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Abstract 

 Functional biomaterials are being developed as scaffolds to support endogenous 

cells and to promote the regeneration of ischemic tissue. The aim for this study was to 

develop a new translational platform for injectable hydrogels using recombinant human 

collagen (rHC) of two types: type I (TI) and type III (TIII). The collagen solutions were 

characterized to ensure batch-to-batch consistency and protein integrity. The hydrogel 

preparation protocol was extensively monitored to ensure ease of use and high-quality 

production. Post-gelation, rHC TIII have a higher viscosity compared to rHC TI, yet 

water content was high for both hydrogels. The cross-linking degree is similar for both 

rHC hydrogels, which are stable well above physiological temperatures, but rHC TI is 

more susceptible to enzymatic degradation than rHC TIII. Furthermore, the micro-

architecture differed with pore size dimensions of rHC TIII being significantly larger than 

that of rHC TI. Cardiac fibroblasts were cultured on the rHC hydrogels, and cells 

attached readily to the scaffold environment, which promoted proliferation. The rHC 

matrices mechanical and biological properties provide structural support, and 

demonstrate biodegradability and biocompatibility. The intrinsic physical differences 

between the rHC hydrogels will likely have implications in future studies. In conclusion, 

the rHC TI and TIII hydrogels are proven to be suitable matrices for continued 

investigation towards future translational applications. 
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1 Chapter: Introduction 

1.1 Regenerative Medicine in Cardiovascular Disease 

Cardiovascular disease (CVD) is recognized as an assortment of adverse 

conditions that damage the cardiovascular system leading to loss of function or failure 

(Georgiadis et al., 2014, Hilfiker-Klemer, 2006). In consideration of the ageing 

population and long-term unhealthy lifestyles, the acute and chronic impact of CVD on 

individuals, families, and healthcare institutions is enormous. CVD remains one of the 

leading causes of death worldwide, even though its prevalence has declined in the last 

decade (Mozaffarian et al., 2014). Heart failure (HF), the result of hypertrophy and left 

ventricular (LV) remodeling of cardiac tissue, occurs after acute trauma by myocardial 

infarction (MI) or the progression of hypertension, atherosclerosis or cardiomyopathies 

(Epelman et al., 2015, Hilfiker-Klemer, 2006).  

In MI, the narrowing of coronary arteries initially restricts blood flow to the heart, 

which deprives resident cardiomyocytes of oxygen (hypoxia) and nutrients resulting in 

massive cell death in the LV area (Epelman et al., 2015, Frangogiannis, 2014). 

Consequently, this ischemic tissue undergoes remodeling and develops a fibrotic scar. 

This adverse remodeling and loss of cardiomyocyte mass results in structural and 

functional limitations in heart contractility and its ability to pump blood (Vilahur et al., 

2011, Distefano and Sciacca, 2012). The highly differentiated tissue of the myocardium 

is vulnerable to injury, lacking an extensive, dynamic repair and regenerative capacity 

post-MI (Steinhauser and Lee, 2011). Cardiac remodeling corresponds to infarct 

expansion, ventricular dilation and ventricular wall stresses that affect patient morbidity 

and mortality. Although surgical procedures and pharmacological (i.e. vasodilators, 
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diuretics) treatments can minimize cardiac dysfunction, the improvement is temporary for 

some patients and only circumvents the complication (Chachques et al., 2013, Distefano 

and Sciacca, 2012). Ultimately, end-stage HF patients undergo heart transplantation or 

high-risk patients are implanted with ventricular assist devices with intensive drug 

therapy (Georgiadis et al., 2014, Steinhauser and Lee, 2011). The post-MI scar represents 

a target for developing treatments that may repair and regenerate ischemic tissues in 

patients. 

The initiation and propagation of adverse remodeling due to ischemic injury are 

modulated by immune and extracellular matrix (ECM) molecular signals (Epelman et al., 

2015, Vilahur et al., 2011). Importantly, the evolution of the infarct is categorized by 

three distinct stages: inflammatory phase, proliferative phase, and maturation phase 

(Epelman et al., 2015, Frangogiannis, 2014). In the heart, acute inflammation post-MI is 

cardioprotective in the presence of short-term, intensive stress (Frangogiannis, 2014, 

Shen et al., 2013). Cellular necrosis and ECM degradation during tissue injury release 

pro-inflammatory signals, which increases infiltration of neutrophils and macrophages 

(Epelman et al., 2015, Frangogiannis, 2014, Shen et al., 2013). Subsequently, in the 

proliferative phase, myofibroblast proliferation promotes infarct stabilization by the 

release of ECM reparative signals and scar tissue formation (Epelman et al., 2015). 

Nonetheless, post-MI inflammation is propelled by reperfusion that establishes an 

intensive pro-inflammatory environment. Currently, no exact molecular mechanism(s) 

has thoroughly explained MI and post-MI inflammation involved in ischemic injury. 

