained by quenching at 30 minutes. A medium amount of cyclic acetals on 

dextran (MED degrading) was obtained by quenching at 60 minutes. A high 

amount of cyclic acetals on dextran (SLOW degrading) was obtained by 

quenching at 1200 minutes. The cyclic to acyclic ratios on the dextran were 

determined by 1H NMR as described above.  
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3.2.5 Myoglobin Labeling and Encapsulation in Microparticles for Release Studies 

Myoglobin (6 mg, 339 µM) was dissolved in carbonate-bicarbonate buffer 

(1mL, pH 8.98). Fluorosceneisocyanate (FITC; 3 mM) in dimethyl sulfoxide (DMSO; 

35 uL) was added to the myoglobin solution while stirring. The FITC/myoglobin 

mixture was stirred for two hours protected from light at 25°C. Free dye was 

removed by repetitive washing with PBS pH 7.4 through a 3K MWCO Amicon spin 

filter until no measurable fluorescence was detected in the flow through.   

Microparticles were prepared using a w/o/w double emulsion. For the 

organic phase FAST, MED or SLOW AcDex (630 mg; 10 wt%) was dissolved in 

dichloromethane (DCM; 6.3 mL) containing Sunsoft surfactant (126 mg; 2 wt%). 

The primary aqueous phase was composed of Tris buffer (10mM pH 8; 700 µL) 

with FITC-labeled Myoglobin (1.4 mg; 0.2 wt%) and bovine serum albumin (BSA; 

14 mg; 2 wt%). 

The organic and primary aqueous phases (9:1 volume ratio) were 

sonicated (30 seconds; 30% power) and then stirred (2000 rpm, 1 min) three times 

to generate the primary emulsion. The primary emulsion was injected (rate: 0.5 

mL/min) through a 10 µm hydrophobic membrane into a secondary aqueous 

phase of Tris buffer (10 mM, 150 mL; pH 8) containing 1% poly(vinyl alcohol) (PVA) 

and stirred (1000 rpm). After the entire primary emulsion was injected, the newly 

formed particles were stirred in Tris buffer (10 mM, pH 8; 500 mL) with 1% PVA to 

evaporate the DCM. Following evaporation, the particles were washed three 

times with Tris Buffer (10 mM, pH 8; 50 mL) and once with Millipore H2O (pH 8; 50 

mL) by centrifuging the particles (5 x g, 5 min) and removing the supernatant. 
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Washed particles were frozen and lyophilized before release studies and 

characterization.  

 

3.2.6 Myoglobin Release from Microparticles 

Lyophilized myoglobin-loaded particles were suspended (20 mg/mL) in 

phosphate buffer saline (PBS; 1 mL) pH 6.0, 6.5 or 7.4 and placed on a rotating 

tube rack at 37°C. At designated time points, particles were centrifuged (12.1k g, 

5 minutes) and supernatant (500 µL) was removed and replaced with fresh PBS of 

the same pH. The supernatant (400 µL) was mixed with DMSO (800 µL) to dissolve 

the Sunsoft surfactant and pipetted into a quartz fluorimeter cuvette. The solution 

was excited at 485 nm and emission at 524 nm was recorded and compared to 

a previously prepared standard curve for FITC-labeled myoglobin at the given 

pH. Protein release graphs were created to show percent released over time up 

to 100%. Complete (100%) release was defined as the amount of protein in 

solution once particles were fully degraded (ie. there was no pellet upon 

centrifugation and no particles were visible with SEM). 

 

3.2.7 bFGF Labeling and Encapsulation in Microparticles for Release Studies 

Basic fibroblast growth factor (bFGF; 0.1 µM) was dissolved in carbonate 

buffer (pH 9.0; 500 µL). While stirring on ice, Alexa594-NHS (1 µg) was slowly 

added to the bFGF solution (100 µL), and then stirred for one hour protected 

from light. After the conjugation procedure, the labeled bFGF was buffer 

exchanged into Tris buffer (10 mM) containing 5% trehalose and washed using a 
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10k Amicon spin filter until no measurable fluorescence was detected in the flow 

through.  

Microparticles were prepared using a w/o/w double emulsion. For the 

organic phase FAST or SLOW AcDex (475 mg; 10 wt%) was dissolved in DCM (4.75 

mL). The primary aqueous phase was composed of Tris buffer (10 mM pH 8; 250 

µL) with Alexa594-labeled bFGF (1 µg) and heparin (1 µg). The remainder of the 

microparticle preparation was identical to that described in the model protein 

studies above.  

 

3.2.8 bFGF Release from Microparticles 

Lyophilized Alexa594-labeled bFGF-loaded particles were suspended (20 

mg/mL) in PBS (1 mL) pH 6.0 or 7.4 and placed on a rotating tube rack at 37°C. 

At designated time points, particles were centrifuged (12.1k g, 5 minutes) and 

supernatant (800 µL) was removed and pipetted into a quartz fluorimeter 

cuvette. The solution was excited at 590 nm and emission at 617 nm was 

recorded and compared to a previously prepared standard curve for Alexa594-

labeled bFGF. The supernatant was returned to the particle solution after 

measurement. 

 

3.2.9 bFGF Encapsulation in Microparticles for the Activity Assay 

Microparticles were prepared using a w/o/w double emulsion. Two 

batches of particles were created, one with Alexa594-labeled bFGF to 

determine the amount of growth factor to add to cells in the control group of 
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the activity assay, and one with unlabeled bFGF to provide supernatant for the 

activity assay.  

For the organic phase FAST AcDex (285 mg; 10 wt%) was dissolved in DCM 

(2.85 mL). The primary aqueous phase was composed of Tris buffer (10 mM pH 

7.6; 150 µL) with Alexa594-labeled bFGF (600 ng), plus Heparin (1.2 µg) and BSA 

(12 µg). The remainder of the microparticle preparation was identical to that 

described in the model protein studies above.  

For the organic phase FAST AcDex (475 mg; 10 wt%) was dissolved in DCM 

(4.75 mL). The primary aqueous phase was composed of Tris buffer (10 mM pH 

7.6; 250 µL) with or without bFGF (1 µg), plus Heparin (2 µg) and BSA (20 µg). The 

remainder of the microparticle preparation was identical to that described in the 

model protein studies above except that Tris buffer with and without PVA and 

Millipore H2O were sterile filtered (0.22 µm) before use. All parts of the membrane 

emulsifier were sprayed with 70% ethanol immediately before use. In addition, 

the particles were stirred for only four hours to evaporate the DCM. 

 

3.2.10 bFGF Release from Microparticles for the Activity Assay 

For the study to determine the amount of growth factor to add to cells in 

the growth factor activity assay, the same procedure as the growth factor 

release study was performed at pH 6.0 over five days.  

Particles with and without bFGF were suspended (60 mg/mL) in PBS (pH 

6.0) and placed at 37°C on a shaker plate. After 24 hours, tubes were 

centrifuged to pellet particles and supernatant was removed and filtered 
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through a 0.22 µm filter. Removed supernatant was replaced with fresh PBS pH 

6.0 and returned to 37°C. After an additional 24 hours, supernatant was removed 

and filtered.  

 

3.2.11 bFGF Activity Assay 

3T3 fibroblasts were seeded at 5,000 cells/well in a 24-well plate in growth 

media (DMEM, 10% FBS, 0.5% Pen-Strep; 1 mL). After 24 hours at 37°C under 5% 

CO2, experimental conditions were applied. Growth media (GM; 1 mL; n=4) and 

low serum (DMEM, 2% FBS, 0.5% Pen-Strep; 1 mL) with fresh bFGF (LS + Fresh; 5 ng 

bFGF; n=5) were used as positive controls. Low serum (LS; n=5; 1 mL) and low 

serum with empty particle supernatant (LS + Empty; 250 µL supernatant; n=5) 

were used as negative controls. Low serum with bFGF supernatant was used as 

the experimental group (LS + Released; 5 ng bFGF in 250 µL supernatant; n=5). 

After 24 hours at 37°C under 5% CO2, all media was removed and replaced with 

the same experimental conditions listed above including the bFGF (10 ng bFGF 

in 250 µL supernatant) and empty supernatant (250 µL supernatant) from the 

second day’s release and an equivalent amount of fresh bFGF (10 ng bFGF). 

After 24 hours at 37°C under 5% CO2, cells were trypsinized and counted with a 

hemocytometer. 

 

3.2.12 Statistical Analysis 

Statistical analysis was performed using PRISM. Results are presented as 

mean ± standard deviation. One-way analysis of variance (ANOVA) was used to 
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evaluate differences in cell number among all groups in the growth factor 

activity study. Bonferroni’s correction was used to detect differences between 

groups. Significance was defined at p<0.05.  

 

3.2.13 Empty Microparticles for in vivo Biocompatibility 

For the organic phase FAST or SLOW AcDex (475 mg; 10 wt%) was 

dissolved in DCM (4.75 mL). The primary aqueous phase was composed of only 

Tris buffer (10 mM pH 7.6; 250 µL). The remainder of the microparticle preparation 

was identical to that described in the model protein studies above except that 

Tris buffer with and without PVA and Millipore H2O were sterile filtered (0.22 µm) 

before use. All parts of the membrane emulsifier were sprayed with 70% ethanol 

immediately before use. In addition, the particles were stirred for only four hours 

to evaporate the DCM. 

 

3.2.14 Intramyocardial Injections for in vivo Biocompatibility 

All experiments were completed in accordance with the Institutional 

Animal Care and Use Committee (IACUC) at the University of California, San 

Diego and the American Association for Accreditation of Laboratory Animal 

Care.  

Intramyocardial injections were performed in female Sprague Dawley rats 

(225-260 g) as previously described.[49] 75 µL of microparticles (FAST or SLOW, 20 

mg/mL in saline) were injected into the LV free wall with a 27 G needle. Rats 

were divided into three time points (7, 14 or 28 days) and two groups (FAST and 
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SLOW; n=3 each). Animals were euthanized with an intraperitoneal injection of 

FatalPlus (Vortech Pharaceuticals; 400 µL) at designated time points to assess 

histopathology. The heart was resected, rinsed and embedded and fresh frozen 

in OCT freezing medium. Short axis cross-sections were taken every 350 µm from 

apex to base throughout each heart and stained with hematoxylin and eosin 

(H&E). An experienced histopathologist examined the slide for the presence of 

spindle, small mononuclear, large mononuclear, fibroblast and multinucleate 

giant cells and provided a score from 0 to 4 (none, minimal, mild, moderate, 

severe) [16].   

 

3.3 Results 

3.3.1 Preparation of Acetalated Dextran with Varying Degradation Rates 

AcDex is synthesized by reacting dextran with vinyl ethers and an acid 

catalyst (Scheme 3.1); specifically, we use methyl vinyl ether and pyridinium p-

toluenesulfonate as a catalyst.  

 

 

Scheme 3.1. Synthesis of acetalated dextran (AcDex) 
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Previously it was demonstrated that the length of reaction time controls 

the amount of cyclic and acyclic acetals on the dextran backbone with a 

longer the reaction time yielding a higher amount of cyclic acetals.[102] 

Acetalation transforms water-soluble dextran into a hydrophobic polymer, and 

upon exposure to acid the acetals degrade causing the dextran to become 

water soluble. The cyclic acetals hydrolyze at a slower rate than the acyclic 

acetals, allowing for tunable solublization of the AcDex polymer based on the 

ratio of cyclic:acyclic acetals. The acetal content and ratio of cyclic:acyclic 

were determined by 1H NMR after acid degradation of the purified polymer. The 

methanol (3.34 ppm) and acetone (2.08 ppm) peaks in D2O/DCl were used to 

calculate the cyclic acetal percentage.[102] We used three different 

procedures to synthesize AcDex. First, we investigated the kinetics of acetalation 

with 0.062 M catalyst and 1 g of dextran (normal catalyst).[102] This resulted in a 

rapid increase of cyclic acetals, with 50% of the polymer containing cyclic 

acetals after 5 minutes and 66% cyclic acetals (the theoretical maximum) after 

one hour (Figure S3.1). Second, in order to access a wider range of cyclic:acyclic 

ratios we reduced the amount of catalyst by a third (low catalyst). Here, after 10 

minutes only 20% cyclic acetals were present, and after 60 minutes 40% cyclic 

acetals were present (Figure S3.1). Third, we scaled up the low catalyst 

procedure to 10 g of dextran to produce a uniform batch for all subsequent 

studies. We aimed to generate three batches of AcDex with a low, medium and 

high percent cyclic acetals, respectively. The 1H NMR spectra are shown in Figure 

S3.2. This allowed us to investigate a range of payload release profiles once 
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AcDex was formulated into particles. Scaling up the reaction changed the 

kinetics of acetalation slightly, yielding a narrower range of cyclic acetal 

percentages. Specifically, the percentage of cyclic acetals from the scale-up 

was 49%, 54% and 59% at 30 min, 60 min, and 1200 min, respectively, compared 

to 30%, 40% and 60%, respectively, at the smaller scale (Table 3.1). These three 

percentages of cyclic acetals represented FAST (49% cyclic acetals), MED (54% 

cyclic acetals), and SLOW (59% cyclic acetals) degrading AcDex for particle 

formulation. 

 

 

Figure S3.1. Relative cyclic modification present on AcDex over time during 
kinetic experiments using normal (0.062 M) and low (0.031 M) catalyst conditions. 
In the normal catalyst conditions the cyclic acetal coverage is greater than 50% 
after only five minutes. Reducing the amount of catalyst slowed the progression 

of cyclic acetal formation allowing access to a wider range of cyclic acetal 
percentages. 



59 
 

 

 

Figure S3.2. 
1

H NMR of FAST, MED and SLOW (top to bottom) AcDex 10 g 
batches. As the reaction time increased (bottom to top), the cyclic acetal 
percentage increased, as indicated by the increase in the area under the 

acetone peak (2.08 ppm) relative to the methanol peak (3.34ppm). 
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Table 3.1. Characterization of FAST, MED and SLOW AcDex (10 g batches) used 
in subsequent studies. Predicted cyclic acetal coverage is based on prior kinetics 

studies with a 1 g batch. 

Name Quenching 
Time (min) 

Predicted 
Cyclic % 

Actual 
Cyclic % Mw PDI 

FAST 30 30 49 7757 1.83 

MED 60 40 54 7966 1.79 

SLOW 1200 60 59 8199 1.82 

 

3.3.2 Model Protein Release Studies 

 Previous work with AcDex fabricated nano- and microparticles with 

diameters of 100 nm to 10 µm for cellular uptake, whereas for delivery of many 

therapeutic agents post-MI the particles should be larger (20-100 µm)[106] to 

remain in the extracellular space. AcDex microparticles containing FITC-labeled 

myoglobin (FITC-myo) were prepared using a w/o/w double emulsion. The 

average particle size for the FAST, MED and SLOW particles was 46 ± 14 µm, 58 ± 

19 µm and 63 ± 27 µm, respectively. Encapsulation efficiency of myoglobin in the 

FAST, MED and SLOW microparticles was ~100%, 70% and 47%, respectively. An 

SEM image of the FAST, MED and SLOW particles before the release experiment 

reveals that the particles are spherical with a smooth surface (Figure 1A).  
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Figure 3.1. Tunable release of a model protein from AcDex microparticles.  
A. Intact FAST, MED and SLOW (left to right) particles containing FITC-myoglobin 

before model protein release studies. Particles are spherical with a smooth 
surface. B. Myoglobin release from FAST, MED and FAST particles at pH 6.0, 6.5 

and 7.4. At pH 6.0 complete release of myoglobin was seen at 5, 10 and 60 days 
for the FAST, MED and SLOW particles, respectively. The same trend was seen at 

pH 6.5, and at pH 7.4, with progressively slower release; in the latter condition 
only 50% of encapsulated myoglobin was released after 11, 17 and 63 days, 

respectively. C.  SEM images of the MED particles on day 7 at pH 6.0, 6.5 and 7.4 
(left to right). Particle morphology correlates with the observed myoglobin 

release at this time point. Scale bar: 10µm. 
 

  We examined the release of FITC-myo from the microparticles in mildly 

acidic conditions, representative of the ischemic infarct (pH 6.0 and pH 6.5) and 

healthy tissue (pH 7.4). At pH 6.0 complete release of myoglobin was seen at 5, 
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10 and 60 days for the FAST, MED and SLOW particles, respectively. The same 

trend was seen at pH 6.5, and at pH 7.4, with progressively slower release; in the 

latter condition only 50% of encapsulated myoglobin was released after 11, 17 

and 63 days, respectively (Figure 1B). To corroborate these results, particle 

degradation was visualized using SEM. The morphology of the MED particles at 

day 7 is shown in Figure 3.1C at pH 6.0, 6.5 and 7.4. At pH 6.0 the porous interior 

of the MED particles is clearly visible and deep cracks have formed throughout 

the particles. At pH 6.5 some surface cracks appear, but the smooth external 

surface of the particles is still intact. At pH 7.4 only lines on the surface are visible 

that suggest where cracks will eventually form. The images correlate well with the 

observed myoglobin release at this time point: 62%, 34% and 18% for pH 6.0, pH 

6.5 and pH 7.4, respectively.  