Furthermore, autocrine and paracrine interactions accelerate myocardial responses to 

stress and injury (Zhang et al., 2015b, Steinhauser and Lee, 2011). These phenomena are 
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good focal points for elucidating a means to understand and manipulate cardiac 

regenerative functions.  However, it is clear that inflammation, severe loss of myocyte 

mass, and fibrosis contribute to adverse remodeling (Epelman et al., 2015, Vilahur et al., 

2011). One approach to restore the structural and functional integrity of the heart is to 

prevent or reverse the hostile environment and adverse remodeling. 

Cardiac stem cell therapies are considered important for the future of cardiac 

regeneration treatments. It is now confirmed that the adult heart has intrinsic regeneration 

capabilities, specifically induced by differentiating cardiomyocytes, endogenous 

progenitors, and bone marrow sources (Steinhauser and Lee, 2011, Garbern and Lee, 

2013). However, this regeneration is quite limited by the small myocyte turnover rate 

over decades in adult life (Steinhauser and Lee, 2011, Garbern and Lee, 2013). 

Nonetheless, this information has lead to new technologies that involve the delivery of 

stem cells to ischemic or infarcted cardiac tissue (Garbern and Lee, 2013). Cells with 

intrinsic progenitor/repair functions are considered for therapies such as bone-marrow-

derived stem cells, embryonic stem cells, cardiac stem cells, or inducible pluripotent stem 

cells (Garbern and Lee, 2013, Schussler et al., 2010, Segers and Lee, 2008). Overall, the 

regenerative treatments intend to restore blood flow and/or cardiomyocyte mass in 

localized scarred tissues, particularly LV remodeling, and improve cardiac function 

(Garbern and Lee, 2013, Schussler et al., 2010, Murry et al., 2006). 

Cell-based therapies have shown great potential in laboratory trials, yet the results 

in clinical trials have been less impressive and inconsistent. Direct injection of cells, 

although most common in therapies, have many limitations such as poor engraftment, 

efficacy, and low survival (Sanganalmath and Bolli, 2013, Ye et al., 2011, Schussler et 
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al., 2010, Suuronen et al., 2008). Furthermore, there are issues with appropriate cell-type 

choice, cell transplantation timing, and delivery technique (Sanganalmath and Bolli, 

2013, Kuraitis et al., 2010, Murry et al., 2006). The limitations in cell-based therapies are 

also associated with a general lack of knowledge in cardiac regeneration. Although there 

is evidence for two theories on the source of cardiomyocyte replenishment in adults, 

whether from stem and progenitor cells or mature cardiomyocytes, it is unclear which 

mechanism is most prevalent and how the regenerative process changes post-MI 

(Garbern and Lee, 2013, Steinhauser and Lee, 2011). Furthermore, as stated above, 

missing information involving fundamental processes that influence the ischemic 

environment and adverse remodeling impede therapeutic advancement in this new field. 

In order to improve on the successes of cell therapy and cardiac regeneration, new 

complementary approaches are necessary. 

 

1.2 Functional Biomaterials: Natural, Synthetic, and Novel Scaffolds 

 The advancement in engineered functional biomaterials for cardiac therapies may 

be promising for addressing the demands of CVD worldwide. Biomaterials are natural or 

synthetic 3-dimensional scaffolds that are designed to mimic and interact with the local 

cellular microenvironment (Tallawi et al., 2015, Lam and Wu, 2012, Rane and 

Christman, 2011). The field of tissue engineering/regenerative medicine (TERM) focuses 

on restoring structural and functional properties in damaged tissues (Shapira et al., 2016, 

Tallawi et al., 2015). For cardiovascular applications, biomaterials are intended to 

support or temporarily replace defective myocardial tissue whilst providing a template for 

long-term repair or regeneration. For example, biomaterials aim to accomplish this task 
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by regulating cellular and molecular mechanisms (i.e. inflammation, fibrosis), enhancing 

ECM and tissue integrity, and promoting cardiomyocyte viability and regeneration 

(Finosh and Jayabalan, 2012, Segers and Lee, 2011, Kuraitis et al., 2010). In order to 

adhere to TERM criteria, biomaterials must display mechanical and biological features 

that are biocompatible, biodegradable, and biomimetic (Boffito et al., 2014, Rane and 

Christman, 2011). Currently, biomaterial approaches for therapeutic efficacy involve in-

vivo / ex-vivo cell seeding onto implantable scaffolds or acellular scaffolds that recruit 

endogenous cells to facilitate reparative processes (Tallawi et al., 2015, Boffito et al., 

2014). Biomaterial scaffolds can be used to deliver cells to designated regions, whilst 

improving engraftment and survivability (Schussler et al., 2010, Suuronen et al., 2008). 