 

3.3.3. Growth Factor Release Studies 

  To examine whether this system is applicable to growth factor delivery, we 

encapsulated bFGF. AcDex microparticles containing Alexa594-labeled bFGF 

were prepared using a w/o/w double emulsion. The average particle size for the 

FAST and SLOW particles was 60 ± 18 µm and 67 ± 22 µm, respectively. 

Encapsulation efficiency for bFGF in the FAST microparticles was ~100%. The 

SLOW microparticles were not fully degraded in this study and thus no 

encapsulation efficiency was calculated, but it is expected to be similar to that 

seen with myoglobin, since the FAST values were equivalent. Again, these 

particles are spherical with smooth surfaces as shown by SEM (Figure 3.2A).  
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Figure 3.2. Tunable release of a growth factor from AcDex microparticles.  
A. Intact FAST and SLOW (left to right) particles containing Alexa594-bFGF before 

bFGF release studies. Particles are spherical with a smooth surface. B. bFGF 
release from FAST and SLOW particles at pH 6.0 and 7.4. At pH 6.0 complete 

release was seen after three days from the FAST particles, while only 50% release 
was seen after 10 days for the SLOW particles. A similar trend was seen at pH 7.4 
as 50% of the bFGF was released after one week from the FAST particles, while 
after one month, only 37% had been released from the SLOW particles. C.  SEM 

images of the FAST particles on day 2 at pH 6.0 and 7.4 (left to right). Particle 
morphology correlates with the observed bFGF release at this time point. Scale 

bar: 10 µm. 
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  Release experiments were repeated in the same manner as with the 

model protein, using the FAST and SLOW AcDex at pH 6.0 and 7.4. At pH 6.0 

complete release was seen after three days from the FAST particles, while only 

50% release was seen after 10 days for the SLOW particles. A similar trend was 

seen at pH 7.4 as 50% of the bFGF was released after one week from the FAST 

particles, while after one month, only 37% had been released from the SLOW 

particles (Figure 3.2B).  As seen by SEM (Figure 3.2C), on day 2 at pH 6.0 the 

particles were mostly degraded, but the remaining intact particles show visible 

holes and cracks across the surface. The particles at pH 7.4 at the corresponding 

time point still maintained a smooth surface.  

 

3.3.4 Growth Factor Activity Assay 

  To demonstrate that the encapsulated bFGF was still biologically active, 

we used a cell-based assay that measures the ability of bFGF to stimulate 

proliferation of fibroblast cells. FAST AcDex microparticles with and without bFGF 

were prepared as described above. The average particle size for the bFGF-

encapsulating and empty particles was 68 ± 22 µm and 58 ± 20 µm, respectively. 

Both types of microparticles were suspended in PBS pH 6.0 for two days at 37°C. 

Each day supernatant was removed and added to cells in low serum media 

(Released bFGF; Empty Supernatant). As a positive control, bFGF that had not 

been processed in any way (Fresh bFGF) was added to cells at the same 

concentration as the released bFGF as determined by the release experiment 

described in the Methods section. An additional negative control was used 
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consisting of low serum media with no bFGF (No bFGF). After 24 hours, the Fresh 

bFGF and Released bFGF groups both had significantly more cells per well than 

either the No bFGF or Empty Supernatant groups. In addition, the Fresh bFGF and 

Released bFGF groups were not statistically different from one another (Figure 

3.3).  

 

Figure 3.3. bFGF activity after release from AcDex microparticles.  
Cell number after 24 hours of growth in growth factor activity assay (mean ± 
SD; *p < 0.05). The LS + fresh bFGF and LS + released bFGF groups both had 
significantly more cells per well than either control group (LS alone or LS + 

empty). In addition, the LS + Fresh bFGF and LS + Released bFGF groups were not 
statistically different from one another. *p<0.05 to both negative control groups. 

 
 

   In this experiment, particles containing labeled bFGF, heparin and BSA 

(Figure S3.3) displayed slower release of bFGF than observed in the bFGF release 

study, which omitted BSA (Figure 3.2B). This slowed release rate was more similar 

to that seen with myoglobin (Figure 3.1B). 
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Figure S3.3. bFGF release experiment completed prior to the activity studies. This 
release profile was used to determine the amount of released bFGF to add to 
the cells in the bFGF activity assay. AcDex microparticles contained labeled 

bFGF as well as heparin and BSA as stabilizing agents. The release profile is slower 
than the release of bFGF without BSA (Figure 3.2B), and is more similar to that of 

myoglobin (Figure 3.1B). 

 

3.3.5 Biocompatibility 

  While AcDex has been predicted to have mild degradation products, it 

has not been tested in an in vivo system. Therefore, to examine the 

biocompatibility of AcDex, empty FAST (69 ± 24 µm) and SLOW (74 ± 20 µm) 

particles were injected into the hearts of healthy rats. At 7, 14 and 28 days 

following injection, animals were euthanized and the hearts excised and 

processed for histological analysis. Spherical voids created by the particles were 

visible for both the FAST and SLOW groups at all three time points in H&E stained 

slides (Figure 3.4).  
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Figure 3.4. Images showing AcDex biocompatibility in healthy rat hearts.  
H&E images from day 7 (A), 14 (B) and 28 (C) of the biocompatibility study. 

Spherical voids created by the particles (black arrows) are visible for both the 
FAST (left) and SLOW (right) groups. As particles degrade, the voids, 

representative of particle morphology, becomes less spherical. Scale bar: 100 
µm. 
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  An experienced histopathologist examined the cellular response to the 

microparticles using semi-quantitative scoring (1 or minimal = only rare cells of 

that type are present (<1% of the population); 2 or mild = small numbers of the 

cells are present, generally not in contact with each other or scattered (<10%); 3 

or moderate = moderate numbers of cells are present, which are sometimes in 

contact with each other (10 - <50%); 4 or marked = cells of the specific type are 

the primary cell present (> 50%)). On day 7 the cell population around the 

particles consisted of spindle (immature fibroblast) cells as well as small and large 

mononuclear cells (all mild to moderate). No mature fibroblasts or multinucleate 

giant cells were present at this time point (Figure 3.5). On day 14 the cell 

population shifted to include fewer spindle (immature fibroblast) and 

mononuclear cells (minimal to mild), with the addition of mature fibroblasts (mild) 

and a few multinucleate giant cells (none to minimal) (Figure 3.5). On day 28 the 

cell population consisted primarily of mature fibroblasts with some remaining 

mononuclear cells (minimal) and a few multinucleate giant cells (none to 

minimal) (Figure 3.5). Overall the response was described as progressing normally 

from acute inflammation towards a fibrotic resolution. While not fully resolved at 

day 28, due to the presence of some mononuclear cells, there was no indication 

of a severe or abnormal response that would suggest incompatibility of the 

material. 
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Figure 3.5. Cell type scores from AcDex biocompatibility study.  
On day 7 the cell population around the particles consisted of spindle (immature 

fibroblast) cells as well as small and large mononuclear cells. No mature 
fibroblasts or multinucleate giant cells were present at this time point. On day 14 
the cell population shifted to include fewer spindle and mononuclear cells, with 

the addition of fibroblasts and a few multinucleate giant cells. On day 28 the cell 
population consisted primarily of mature fibroblasts with some remaining 

mononuclear cells and a few multinucleate giant cells. Score: none (0), minimal 
(1), mild (2), moderate (3) and severe (4). 

 

3.4 Discussion 

  We aimed to design microparticles that could be used to deliver a 

payload at a variety of relevant time scales. To demonstrate tunable release 

over the time-scale relevant to healing post-MI, several days or weeks, we 

encapsulated a fluorescently labeled model protein and measured its release 

into the surrounding media over time. Myoglobin was chosen as a model protein 

because its size (17.7 kDa) matches that of growth factors such as bFGF (18 kDa), 

which are relevant to post-MI healing. As intended, release of the model 

myoglobin was dependent on environmental pH (faster at lower pH) and cyclic 

acetal percentage (faster for particles with lower percentage). The difference in 

loading efficiency between groups was likely due to the increase in 

hydrophobicity of the polymer as the cyclic acetal coverage increased. 

Furthermore, SEM images (Figure 3.1) suggest that the payload only diffused out 
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when the particles degraded, as opposed to passive diffusion through the intact 

particles. 

  Growth factors are more susceptible to loss of activity upon sonication or 

exposure to organic solvents than myoglobin, so showing that bFGF can remain 

active after encapsulation and release from AcDex microparticles would 

suggest the system’s compatibility with any fragile payloads. bFGF has also been 

employed in post-MI therapies to stimulate new blood vessel formation [21, 28-

30, 109]. Our results demonstrate that the bFGF maintained its activity after 

encapsulation in and release from the microparticles and suggest that any 

number of formulation-sensitive growth factors could be delivered using this 

particle system, if encapsulated with an appropriate stabilizing agent. 