They can be combined with various cytokines or growth factors (GFs) that are known to 

promote angiogenesis or neovascularization in cardiac tissues (Shapira et al., 2016, 

Tallawi et al., 2015). Scaffold structural and mechanical properties, including anisotropic 

and topographic cues, can modulate cardiomyocyte and fibroblast morphology, 

distribution, and function similarly to the healthy myocardial environment (Silvestri et 

al., 2013, Wang et al., 2011, Schussler et al., 2010). The scope of the endeavour is broad, 

and as such there are numerous differences in material preparation, composition, and 

modification (Boffito et al., 2014, Rane and Christman, 2011). These materials are 

usually prepared as cardiac patches, fibrous sheets, macroporous sponges and foams, or 

hydrogels (see below) with differences in shape and size (Shapira et al., 2016, Asti and 

Gioglio, 2014). Furthermore, these qualities dictate material physical, mechanical, and 

biological properties. Thus, it is crucial that biomaterials are characterized in comparison 

to the environment (ECM, myocardial tissue) intended for their use. 
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Natural-based scaffolds, comprised of polysaccharides and/or proteins, can be 

designed to have characteristics that mimic physical and biological features of the native 

heart ECM (Shapira et al., 2016). These materials are frequently made with collagen (see 

below), fibrin, alginate, chitosan, and hyaluronic acid (Zhang et al., 2015b, Asti and 

Gioglio, 2014). In general, these components are biocompatible and bioactive, based on 

natural origin, that promote cell adhesion, proliferation, and differentiation (Rane and 

Christman, 2011). Decellularized tissues, undergoing thorough pre- and post-processing, 

maintain tissue-specific features important for material-host interactions with multi-

layered biological networks that have non-cellular components intact (Londono and 

Badylak, 2015, Galvez-Monton et al., 2013). This scaffold embodies the biological 

micro-architecture of the complex, native ECM in the heart (Johnson and Christman, 

2013). However, factors such as cost, poor stability and reproducibility, and relatively 

weak mechanical properties present a common problem to natural scaffolds (Shapira et 

al., 2016, Hasan et al., 2015, Zhang et al., 2015b). Furthermore, immunogenicity may be 

an issue for clinical translation due to the risks involved in preparation (contamination) 

and origin (animal-based) of the biomaterial (Shapira et al., 2016).  

Synthetic scaffolds lack intrinsic biocompatible features but have greater 

versatility in design and preparation. Typically, polyesters and polyurethanes are used for 

consistent, inexpensive production with readily customizable and precise physical and 

mechanical properties (Shapira et al., 2016, Zhang et al., 2015b). Furthermore, some 

synthetics are biodegradable, such as polycaprolactone (PCL), poly(lactic-co-glycolic 

acid) (PLGA), and poly(lactic acid) (PLA), and most are easily modifiable (Asti and 

Gioglio, 2014, Galvez-Monton et al., 2013). Though advantageous in design, drawbacks 
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include foreign body response, toxicity, and undefined functional interaction (Silvestri et 

al., 2013). In addition, synthetics typically have surface hydrophobicity and lack internal 

or external biological components, without modification, that hinder cultivating 

interactions for cell growth and tissue organization (Asti and Gioglio, 2014).  

Hybrid biomaterials combine natural and synthetic aspects in design choice to 

produce superior structural and functional properties in scaffolds (Silvestri et al., 2013, 

Lam and Wu, 2012). Hybrid production methods tend to be multi-faceted, involving 

many different techniques (e.g. gas foaming, freeze drying, electrospinning) to assemble 

a unified scaffold (Boffito et al., 2014). Typically, natural components are layered over 

synthetic components, whether as multi-layered fibers or shell and core constructs. 

Synthetics reinforce mechanical properties or impart unique geometries to the scaffold 

while natural components modify exterior biointegration and surface interactions 

(D'Amore et al., 2016). Markedly, compartmentalized or whole material geometry (e.g. 

shape, size, porosity, fiber dimensions) influence cell alignment, permeation and 

contractility movements. This is commonly displayed with electrospun fibrous scaffolds 

(Prabhakaran et al., 2012, Heydarkhan-Hagvall et al., 2008) or self-assembling peptides 

(Martinez-Ramos et al., 2014). However, composite or hybrid biomaterials require 

extensive characterization to ensure the individual properties imparted by each 

component are maintained throughout pre- and post- processing methods.  

Biomaterials can undergo morphological, chemical, and biological modifications 

to enhance their structural or functional properties. These modifications are implemented 

during material production (e.g. cross-linking, bioactive molecules) or after production 

(e.g. surface functionalization). For example, cell adhesion may be improved with 
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specific functional groups or cell-binding motifs (RGD, YIGSR) used on surface coatings 

(Tallawi et al., 2015, Zhang et al., 2015b). Laser embedded micro-channels, which 

improve cell attachment and retention, can physically alter scaffold surfaces with 

precision (Muehleder et al., 2014). GFs, such as vascular endothelial growth factor 

(VEGF) or insulin-like growth factor 1, can stimulate regenerative processes in cardiac 

tissues (Shapira et al., 2016). GFs can be linked to scaffolds by means of covalent 

fixation to surfaces, encapsulation, or cross-linkage (Shapira et al., 2016, Lee et al., 

2011). Composite scaffolds, particularly hydrogels, readily expose GFs to tissues by 

specific localization and degradation controlled time-release (Lee et al., 2011). These 

modifications can improve cell survival and mediate growth, proliferation, and 

differentiation (Rane and Christman, 2011).  