  For simplicity, in this study the experiment groups were reduced to only the 

FAST and SLOW microparticles and pH 6.0 and 7.4. Furthermore, while particles in 

the model protein studies were prepared using Sunsoft as a stabilizing agent, we 

eliminated the detergent from bFGF-containing formulations to maximize growth 

factor stability. While the bFGF was also released at a rate dependent on the 

cyclic acetal percentage and the environmental pH, release was slightly faster 

than was seen with the myoglobin. This difference was potentially due to the 

presence of BSA in the myoglobin-loaded particles. The bFGF release studies 

were performed without BSA for simplicity, but it was later found that the BSA was 

needed for optimal bFGF activity, in addition to heparin. The hypothesis that BSA 

changed the release rate was supported by the release experiment completed 

prior to the activity studies (Figure S3.3).  
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  The tunable release of myoglobin and bFGF suggests that this system 

could be used to release a variety of payloads. Myoglobin and bFGF were likely 

in different charge states inside the particles, yet released at comparable rates. 

At the pHs in these studies, myoglobin (isoelectric point of 7 to 7.5) was likely 

slightly positively charged, while bFGF (isoelectric point of 9.6) was likely 

negatively charged. This suggests that electrostatic interactions did not play a 

role in keeping either protein inside the particles. In addition, AcDex is 

hydrophobic and both payloads are hydrophilic, so hydrophobic interactions 

were also not likely playing a role. As a result, the small 17 kDa proteins were likely 

kept inside the particles simply by physical entrapment until the particles broke 

down. Therefore, it is expected that the release of a larger protein would be 

easily controlled as well. All of these considerations suggest that AcDex provides 

a more versatile delivery vehicle than previously developed systems because 

compatible payloads are not limited by affinity, size, or charge Finally, AcDex 

particles are responsive to mildly acidic conditions making them specifically 

responsive to the infarct environment [61, 62].  

 

  Chapter 3, in part, is a reprint of the material as it appears in 

Biomacromolecules 2014. Suarez S, Grover GN, Braden RL, Christman KL, 

Almutairi A. Tunable Protein Release from Acetalated Dextran Microparticles: A 

Platform for Delivery of Protein Therapeutics to the Heart Post-MI. 

Biomacromolecules. 2014. The dissertation author was the primary investigator 

and author of this paper.  
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CHAPTER FOUR:  

 

HGF Cardioprotective Efficacy Post-MI is 

Maximized When Released From Quickly 

Degrading Acetalated Dextran Microparticles 
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4.1 Introduction 

Heart failure (HF) post-myocardial infarction (MI) is a leading cause of 

death in the Western world [110]. The current gold standard treatment for 

patients with HF is heart transplantation, but a lack of donor hearts is a significant 

limitation. Many patients waiting for donor hearts are fitted with left ventricular 

assist devices (LVADs), a mechanical pump inserted into the patient, to replace 

the function of the failing heart. Both heart transplantation and LVAD 

implantation require invasive open chest procedures and involve serious risks 

including infection and stroke, respectively. Furthermore, neither treatment 

restores native heart function. Thus new therapies for preventing and treating HF 

post-MI are needed. Injectable biomaterial therapies, in the form of hydrogels [6, 

111] and nano- or microparticles [7], hold promise for healing and restoring 

function of the damaged heart tissue through potentially minimally invasive 

delivery. A useful property of injectable biomaterials is their ability to protect and 

sustain release of therapeutic cargo including growth factors, enzymes and small 

molecule drugs [5, 7].  

Hepatocyte growth factor (HGF) is one growth factor of interest for 

cardiac repair. Following MI, serum levels of HGF are elevated during both acute 

(hours to one week) and chronic (3 months up to a year) stages [112-115]. This 

indication of HGF’s role in tissue repair following MI has been supported by the 

efficacy of delivering exogenous HGF or upregulating endogenous HGF 

expression in animal models. In these models HGF was shown to be 

cardioprotective by increasing angiogenesis [23, 116-122], reducing apoptosis 



74 
 

 

[23, 117-121, 123], reducing fibrosis [23, 116, 117, 119, 121-123] and in some cases 

improving cardiac function [116, 120-122, 124]. In the studies delivering HGF from 

a biomaterial, HGF was released in vitro between 25 and 100% over one week, 

while release kinetics in vivo were not studied [23, 116].  

  In general, the optimal time frame for delivering HGF, as well as other 

therapies, is not yet fully understood. One reason is that fixed degradation 

kinetics of most biomaterials limits a systematic investigation of optimal delivery 

time frames. Additionally, use of recombinant HGF is limited by poor stability and 

high cost. A more cost effective and practical alternative is to deliver an 

engineered HGF fragment (HGF-f), which has shown enhanced stability and 

expression yield, comparable c-met activation compared to recombinant HGF 

[125], and efficacy post-MI when delivered in a biomaterial [126]. In this study, 

we used acetalated dextran (AcDex) microparticles as carriers for HGF-f as these 

were recently shown to have easily tunable degradation and protein release 

kinetics in mildy acidic environments [41, 62, 127], as found in the infarcted heart.  

We aimed to investigate how three different rates of delivery (2-5 days, 1-2 

weeks and 3-4 weeks) of HGF-f to the heart post-MI impacted healing. HGF-f was 

delivered over these time frames in FAST, MEDIUM (MED), and SLOW degrading 

AcDex particles, respectively. One month after injection we assessed the impact 

of the delivered HGF-f on angiogenesis, fibrosis and apoptosis to determine the 

optimal delivery time frame.  

 

4.2 METHODS 
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All experiments were completed in accordance with the Institutional 

Animal Care and Use Committee at the University of California, San Diego and 

the American Association for Accreditation of Laboratory Animal Care.   

 

4.2.1 Synthesis of FAST, MED and SLOW Degrading AcDex  

Acetalated dextran (AcDex) was prepared as previously described [41]. 

Three batches (10 g) were created with the reaction quenched after 20, 45 or 90 

minutes to yield FAST, MED and SLOW polymer degradation, respectively.  The 

cyclic to acyclic acetal ratios were determined using 1H NMR as previously 

described [41].  

 

4.2.2 Particle Degradation and Protein Release Studies Post-MI 

4.2.2.1 Fluorescent Labeling of FAST, MED and SLOW Degrading AcDex 

FAST, MED or SLOW degrading AcDex (500 mg) was dissolved in 

dichloromethane (DCM; 12 mL; Sigma Aldrich, St. Louis, MO). Alexa Fluor 647 or 

568 carboxylic acid succinimdyl ester (1 mg; Life Technologies, Carlsbad, CA) 

was dissolved in dimethylsulfoxide (DMSO; 1 mL; Sigma Aldrich, St. Louis, MO) and 

added to the AcDex/DMSO mixture along with triethylamine (250 µL; Sigma 

Aldrich, St. Louis, MO). The dye-polymer solution was stirred for 48 hours at room 

temperature protected from light. Then DCM was removed with rotary 

evaporation and the remaining product was dissolved in tetrahydrofuran (10 mL; 

Sigma Aldrich, St. Louis, MO). The dissolved product was precipitated into cold 

basic water and vacuum filtered. Residual water was removed through 
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lyophilization. 1H NMR analysis of the labeled AcDex (FAST-647, MED-568 and 

SLOW-647) confirmed that labeling did not alter the acetal composition.  

 

4.2.2.2 Encapsulation of AF488 Ovalbumin in FAST-647, MED-568 and SLOW-647 

Degrading AcDex  

  Alexa Fluor 488 Ovalbumin (Ova488; Life Technologies, Carlsbad, CA) was 

encapsulated in AcDex microparticles as previously described [41]. Briefly, a 

w/o/w double emulsion was used to encapsulate Ova488 (1 mg) and heparin (1 

mg; from porcine intestinal mucosa, Sigma Aldrich, St. Louis, MO) in FAST-647, 

MED-568 or SLOW-647 AcDex polymer (100 mg).   

4.2.2.3 Intramyocardial Injections for Particle Degradation 

All experiments were completed in accordance with the Institutional 

Animal Care and Use Committee at the University of California, San Diego and 

the American Association for Accreditation of Laboratory Animal Care.   

MI was induced via a 25-minute ischemia-reperfusion in female Sprague-

Dawley rats as described previously (n = 4 per group per time point) [128]. One 

week following injury rats received a 75 µL injection of FAST-647, MED-568 or 

SLOW-647 degrading AcDex particles containing Ova488 (5 mg/mL in saline). 

Injections were made in the LV-free wall using a 27-gauge needle as described 

previously [128]. At designated time points animals were euthanized with an 

intraperitoneal injection of FatalPlus (Vortech Pharaceuticals; 300 µL) and hearts 

were harvested for histological detection of the particles. 
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4.2.2.4 Histological Assessment for Particle Degradation 

Hearts were fresh frozen in Tissue Tek OCT freezing medium and sectioned 

(10 µm thickness) along the short-axis every 350 µm. One slice at each location 

was imaged unstained to avoid washing the particles out of the tissue. Images 

were taken with a Carl Zeiss Observer D.1 (Carl Zeiss, Oberkochen, Germany) 

using FITC and either DsRed or Cy5 filters to detect co-localization of the 

encapsulated protein (Ova488) within the labeled-polymer particles (Alexa568 or 

Alexa647). One slide from each location was stained with hematoxylin and eosin 

(H&E) to verify the presence of an infarct and determine the location of the 

particles with respect to the infarcted tissue. Hearts that did not contain an 

infarct upon histological analysis were excluded from further analysis.   

4.2.3 Studies of HGF-f Delivery Rate on Angiogenesis, Apoptosis and Fibrosis Post-

MI 

4.2.3.1 HGF-f Preparation and Characterization  

HGF-f was expressed in Pichia pastoris using growth and induction media 

conditions and protein purification methods previously described in detail [125, 

126]. Protein purity was analyzed using 4–12% Bis-Tris gel (Invitrogen) and 

quantified using a Nanodrop 2000 (Thermo Scientific) with the extinction 

coefficient 51324 M-1 cm-1 for the HGF-f. Protein was flash-frozen in 0.1% Tween-20 

in 1x phosphate buffered saline containing an additional 500 mM NaCl (PBS500) 

and stored at -80 oC. Thawed protein was kept at 4 oC and used within three 

weeks.  

 



78 
 

 

4.2.3.2 Preparation and Characterization of AcDex Particles Containing HGF-f 

HGF-f (1.3 mg) was encapsulated with heparin (1.3 mg) in FAST, MED and 

SLOW degrading AcDex (100 mg) using previously described methods [41]. Using 

the same procedure, non-loaded MED particles were prepared as a control 

(Empty). Particle size and morphology were subsequently determined using the 

Beckman Coulter Multisizer 4 and an Agilent 8500 FE-SEM, respectively. The 

loading efficiency of HGF-f was determined using a HisDetector Western Blot Kit 

(24-00-02, KPL, Gaithersburg, MD). HGF-f was encapsulated in and fully released 

from the particles, then run on an SDS-PAGE gel and detected using Western blot 

according to manufacturer specifications. 

 

4.2.3.3 Western Blot to Determine Particle-Released HGF-f Activity 

HGF-f-loaded particles were suspended (10 mg/mL) in phosphate 

buffered saline (PBS; pH 6 for FAST and pH 5 for MED and SLOW) containing 

heparin (1.8 µg/mL) and Tween 80 (0.1 wt%) and incubated at 37° C to release 

the HGF-f. Following particle degradation the supernatant was collected and 

saved as the “HGF-f Released from FAST/MED/SLOW” treatment groups. 

Released HGF-f and unencapsulated HGF-f were diluted to 2 nM concentrations 

in serum free media (4.5 g/L glucose-Dulbecco’s modified Eagle’s medium 

(DMEM), 0.1% bovine serum albumin (BSA), 0.5% pen-strep).  

Meanwhile primary rat aortic smooth muscle cells (RASMCs) were cultured 

to 50% confluence in 6-well plates and serum starved for 24 hours. Then cells 

were treated with either released HGF-f, unencapsulated HGF-f, or no HGF-f 
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(serum free media only) for 10 minutes. Following treatment media was removed 

and cells were washed with 1x PBS. NP-40 lysis buffer (75 µL; 20 mM Tris pH 8.0, 137 

mM NaCl, 10% glycerol, and 1% NP40) was added for five minutes to rupture cell 

membranes. Cellular contents were collected and centrifuged (13400 x g, 20 

min) to remove insoluble debris. A BCA protein assay was run to determine 

protein content in each cell lysate and equal protein concentrations were run 

on an 8% SDS-PAGE gel. Western blot was performed to probe for Met, 

phosphorylated-Met (p-Met) and GAPDH. After transfer to a nitrocellulose 

membrane immunoblotting was completed using a mouse anti-GAPDH 

monoclonal antibody (ab8245; 1:5000; Abcam, Cambridge, MA), rabbit anti-Met 

polyclonal antibody (sc-161; 1:500; Santa Cruz Biotechnology, Dallas, TX) and 

rabbit anti-P-Met monoclonal antibody (#3077; 1:500; Cell Signaling, Danvers, 

MA) followed by the appropriate horseradish peroxidase-conjugated mouse or 

rabbit IgG (ab97023 and ab97051, respectively; 1:2000; Abcam, Cambridge, 

MA).  

 

4.2.3.4 Intramyocardial Injections for HGF-f Delivery  

All experiments were completed in accordance with the Institutional 

Animal Care and Use Committee at the University of California, San Diego and 

the American Association for Accreditation of Laboratory Animal Care.  

MI was induced via a 25-minute ischemia-reperfusion in female Sprague-

Dawley rats as described previously (n = 12 per group) [128]. One week following 

injury rats received a 75 µL injection of FAST, MED or SLOW degrading AcDex 
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particles containing HGF-f (10 mg/mL in saline), free HGF-f, or empty particles. 

Injections were made in the LV-free wall using a 27-gauge needle as described 

previously [128]. Four weeks after injection animals were euthanized with an 

intraperitoneal injection of FatalPlus (Vortech Pharaceuticals; 300 µL) and hearts 

were harvested for histological analysis.  Some mortality occurred following MI 

and injection surgeries (MED n = 2; SLOW n = 1; empty n = 3; free n = 2).    

 

4.2.3.5 Histological Analysis Following HGF-f Delivery 

At the time of sacrifice, the hearts were excised, arrested in a solution 

containing 25 mM NaHCO3, 2 mM CaCl2, 5 mM Dextrose, 2.7 mM MgSO4, 22.8 

mM KCl, 121.7 mM NaCl, and 20 mM 2,3 butanedione mon- oxime, fresh frozen in 

Tissue Tek OCT freezing medium and sectioned (10 µm thickness) along the short-

axis every 350 µm.  

  To assess angiogenesis and cardiomyocyte apoptosis, 

immunohistochemistry was performed on slides from the three locations 

containing the largest infarct for each heart. For vessel analysis cryosections 

were fixed with acetone, incubated with anti-smooth muscle actin antibody 

(Dako, Carpinteria, CA; 1:75 dilution) and von Willenbrand Factor antibody 

(AbCam, Cambridge, MA; 1:400 dilution) and then stained with Alexa Fluor 568 

anti-mouse and Alexa Fluor 488 anti-rabbit antibodies (Life Technologies, 

Carlsbad, CA; 1:500 dilution). For apoptosis analysis cryosections were fixed with 

acetone, incubated with cleaved-caspase 3 antibody (Cell Signaling, Danvers, 

MA; 1:25 dilution) and α-actinin antibody (Sigma Aldrich, St. Louis, MO; 1:800 
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dilution) and then stained with Alexa Fluor 568 anti-rabbit and Alexa Fluor 488 

anti-mouse antibodies (Life Technologies, Carlsbad, CA; 1:500 dilution). Nuclei 

were visualized with fluorescent Hoescht 33342. Slides were imaged using a Leica 

DM6000B (Leica Microsystems Inc, Buffalo Grove, IL) immune-fluorescent 

microscope at 10x magnification. For vessel analysis five 20x images were taken 

for each slide from within the infarct. Capillary area was quantified by measuring 

the area stained positive for capillaries per area within the infarct region using a 

custom macro in ImageJ. Arterioles with lumen diameters in the range of 10-100 

µm in the infarct area were quantified as previously described [49]. Caspase 

positive cardiomyocytes bordering the infarct were manually counted around 

the entire infarct.  

  Five slides evenly distributed throughout the infarct were stained with 

Masson’s trichrome and used for fibrosis quantification. Slides were scanned at 

20x magnification using an Aperio ScanScope CS2 slide scanner (Leica). The 

‘Positive Pixel Count V9’ algorithm within ImageScope (Aperio) software was 

used to detect non-nuclear blue staining. Interstitial fibrosis was measured in non-

infarcted septal wall regions. Infarct length was calculated as a percentage of 

the midline circumference that contained infarcted tissue. Hearts with infarct 

length <10%, which indicated an insufficient infarction procedure, were 

excluded (FAST: n = 1, MED: n = 2, SLOW: n = 2, empty: n = 2, and free: n = 2). 

Forty-three animals were included in the study (FAST: n = 11, MED: n = 8, SLOW: n 

= 9, empty: n = 7 and free: n = 8). 

4.2.3.6 Statistical Analysis 



82 
 

 

A one-way analysis of variance (ANOVA) test with a Dunnet post-hoc test 

analysis was used to detect differences among groups for blood vessel, 

apoptosis and fibrosis measurements. All measurements were reported mean ± 

SEM, unless otherwise specified.  Significance was accepted at p < 0.05.  