Injectable hydrogels, natural or synthetic, are hydrated solutions that are designed 

to solidify in response to physiological pH, temperature, and chemical cross-linking 

(Johnson and Christman, 2013, Ye et al., 2011, McEwan et al., 2011). Hydrogels are soft 

materials, which form complex, hydrophilic 3D environments that are highly water 

absorbent, malleable, and robust (Hasan et al., 2015). The high water retention and 

polymeric network, often enhanced by covalent cross-linkage, is appropriate for 

environmental biomimetic applications (Hasan et al., 2015, Ye et al., 2011). Hydrogels 

offer surface adhesion and permeability, maximized by the structural expansion with 

water retention and porous networks. This facilitates cellular interactions with the 

material, providing physical and functional support. In addition, the spatial organization 

of solidified hydrogels act as a scaffold improving the retention and function of 

transplanted cells (Johnson and Christman, 2013). Furthermore, in situ gelation is an 
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advantageous property of hydrogels because as an injectable the delivery system 

minimizes invasive procedures and delivers easily compared to rigid materials such as 

tissue patches or delicate decellularized sheets (Johnson and Christman, 2013, Wang et 

al., 2010). Interestingly, injectable materials have the ability, without administration of 

exogenous cells, to improve cardiac function and minimize LV dilation in animal models 

(Johnson and Christman, 2013, Christman et al., 2004). The mechanisms involved in the 

material-cell-host interactions that promote functional regeneration and tissue 

neovascularization have not been fully elucidated. Indeed, structural support provided by 

an inert material has little to no significant impact alone (Johnson and Christman, 2013). 

Therefore, investigational focus should emphasize the most clinically viable materials 

and their bioactive interactions in the cardiac environment.  

 

1.3 Collagen-based Matrices for Cardiac Therapy 

 In particular, collagen receives a lot of attention as a capable natural scaffold for 

tissue engineering. The class of fibrous structural protein collagens, in fibrillar and non-

fibrillar forms, are found in most mammalian connective tissues comprising about 25% 

of total dry weight (Parenteau-Bareil et al., 2010). Collagens are uniquely characterized 

by a triple helical domain, formed by the assembly of three polypeptide α-chains with 

repeating Gly-X-Y sequences into a homotrimeric or heterotrimeric supramolecular 

structure (Parenteau-Bareil et al., 2010, Caulfield and Janicki, 1997). The repeated triplet 

sequence has glycine residues at every third position followed by hydroxylysine, 

hydroxyproline, or proline residues in the X and Y positions (Chattopadhyay and Raines, 

2014, Parenteau-Bareil et al., 2010, Engel and Prockop, 1991). This particular sequence 
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allows for coiled turns in the polypeptide chains. The structural properties differ between 

collagen types, associated to differences in α-chain composition, but the helical formation 

remains conserved in fibrillar collagens (Chattopadhyay and Raines, 2014, Engel and 

Prockop, 1991). Primarily, collagens are prepared and secreted (as procollagen) from 

fibroblasts undergoing post-translational modifications. Externally, the tropocollagen 

self-assembly produces fibrils that build towards collagen fibers (Chattopadhyay and 

Raines, 2014, Parenteau-Bareil et al., 2010). Furthermore, the fibrillar collagens type I - 

(90%; [α1(I)]2α2(I)) and type III - (10%; [α1(III)]3) are major components in the ECM of 

cardiac tissue (Shapira et al., 2016, Parenteau-Bareil et al., 2010, Caulfield and Janicki, 

1997). The majority of fibers surrounding cardiomyocytes are co-polymerized type I and 

type III bundles (Gazoti Debessa et al., 2001). Importantly, these collagens provide 

structural and functional support to the surrounding cardiac tissues and are organized in 

three distinct layers/bundles: epimysial, perimysial, and endomysial fibers (Shapira et al., 

2016). The organization of these collagen networks, specific alignment and orientation of 

fibers, provides a functional surface for cellular growth, communication, and contractility 

(Shapira et al., 2016, Haneef et al., 2012). Furthermore, collagen motifs (e.g. RGD) 

interact with numerous cell receptor (e.g. integrins) proteins and other components of the 

ECM (Chattopadhyay and Raines, 2014, Parenteau-Bareil et al., 2010). These direct and 

indirect interactions provide cellular cues for adhesion, migration, proliferation, and 

differentiation (Chattopadhyay and Raines, 2014, Parenteau-Bareil et al., 2010). 

Intrinsically, collagens have excellent biocompatibility and biodegradability 

characteristics. Both type I and type III collagens are abundant, integral components to 

healthy cardiac ECM structure and function. Furthermore, collagen biodegradation is 
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natively regulated by matrix metalloproteinases (MMPs; collagenases) enzymatic 

activity. In developing collagen-based biomaterials, these properties can be modulated by 

cross-linking techniques (physical, chemical, and enzymatic) that form polymeric 

networks (Davidenko et al., 2015, Delgado et al., 2015, Parenteau-Bareil et al., 2010). 

Although these properties make collagen advantageous for biomaterial purposes, there 

are also a few drawbacks. Its mechanical properties are quite conserved making 

optimization difficult and unmodified polymers have poor conduction. As well, cautious 

handling is necessary to avoid denaturation, degradation, or fibrillogenesis.  

Importantly, the two major types of ECM collagen, type I and type III, have 

significantly different structures (Pauschinger et al., 1999, Marijianowski et al., 1995). 

This impacts their role and mechanical features in the native heart ECM. Collagen type I 

is the most abundant, providing strength and stiffness that establishes the fibrous 

networks whereas collagen type III modulates myocyte function and is inter-dispersed in 

collagen type I networks providing elasticity (Tallawi et al., 2015, Pauschinger et al., 

1999). It is known that the ECM ratio between these collagen influences the physical and 

mechanical properties of the native and post-MI tissues (Wei et al., 1999). Generally, 

type I is heightened compared to type III in diseased hearts (Caulfield and Janicki, 1997) 

whereas early-stage post-MI type III increases significantly resulting in reduced adhesion 

and angiogenesis (Schussler et al., 2010). This ratio-dependent phenomenon is 

considered in other pathological conditions, such as vascular Ehlers-Danlos syndrome, 

and influences fibril covalent cross-linking differences between the two collagens (Liu et 

al., 1997, Henkel and Glanville, 1982). In ageing, collagen type I content increases and 

myocyte numbers decrease with the development of new fibers at the LV wall (Gazoti 
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Debessa et al., 2001). This is similar to ratio differences over time in uninjured and 

hypertrophic skin. Relatedly, the type I/III ratio is altered with less elastic type III that 

may denote loss of cardiac function. It is known that type I fibrillogenesis, that is fiber 

growth and length/diameter, is influenced by type III during co-assembly in the cardiac 

environment (Liu et al., 1997). Furthermore, an increased collagen type I/III ratio in 

myocardial fibrosis is associated with dilated cardiomyopathy (Pauschinger et al., 1999). 

These differences in myocardial collagen type I/III disposition at varying stages of life or 

injury can possibly influence the impact of collagen-based materials. 

 Collagen-based scaffolds, predominately with collagen type I, have been a staple 

natural source for cardiac biomaterials. In our lab, collagen-based matrices have 

improved vascularization and repair of ischemic and infarcted tissues (Blackburn et al., 

2015, Ahmadi et al., 2014, Kuraitis et al., 2012a). It is apparent that collagen materials go 

beyond simplistic structural support roles. Collagen materials are highly suitable for GF 

delivery. Studies show that the controlled degradation of collagen materials can increase 

GF retention and concurrent angiogenesis (Shapira et al., 2016, Tabata et al., 2000). 

Alternatively, collagen matrices are compatible cell delivery or recruitment materials that 

improve cell transplantation and retention with tissue-specificity (Ahmadi et al., 2014, 

Mayfield et al., 2014, Zhang et al., 2008). Collagen, as an appropriate regenerative 

environment, provides biophysical and biochemical cues that regulate cell behaviour 

(Gasiorowski et al., 2013). In particular, collagen supports the cellular growth and 

functionality of many stem cells and progenitors such as circulating angiogenic cells, 

mesenchymal stem cells (MSCs), and skeletal myoblasts (Kuraitis et al., 2012b, Wang et 

al., 2010, Dai et al., 2009). In addition, some methods promote stem cell differentiation 
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into cardiomyocytes with pre-conditioned collagen scaffolds for cardiac phenotypes, such 

as scaffold electrostimulation (Nunes et al., 2013, Haneef et al., 2012) or decellularized 

hybrid materials (Duan et al., 2011). Collagen hydrogels or soft-matrices exhibit these 

positive cellular interactions best, attributed to their 3D environments (Hasan et al., 2015, 

Segers and Lee, 2011). 

While collagen alone is a desirable natural choice for composite scaffolds, it can 

be supplemented with additional components, such as polysaccharides (Deng et al., 2010) 

or other ECM-derived proteins (Pieper et al., 2000, Cao and Xu, 2008) for improved 

function. Scaffolds comprised of synthetic materials such as PCL, PLGA, and PLA 

benefit from collagen for cell attachment and differentiation (Liu et al., 2016, 

Prabhakaran et al., 2014, Park et al., 2005). In recent nano-material approaches, collagen 

nanofibers infused with gold nanoparticles were able to enhance fiber conductivity and 

promote MSC differentiation in cardiac differentiation medium (Orza et al., 2011). The 

mechanical and biological properties that collagen biomaterials offer are ideal for cardiac 

regeneration. Furthermore, the range of pre- and post-production modifications allows 

collagen to advance with novel design methods, nanotechnology, and composites that are 

at the forefront of next-generation materials. 