 

4.3. RESULTS 

4.3.1 In vivo Particle Degradation and Model Protein Release  

  Three AcDex batches were prepared using 20, 45 and 90 minute reaction 

times and contained 43, 54, and 57% cyclic acetals, respectively. 1H-NMR of the 

resulting FAST, MED and SLOW degrading AcDex can be found in Figure S4.1 A, B 

and C, respectively. In order to evaluate the degradation rates of the particles in 

the heart post-MI FAST, MED and SLOW degrading AcDex labeled with 

fluorescent dyes were injected into the heart post-MI. Cyclic to acyclic ratios of 

the AcDex were maintained following labeling (Figure S4.1 D, E and F, 

respectively). 
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Figure S4.1. 1H-NMR of the (A & D) FAST, (B & E) MED and (C & F) SLOW degrading 
AcDex before and after fluorescent labeling, respectively. The cyclic acetal 

percentage increased with increased reaction time (top to bottom). This change 
is indicated by the increase in the area under the acetone peak (2.08 ppm) 

relative to the methanol peak (3.34ppm). Fluorescent labeling did not 
significantly change the cyclic to acyclic acetal ratio as shown by nearly 

equivalent peak areas before and after labeling.  
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H&E stained slides were used to confirm that the fluorescent particles were 

located within the infarcted tissue (Figure 4.1; right column). Hearts injected with 

FAST particles were harvested after 0, 2 or 3 days. At time zero many intact 

particles were visible and all contained the encapsulated model protein, 

Ovalbumin (Figure 4.1; n = 2). At day 2 the visible particles displayed a partially 

degraded morphology, but still contained the protein (Figure 4.1; n = 3); 

however, no particles were visible at day 3 (n = 3). Hearts injected with MED 

particles were harvested at 5, 7 or 14 days post-injection. At day 5 many intact 

particles were visible throughout the heart, all containing encapsulated protein 

(Figure 4.1; n = 2). The number of visible particles was greatly reduced on day 7, 

but remaining particles still contained protein (Figure 4.1; n = 2). No MED particles 

were visible 14 days after injection (n = 2). Hearts receiving injection of SLOW 

degrading particles were harvested 14 or 21 days after injection. Protein-

containing particles were visible at day 14, with similar density to the MED 

particles at day 7 (Figure 1; n = 3). Only two SLOW particles were visible in a 

whole heart at day 21 (n = 2).  
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Figure 4.1. Particle degradation and protein release in infarcted hearts. Images 
of (A) FAST-647 (pink) particles 0 and 2 days post-injection show intact and 
partially degraded particles, respectively. (B) MED-568 (orange) degrading 

particles 5 and 7 days after injection show reduced numbers of particles over 
time and particle retention through one week. (C) SLOW-647 (pink) particles 

were still visible in the infarct 14 days after injection. In all images in which 
particles were visible within the infarct, the encapsulated protein, Ova488 

(green), was still present as visualized by the colocalization of green and pink or 
orange. H&E images from each respective location show particles residing within 

the infarcted myocardium. Scale bar: 200 µm 
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4.3.2 Characterization of HGF-f-containing AcDex Particles  

FAST, MED and SLOW degrading particles contained 12 ± 1.2, 11 ± 1.2 and 

11 ± 1.0 µg HGF-f per mg particle, respectively. To assess activity of HGF-f 

encapsulated in and released from AcDex microparticles, its ability to activate 

the c-met receptor on rat aortic smooth muscle cells was determined using 

Western blot. HGF-f was released from FAST, MED and SLOW degrading particles 

under mildy acidic conditions in vitro and added to cells. As expected all cells 

contained the c-Met receptor (Figure 4.2). Only lanes containing 

unencapsulated or released HGF-f showed appreciable bands for the 

phosphorylated c-Met receptor indicating that the released HGF-f maintained its 

activity (Figure 4.2).  
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Figure 4.2. Activity of HGF-f released from particles. HGF-f, like native HGF, is an 
agonist for the c-met receptor. RASMCs were treated with HGF-f released from 

FAST, MED and SLOW particles as well as unencapsulated HGF-f and no HGF-f as 
positive and negative controls, respectively. Cellular lysates were analyzed with 

Western blot to probe for total c-met and phosphorylated c-met receptor 
content. All cells expressed the c-met receptor on their surface. Only cells 

treated with HGF-f, whether encapsulated or not, expressed the phosphorylated 
c-met receptor, indicating that the released HGF-f maintained activity after 

encapsulation in and release from the particles. GAPDH was used as a control 
for total cellular protein. 

 

Particles were visualized with SEM and appeared spherical and non-

porous (Figure 4.3). Particle diameter of FAST, MED and SLOW particles according 

to Multisizer analysis was 27.64 ± 1.52, 28.34 ± 1.52, and 32.18 ± 1.41 µm, 

respectively.  Non-loaded MED (Empty) control particles were 28.88 ± 1.66 µm.  
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Figure 4.3. AcDex particles for HGF-f delivery post-MI visualized with SEM. Particle 
size of (A) FAST, (B) MED, (C) SLOW and (D) Empty particles was 27.64 ± 1.52, 

28.34 ± 1.52, 32.18 ± 1.41 and 28.88 ± 1.66 µm, respectively. All particles appeared 
spherical and non-porous. Scale bar: 10 µm. 

 
 

4.3.3 Effect of HGF-f Delivery Rate on Angiogenesis, Apoptosis and Fibrosis Post-

MI  

Four weeks after injection of FAST, MED or SLOW particles containing HGF-f 

into the infarct there was no statistical difference in capillary density or arteriole 

density between groups (Figure 4.4A, p = 0.95 and B, p = 0.05, respectively). 
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However, the HGF-f delivered in the FAST degrading particles yielded the largest 

arterioles with a significantly greater average arteriole diameter compared to 

the empty control (p < 0.04; Figure 4.4C). Sample images from the FAST and 

empty treated hearts are shown in Figure 4.4D and E, respectively.  
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Figure 4.4. Vessel quantification. No differences were observed in (A) capillary 
area or (B) arteriole density within the infarct between groups. (C) Arterioles 

within the infarct of hearts treated with HGF-f delivered in FAST degrading AcDex 
particles had the largest average diameter (*p < 0.04). Sample images from (D) 

FAST and (E) empty treated hearts display the difference in average arteriole 
diameter. Alpha-SMA (red) and vWF (green) stain smooth muscle and 

endothelial cells, respectively. Scale bar: 100 µm.  
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We also assessed the number of apoptotic cardiomyocytes in the 

borderzone.  Significantly fewer apoptotic cardiomyocytes, as identified by co-

staining with anti-cleaved caspase and anti-a-actinin were found in hearts 

treated with HGF-f in FAST and MED degrading AcDex particles compared to 

empty particle treated hearts (p < 0.005; Figure 5A). Example images are shown 

of infarcts from FAST and empty particle treated hearts in Figure 5 B & C, 

respectively.   

 
 

Figure 4.5. Apoptosis quantification. (A) The number of caspase positive 
cardiomyocytes bordering the infarct was significantly lower when HGF-f was 

delivered in FAST and MED degrading particles compared to SLOW and empty 
particles (*p < 0.005). Sample images of (B) FAST and (C) empty particle treated 
hearts are shown. Cleaved-caspase 3 (red) and alpha-actinin (green) visualize 

apoptotic cardiomyocytes (denoted with white arrows). Scale bar: 100 µm.  
 

Lastly, to evaluate the effects of modulating HGF-f delivery timing on 

negative LV remodeling, we assessed infarct size and interstitial fibrosis in the 

remote myocardium.  Infarct size, as measured by infarct length, was significantly 

reduced in hearts treated with HGF-f in FAST degrading AcDex particles when 

compared to empty particle treatment (p < 0.02; Figure 4.6A). HGF-f delivered in 

MED and SLOW degrading particles also reduced infarct size compared to 

empty particle treatment, though not significantly. A trend toward reduced 
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interstitial fibrosis in FAST particle treated hearts was observed, though differences 

were not significant (p = 0.1; Figure 4.6B). Representative infarcts are shown from 

FAST and empty particle treated hearts in Figure 4.6 C & D, respectively.   

 
 

Figure 4.6. Fibrosis quantification. (A) Infarct length was significantly shorter in 
hearts treated with HGF-f in FAST degrading particles compare to those treated 

with empty particles (p < 0.02). (B) Similar trends for lower interstitial fibrosis in FAST 
particle treated hearts were observed, though the difference was not significant 
(p = 0.1). Representative infarcts from (FAST) and (empty) particle treated hearts 
are shown. Fibrotic tissue is stained blue and healthy myocardium is stained red. 