 

1.4 Biomaterials in Cardiac Translational Medicine  

 Although progress in the field has been admirable, TERM biomaterials for 

cardiovascular treatments are not yet widely ready for the clinic. This is apparent by the 

lack of ongoing clinical trials over the last few years. Certification of approval from 

medical authorities for material implantation trials, especially with stem cells, is a strictly 



 14 

regulated and arduous process. Important to risk-to-benefit ratio assessment, proof of 

efficacy and long-term safety are mandatory requirements in approval. Biomechanical 

and functional performance of biomaterials differs considerably depending on 

preparation, composition, and modification. Therefore, it is difficult to balance material 

biologic performance with structural stability (degradation rates, mechanical properties) 

for cardiac applications (Vunjak-Novakovic et al., 2010). This is increasingly important 

for TERM requirements involving cardiac vascularization, electrostimulation, and ECM 

integration (Chachques et al., 2013, Finosh and Jayabalan, 2012). In terms of safety, 

scaffolds must display biocompatibility, biodegradability, and biointegration without 

local and systemic immunogenic, teratogenic, and toxic consequences (Ogle et al., 2016, 

Finosh and Jayabalan, 2012). This is most problematic with animal-derived or synthetic 

components, and notably a hindrance for stem cell populations. Furthermore, scaffolds 

intended for clinical purposes should demonstrate potential for scale-up methods, 

accessible transference techniques, and shelf life duration. In addition, stem cells 

incorporated into scaffolds require comprehensive documentation of cell and scaffold 

preparation, manufacturing, and biological potency that must adhere to regulations 

associated with each component. For current cardiac tissue engineering an ideal 

biomaterial has yet to address all these major challenges, which impede clinical 

progression. Predominately, material applications that are currently approved for human 

use are heart valve replacements, endovascular stents, and various vascular grafts (Lam 

and Wu, 2012). Nonetheless, current breakthroughs with novel methods (e.g. 

nanotechnologies, bio-printing, hybrid materials, injectables, functionalization) are 

beginning to overcome these problems. Less than a decade ago, the MAGNUM trial 
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(Myocardial Assistance by Grafting a New Bioartificial Upgraded Myocardium - 

nonrandomized, controlled phase I) was the first clinical biomaterial trial for infarct 

repair (Chachques et al., 2008). A collagen matrix implant with bone marrow cells was 

grafted onto the infarct scar. The treatment was safe and the results were positive, yet 

small sample size limited the significance. Recently, the PRESERVATION I trial (IK-

5001 for the Prevention of Remodeling of the Ventricle and Congestive Heart Failure 

After Acute Myocardial Infarction - multicenter, randomized, double-blind, placebo-

controlled phase I/II) advanced the field with an injectable bioabsorbable alginate matrix 

that cross-links into a biological scaffold (Rao et al., 2016, Rao et al., 2015). The 

intracoronary injectable material aimed to mediate adverse remodeling 2 to 5 days after 

successful reperfusion in patients. Unfortunately, though safe and feasible, the material 

failed to elicit positive changes to LV remodeling or cardiac events over 6 months (Rao 

et al., 2016). International initiatives for cardiac TERM biomaterials, such as the 

RECATABI Project (Regeneration of Cardiac Tissue Assisted by Bioactive Implants), 

will help build upon this foundation for novel, translational biomaterials (Soler-Botija et 

al., 2014, Galvez-Monton et al., 2013). The objective for RECATABI was the 

development of new bioengineered scaffolds that transport and protect stem cells for 

ischemic tissue restoration. The project outcome devised two elastomeric microporous 

materials with self-assembly nanofiber hydrogels: a non-degradable polyethylacrylate 

membrane and semi-degradable caprolactone 2-(methacryloyloxy)ethyl ester membrane 

(Chachques et al., 2013).  

Tissue engineered scaffolds are increasingly popular as in-vitro proof-of-concept 

studies, which elaborate on new properties and techniques. However, these studies fail to 
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consider translational aspects and may not be followed up by in-vivo characterization. 

Furthermore, in-vivo projects require larger sample sizes, longer time-point experiments 

and a transition from small to large animals to fully understand potential therapeutic 

impact (Ogle et al., 2016). In this direction, knowledge on material-cell-host interactions 

and the mechanisms that drive improvements in cardiac function and remodeling will be 

necessary (Johnson and Christman, 2013, Finosh and Jayabalan, 2012). To a degree, 

positive outcomes are likely dependent on personalized conditions such as infarct size, 

inflammatory progression, and physiological adaptation (e.g. gender, age, condition). 

Furthermore, scaffold mechanical properties must resist movement in the dynamic 

environment of the heart, such as hemodynamic forces and muscle contractility (Vunjak-

Novakovic et al., 2010, Silvestri et al., 2013).  Physical and chemical characterization of 

these factors should be performed in short- and long-term experiments, while cross-

referenced to other materials. Similar to cell-based therapy, the timing and the delivery 

method for biomaterials is important to maximizing therapeutic effects. MI substantially 

changes cardiac tissue and the local environment within hours and over a period of weeks 

(Kuraitis et al., 2010). The introduction of a biomaterial too soon could interrupt initial 

cardio-protective inflammatory and fibrotic cues following MI. However, it is found that 

material efficacy after severe remodeling and fibrosis in the later stages post-MI, with or 

without stem cells, is substantially reduced. Generally, injection or implantation should 

occur within 1 week after MI (Blackburn et al., 2015, Rane and Christman, 2011). 

Surgical implantation of a patch or prosthetic is an invasive procedure, which is less 

desirable than minimally invasive methods. Thus, intramyocardial delivery by injectable 

materials is an alternative, either by epicardial injection or catheter-assisted injection 
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(Hasan et al., 2015, Johnson and Christman, 2013). In time, new standards and strategies 

will elucidate the optimal procedures necessary for, at least partial, cardiac regeneration 

using biomaterials. 

In order to maintain clinical relevance and momentum, it is critical to thoroughly 

evaluate the design philosophy and application of biomaterials. To this end, the work in 

this thesis characterizes the development of injectable hydrogels, comprised of non-

animal source collagen, following a simple, reproducible, and time-efficient procedure 

appropriate for future translational cardiac therapy.  

 

1.5 Rationale and Project Objectives 

 Injectable hydrogel biomaterials have emerged as promising therapies for 

regeneration of post-MI scar tissue. Collagen, a structural and functional component of 

the ECM, is a prominent choice for injectable matrices that can positively regulate 

inflammation, fibrosis, and remodeling of the MI heart. In our lab, rat-tail collagen type I 

based matrices have been shown to reduce inflammation, fibrosis, and improve 

neovascularization and cardiac function in the ischemic heart of mice and pigs in early-

stage post-MI. However, these materials cannot be directly translated to humans due to 

the risk of toxins, immunogenic response, and batch-to-batch variability of the collagen 

source. Therefore, I hypothesize that a comprehensive de-novo protocol for the 

preparation of recombinant human collagen type I and type III (rHC TI and rHC TIII, 

respectively) injectable hydrogels can be developed to generate materials with suitable 

physical and functional properties for use in cardiac therapy. 
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 The objective for this project was to develop a novel, biofunctional material that 

can act as a foundation for future cardiac therapies. To this end, the rHC TI and TIII 

hydrogels, in comparison to a porcine type I collagen (Theracol) hydrogel, were assessed 

for the following: 

 

• Characterization of the collagen solutions 

• Characterization of the collagen hydrogels 

• Biocompatibility of the collagen hydrogels  

 

 Two important components for clinical relevance are human cell viability 

(biocompatibility) and transference technique (sterility, readiness, and ease of use). The 

use of recombinant human collagen and a t-piece mixing system in a stepwise protocol 

for injectable matrices is expected to satisfy these criteria. The emphasis on the 

translational aspect of these biomaterials is essential for advancement to the clinic. 
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2 Chapter: Materials and Methods 

 In this section, materials without a listed source are acquired from Sigma-Aldrich 

(Oakville, Canada). The majority of preparations for collagen solutions and hydrogels are 

completed in sterile conditions. This refers to the use of a biocabinet (AirCleanSystems®, 

H.E.P.A filtered), with standard sterilization using 70% ethanol. The three types of 

collagen prepared were porcine type I collagen (Theracol; Regenerative Medical 

System), recombinant human collagen type I (rHC TI; Fibrogen), and recombinant 

human collagen type III (rHC TIII; Fibrogen). These materials are manufactured 

following standard operating procedures (SOPs) that will continue to be revised 

throughout development.  

 

2.1 Collagen Solution Consistency and Stability for Hydrogel Use 

2.1.1 Preparation of collagen solutions  

 The collagen samples were freeze-dried prior to batch preparation. The rHC TIII 

was purchased from the manufacturer, Fibrogen, and the rHC TI was a gift from 

professor May Griffith (Montreal University). For Theracol, 35mL was transferred to 

50mL centrifuge tubes (Corning). In preparation for lyophilization, the samples undergo 

pre-freezing in -80oC temperature. The samples were inserted into individual vacuum 

chambers in a freeze dry system (LabConco). The samples were concentrated using this 

freeze-dried process requiring five days.  

 A 1.0% collagen solution is prepared by dissolving 0.1g of lyophilized collagen in 

10mL of ultra pure ddH2O (Sigma-Aldrich; DNase and RNase free, 0.1μm filtered). The 
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solution is left on a shaker overnight at 4oC. The samples completely dissolve in solution 

within 7 days. This constitutes one batch of collagen solution.  

 A 10mL BD syringe (Fisher Scientific) is used to prepare collagen solutions for 

making hydrogels. For sterilization, methanol (Fisher Scientific) is collected into the 

syringe five times, and then it is placed aside to dry. The plunger is submerged in 

methanol for 10 minutes, repeated twice. The plunger surface is wiped in between 

washing steps. The syringe components, separated, are left under UV for 30 minutes. 

Braun sealant caps (BBraun) are submerged in methanol overnight and attached to the 

syringe spout. 