Scale bar: 1 mm.  
 

4.4 DISCUSSION 

Injectable biomaterials are a promising avenue for preventing or treating 

HF post-MI [6, 7, 111]. One useful property of biomaterials is protecting and 
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sustaining release of bioactive payloads. However, most biomaterials have a 

defined degradation profile, thus limiting payload release to one time frame. 

Herein we designed microparticles with three distinct degradation and 

consequent protein release profiles without changing any other material 

properties, enabling a first time look at how changing delivery rate impacted the 

efficacy of a growth factor known to have cardioprotective properties.  

Here we confirm previous reports that the degradation rate of acetalated 

dextran (AcDex) can be easily tuned by changing the acetalation reaction 

time, thus enabling tunable release of protein payloads [41, 129]. Changing the 

acetalation reaction time changes the ratio of cyclic to acyclic acetals along 

the polymer backbone, thereby affecting degradation properties and the 

stability of the microparticles. Cyclic acetals both form and degrade more slowly 

than acyclic acetals, thus increasing the reaction time makes the AcDex more 

stable. In this study we wanted to create particles with three distinct degradation 

rates in infarcted hearts. Previously we showed that running the acetalation 

reaction for increasing duration yielded AcDex batches that could release a 

protein payload from microparticles between a few days and one month in vitro 

under pH 6 conditions [41], simulating the infarct [62, 127]. For this study we made 

a FAST degrading AcDex by reacting for a slightly shorter time than the fastest 

degrading batch in the previous study. We predicted that particles made from 

FAST AcDex (43% cyclic) would degrade in less than 5 days in the infarct given 

that 49% cyclic degraded in 5 days in vitro at pH 6 [41]. We then created a MED 

degrading AcDex (54% cyclic) by reacting for similar reaction duration as in the 
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previous study (54% cyclic), which we predicted would degrade in the infarct 

after approximately 10 days. Finally we created a SLOW degrading AcDex by 

reacting for longer than the MED AcDex but shorter than the slowest degrading 

batch in the former study (59% cyclic). Due to the slightly lower cyclic acetal 

content we hypothesized that the SLOW degrading AcDex (57% cyclic) would 

degrade in the infarct in about three weeks. Our results showed that 

degradation of the particles in the infarcted heart closely matched that of the 

particles in mildly acidic (pH 6.0) in vitro conditions. The predicted degradation 

rates for the FAST, MED and SLOW degrading AcDex (<5 days, 10 days and ~3 

weeks) correlated with the in vivo results showing degradation in 3 days, ~1.5 

weeks and ~2.5 weeks, respectively. To investigate whether or not a protein 

payload would be retained in the particles as they degraded, we also 

encapsulated fluorescently tagged ovalbumin. Ovalbumin was selected as a 

model protein because its molecular weight (45 kDa) is similar to that of the HGF-

f (38 kDa). The encapsulated protein remained inside the particles at all the time 

points the particles were present within the tissue, confirming that protein release 

occurred at the same rate as particle degradation. Furthermore, as we showed 

previously with bFGF AcDex microparticles are able to encapsulate and release 

active growth factors [41]. Here, heparin was co-encapsulated with the HGF-f to 

help stabilize the growth factor structure. HGF-f released from FAST, MED and 

SLOW degrading particles maintained c-met agonist activity (Figure2).   

Tunable degradation of AcDex and predictable in vivo protein release 

enabled a never before achieved analysis of the optimal time frame for 
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delivering a single therapeutic to the heart post-MI. We were able to investigate 

how delivery rate impacted the efficacy of a known cardioprotective growth 

factor, HGF. In all measured outcomes, angiogenesis, apoptosis and fibrosis, it 

was shown that delivering HGF-f over a three-day time frame was optimal. 

Delivery of HGF-f in the FAST degrading particles resulted in the largest arterioles, 

the lowest number of apoptotic cardiomyocytes neighboring the infarct and the 

smallest infarcts compared to empty particle delivery. HGF-f delivered over 1.5 

weeks in the MED degrading particles also reduced apoptotic cell number 

significantly compared to the empty particle treatment and showed a modest 

but non-significant reduction in infarct size. Delivery of HGF-f over 2.5 weeks in 

the SLOW degrading particles resulted in only a modest (not significant) 

reduction in infarct size with no appreciable impact on angiogenesis or 

apoptosis. These results suggest that especially for vessel formation and 

cardiomyocyte salvage HGF-f must be delivered quickly. This was further 

supported by the free HGF-f performing better than the SLOW released HGF-f in 

both the arteriole diameter and apoptotic cell analyses. The rapid clearance of 

the free HGF-f, however, likely prevented it from having a significant effect. It has 

been shown previously that free HGF is ~90% cleared in 5 hours and almost 

completely cleared in one day after injection into infarcted hearts [130]. The 

combination of low apoptotic cell number and small infarct size suggests that 

infarcts were relatively stable in the FAST group, which indicates a long-term 

benefit of HGF-f delivery even when it is delivered over a short period of time. In 
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comparison the infarcts were larger in the empty particle group, as indicated by 

high apoptotic cell number in the borderzone.  

We loaded an equivalent amount of HGF-f in all three batches of AcDex 

particles allowing isolation of time frame of release as the only variable between 

groups. The total loaded HGF-f was 11-12 µg per mg particle, resulting in 85-90% 

encapsulation efficiency. For a 75 µL injection of 10 mg/mL of particles this 

resulted in 8-9 µg of HGF-f per injection. Since the HGF-f has a potency of about 

1/10 that of recombinant HGF [125] this equated to about a 1 µg dose of HGF 

per injection. This dose was selected due to its prior use in studies delivering HGF 

to the heart post-MI in biomaterials [116, 126]. While it is unknown what the 

minimum dose of HGF needs to be to observe physiologic changes, another 

study delivered an order of magnitude less (170 ng per injection) and still 

observed changes in angiogenesis, apoptosis, and fibrosis [23]. Here the FAST 

degrading particles yielded the highest dose/day over the shortest number of 

days. The MED and SLOW degrading particles consequently delivered 

progressively lower dose/day for a progressively higher number of days. We 

observed that HGF-f delivery in MED degrading particles reduced apoptotic 

cardiomyocyte number significantly even though the dose per day was lower 

than with FAST degrading particles. Furthermore HGF-f released from the MED 

and SLOW degrading particles slightly reduced infarct size, suggesting that a 

lower dose/day sustained over a longer time still impacted the fibrosis pathway.  

 While we did not perform studies to elucidate a mechanism of action of the 

FAST released HGF-f, we hypothesize that the enlargement of the arterioles within 
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the infarct may be due to an interaction of HGF-f and angiopoietin-1 (Ang-1).  

When overexpressed, Ang-1 has been shown to increase the diameter of blood 

vessels without increasing vessel density [131]. Furthermore, HGF has been shown 

to be a mediator of Ang-1-induced smooth muscle cell recruitment and vascular 

maturation in vivo [132]. Regarding apoptosis, elevated cleaved-caspase-3 

expression has been shown to be elevated in rats models through 7-10 days post-

MI compared to 4 weeks post-MI [133]. Perhaps the sustained presence of the 

HGF-f during the end of this time frame via either FAST or MED degrading 

particles helped to reduce this early phase of apoptosis. In contrast the majority 

of the HGF-f from the SLOW particles was delivered after this peak apoptotic 

window.  And finally, collagen deposition begins as early as 3 days post-MI in rats 

and continues through one month [134, 135]. While the effect was not significant, 

the SLOW degrading particles were more effective in reducing fibrosis compared 

to reducing apoptosis or increasing angiogenesis, perhaps due to this longer 

window of fibrosis development.  

A tunable delivery system has the potential to mimic natural tissue repair 

processes by controlling the temporal presentation of bioactive molecules. The 

versatility of AcDex particles in encapsulating payloads of different sizes and 

charges [41] suggests that they could be used to study optimal timeframes of 

delivery of other cardioprotective proteins, growth factors, or enzymes, which 

could then be combined with HGF in a dual delivery system. Here we learned 

that HGF-f was most effective when delivered over a short time frame, thus it 

would be interesting to next investigate whether addition of a second growth 
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factor in slower releasing particles would further enhance HGF-induced healing 

post-MI. Two growth factors have already been delivered with HGF to the heart 

post-MI: insulin growth factor (IGF) and vascular endothelial growth factor 

(VEGF) [23, 116]. In both cases the combination of HGF with the second growth 

factor enhanced post-MI healing beyond that of either factor alone, but these 

results could be further improved by delivering the factors at their optimal rates. 

IGF was predicted to release before the HGF when they were both loaded in 

alginate hydrogels in vitro (IGF-1 100% released in 3 days; HGF 25% released in 7 

days), yet due to the constraints of the material system the opposite order of 

delivery was not tested. In the second study, VEGF and HGF were expected to 

release simultaneously from a PEG hydrogel (50-100% release in 4 days in vitro). 

The positive results observed in this study along with the potential for enhanced 

efficacy upon pairing with another cardioprotective molecule suggest that HGF-

based therapy post-MI is promising. Furthermore, in this study we used a rationally 

engineered peptide fragment (HGF-f) with c-met agonist activity that mimics the 

function of full-length recombinant HGF. The in vivo efficacy as well as the 

increased stability and reduced cost of fabricating HGF-f compared to full-

length recombinant HGF will aid in the translation of such therapies.   

 

Chapter 4, in part, is in preparation for submission as: Sophia L. Suarez, 

Adam Muñoz, Aaron Mitchell, Rebecca L. Braden, Colin Luo, Jennifer R. 

Cochran, Adah Almutairi, Karen L. Christman. HGF cardioprotective efficacy 
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post-MI is maximized when released from quickly degrading acetalated dextran 

microparticles. 
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CHAPTER FIVE:  

Summary and Future Work 
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5.1 Summary and conclusions 

  Heart failure (HF) post-myocardial infarction (MI) is a leading cause of 

death in the Western world [110]. Current treatment options for patients with 

end-stage heart failure include total heart transplantation and implantation of 

left-ventricular assist devices (LVADs). Unfortunately, donor hearts are in low 

supply compared to the number of patients waiting. In addition both of these 

treatment options require invasive surgery that comes with significant risks. Finally, 

neither treatment acts to restore function of the native heart. Thus new treatment 

options are needed for patients with end-stage HF.  

  Injectable biomaterials offer a promising solution as they have the 

potential for minimally invasive delivery and have properties that facilitate 

restoration of heart function [5-7]. While much exciting work has been 

completed to advance injectable biomaterials close to clinical translation, there 

is still room for understanding and improved design of biomaterial therapies to 

ensure patient safety and facilitate therapeutic versatility.  

  In this dissertation we designed a study to investigate the effect of 

biomaterial injection in the heart on electrophysiology (Chapter 2). Patients 

eligible for biomaterial therapy may be at increased risk for ventricular 

arrhythmias [43], thus it is essential to make sure the biomaterial therapy does not 

increase their risk above baseline. We utilized optical mapping [136] to assess 

changes in electrophysiology following biomaterial injection. Biomaterials were 

injected into healthy hearts as well as in the borderzone of infarcted hearts, a 

common location for biomaterial injections, especially for those containing cells. 
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After action potential propagation was assessed histological analysis was 

performed to assess biomaterial interstitial spread, as this parameter varies across 

different biomaterials. We developed a metric to quantify the amount of 

interstitial spread of the biomaterial to compare this parameter to 

electrophysiological outcomes. Specifically, we learned that injection of a highly 

spread hydrogel in the myocardium does not alter action potential propagation, 

while injection of a hydrogel with low spread may create a substrate for 

arrhythmia by causing slowed action potential propagation through reduced 

gap junction density at the site of injection (Chapter 2). While injection into the 

infarct may not be a concern given the already slowed or perturbed 

conduction, our results indicate that delivery of a highly spread hydrogel into 

viable or border zone myocardium is safe whereas a hydrogel with low spread 

may have deleterious effects. This work establishes site of delivery and spread of 

biomaterials in the tissue as important factors in the future use and development 

of biomaterial therapies for MI treatment, and warrants further investigation in 

large animal models. Furthermore, the work will help to inform the design of safe 

biomaterial therapies as a variety of factors can be tailored to alter the degree 

of interstitial spread of biomaterials following injection. 

  Typically biomaterial safety is assessed in terms of the degree of immune 

response induced following injection. While this type of analysis is certainly 

important, it is not sufficient. The impact of the biomaterial injection on 

electrophysiology must be understood. This work was a first step towards 

understanding this relationship. We observed a significant correlation between 
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biomaterial interstitial spread and action potential propagation. While there is 

natural variability in the degree of spread of different biomaterials, this 

parameter has not been a focus of biomaterial design. Yet with the knowledge 

that high interstitial spread is crucial to biomaterial safety, this should become a 

priority in biomaterial design. Material concentration, gelation mechanism and 

injection time are a few ways that interstitial spread can be controlled. Thus while 

this work suggests a safety risk for some biomaterials (ie. those with low interstitial 

spread), the risk can be lowered or removed through systematic design. If 

biomaterial spread cannot be increased, injection location must be carefully 

considered. Our work shows a risk of arrhythmia induction when biomaterials with 

low spread are injected into viable myocardium next to an infarct. If the material 

is contained within the infarct the risk will likely be significantly decreased.  

  While biomaterials have the ability to protect and sustain release of 

bioactive payloads, most biomaterials have a defined degradation profile, thus 

limiting payload release to one time frame. Mimicking a normal healing pathway 

by delivering exogenous molecules at the proper time could facilitate positive 

tissue remodeling following ischemic damage post-MI. A tunable delivery system 

has the potential to mimic natural tissue repair processes by controlling the 

temporal presentation of bioactive molecules. In order to facilitate this type of 

work we designed microparticles with never before seen control of payload 

release ranging from days to months through simple modification of polymer 

composition. These particles were shown to be promising for delivery of protein 

therapeutics to the heart post-MI by encapsulating and releasing active growth 
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factors and by not inducing a negative immune response following injection in 

healthy hearts [41] (Chapter 3).  

  Following full characterization, the particles were used for a first of its kind 

study investigating the optimal time frame for delivery of a known 

cardioprotective growth factor, hepatocyte growth factor (HGF) (Chapter 4). 

While HGF is known to impact several important healing pathways necessary for 

tissue repair post-MI [137-139], and has been shown to protect the heart through 

delivery of exogenous HGF and induction of increased expression of 

endogenous HGF [23, 116-124, 126], the optimal time frame for delivery is not 

known. Using particles with three distinct rates of payload release we determined 

that HGF-f, a rationally engineered peptide fragment HGF mimic, is optimally 

delivered over a span of three days (Chapter 4). This delivery time frame resulted 

in the largest arterioles, the lowest number of apoptotic cardiomyocytes 

neaighboring the infarct and the smallest infarcts. The use of HGF-f, which is more 

stable and less expensive than full-length recombinant HGF [125], further 

improves the translatability of HGF-based therapy into the clinic. This work will 

help inform the design of future HGF-based therapies and provides a platform for 

studying additional cardioprotective growth factors to optimize their therapeutic 

efficacy.   

  The ability to tune release of therapeutics to the heart post-MI is a crucial 

step towards developing a comprehensive therapy that can prevent negative 

remodeling. Of first importance is the ability to study when certain molecules 

should be delivered to exhibit maximal benefit. This work was a first of its kind to 
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investigate the relationship between delivery rate and therapeutic outcome. We 

found that the therapeutic efficacy of HGF-f was significantly different 

depending on its rate of release from the particles. Thus timing of delivery should 

become a focus of design considerations when releasing bioactive payloads 

from biomaterials. Materials properties including concentration, composition and 

degradation rate can potentially be tuned to change payload release rate. 

Additionally design of other tunable materials, like AcDex, should be considered.  

  

5.2 Future work 

  There are several opportunities for future work to expand on the results 

obtained in this dissertation.  

As a next step to gaining a thorough understanding of the impact of 

biomaterial injection on heart electrophysiology in human patients, a large 

animal study would be extremely valuable to the field. Moreover, at later time 

points, degradation of the biomaterial and resulting cell infiltration will both 

contribute to its level of risk of becoming a substrate for arrhythmia, and 

therefore, it is also important to continue to study the risk of arrhythmias for each 

individual biomaterial overtime prior to use in patients. In general, some degree 

of assessment of electrophysiology following biomaterial injection should be 

incorporated into future biomaterial studies in order to expand on our 

understanding of biomaterial safety. And finally, while we hypothesized that 

biomaterial injection directly into infarcted tissue would not adversely impact 
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conduction we only studied borderzone injections. A systematic investigation of 

electrophysiology after infarct injection would also be valuable to the field. 

  There are several avenues for future work based on the results described 

in chapter 4. First, since HGF-f was shown to be most effective when delivered 

over a short time frame (in FAST degrading particles), it would be interesting to 

next investigate whether addition of a second growth factor in slower degrading 

particles delivered with HGF would further enhance healing post-MI. This work 

also provides a platform for the study of the optimal time frame for delivering 

other growth factors, enzymes and small molecules known to stimulate tissue 

repair following MI. Once this information has been obtained for a library of 

cardioprotective molecules, a potent cocktail can be designed that allows 

distinct and precise delivery of multiple therapies in one injection. It is likely that 

this type of sophisticated therapy is needed to combat such a complex 

pathology as seen in the progression to heart failure.  
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