 Plastic tubing (Thermo Scientific - Nalgene PVC) is placed on a glass dish. A 

razor is used to cut the tubing in 1.5cm segments, which are placed in 70% ethanol 

overnight with parafilm coverage. The tubing segments are collected using tweezers, and 

are dried on the glass dish. Prior to the first injection of collagen, the sealant cap of the 

syringe system is removed and one tubing segment is attached to the spout with tweezers. 

The tubing spout and the plunger entry are covered with parafilm before storage.  

 To ready the collagen for hydrogel preparation, the collagen solution is 

transferred to a 10mL pre-sterilized syringe with a sealant cap. The sealant cap and top 

opening are covered with parafilm. The solution is centrifuged in a Sorvall Legend RT 

(Fisher Scientific) at 484G for 15 minutes, repeated five times, and stored at 4oC. The 

plunger is inserted with assistance by a hypodermic needle the next day, before attaching 

the tubing spout. The completed collagen syringe (see Figure 2-1 for a schematic of the 

complete syringe system) is stored at 4oC at all times until used for hydrogel preparation. 

  



 21 

2.1.2 Quality measure for pH of collagen solutions 

 The pH of each collagen stock (Theracol, rHC TI, and rHC TIII) was measured by 

pipetting a 10μL volume, which is smeared onto pH paper (MColorpHastTM 0-14 

indicator strip). This measurement is repeated for each batch of stock solution. 

 

2.1.3 Measurement of absorbance for collagen solutions 

 Absorption spectra for Theracol, rHC TI, and rHC TIII stock solutions were 

measured in a Biochrom Libra S50 spectrophotometer. The blank and diluent for all 

measurements was Millipore Milli-Q deionized water at 18MΩ. For each test, a collagen 

solution at a 1:100 dilution was transferred to a quartz cuvette (Fisher Scientific; 18/B, 

10mm path length), with a reading range of 200-400nm wavelengths. The peak 

wavelength (200nm) and lysine residue wavelength (220-222nm) were recorded. 

 

2.1.4 Protein concentration for collagen solutions 

 The total protein concentration of the collagen stock solutions was measured 

using a PierceTM BCA Protein Assay Kit (Fisher Scientific). Standards and working 

reagent were prepared according to the manufacturer's protocol, following the microplate 

procedure. The standards were prepared from the albumin standard (2mg/mL bovine 

serum albumin in 0.9% saline and 0.05% sodium azide), within a working range of 20-

2,000μg/mL. Collagen was prepared as 1:10 dilutions, in triplicate. Millipore Milli-Q 

deionized water at 18MΩ was the diluent for all standards and samples. For this protocol, 

200μL of working reagent was mixed with 25μL of collagen sample per well. The 

microplate was covered in aluminum foil and incubated at 37oC for 30 minutes. The 
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absorbance was measured at 562nm, using a microplate reader (Synergy Mx; BioTek). 

The protein concentration was determined from the standard curve generated by Gen5 

Software.  

 

2.1.5 Overall charge of collagen solutions 

 Collagen samples were diluted 1:100 in ultra pure ddH2O and the zeta potential 

(mV) was measured with a dynamic light scattering Malvern Zetasizer Nano-ZS 

instrument.  

 

2.1.6 Secondary structure of collagen solutions 

 Circular dichroism (CD) measurements of collagen samples diluted 1:100 in ultra 

pure ddH2O were measured with a Jasco J-810 spectropolarimeter. Changes on the 

secondary structure of the collagen types were analyzed upon calculation of Rpn values 

(the ratio between 220 and 195.5 nm CD signals).  

 

2.2 Collagen Hydrogel Production and Physical Analysis 

2.2.1 Preparation of collagen hydrogels 

 The 1.0% (w/v) hydrogels are prepared using a t-piece system, represented by 

Figure 2-1. One t-joint (SciPro) has 3 inlets, which are locked with three cylindrical 

fittings (SciPro). A rubber septum (diameter: 0.5mm; ChromSpec) is placed in one of the 

horizontal fittings to seal the inlet. A 2.0mL glass syringe (Fisher Scientific) is attached 

to one of the open fittings, loaded with 1.5mL of 1X PBS. The PBS solution is injected 

into the system, with the excess expelled from the other opened inlet until a dome of PBS 
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remains. The PBS dome allows syringe attachment without introduction of bubbles. A 

hypodermic needle (18Gx6”, Dyna Medical) is used to pierce the dome and eliminate air 

bubbles. Another glass syringe is prepared as above, which is attached to this opened 

fitting. The PBS is mixed between both syringes to remove air bubbles. One syringe is 

removed, containing the PBS, and the excess is expelled. This is repeated three times, 

alternating syringes.  

 When the system is equilibrated, the cold collagen stock (Theracol, rHC TI, or 

TIII) in a 10mL BD syringe is retrieved from 4oC fridge. The third glass syringe is 

attached to the tubing end of the BD collagen syringe, and 1.0mL of collagen is 

transferred to the glass syringe. The glass syringe with collagen is connected to the t-

piece system and mixed 20 times, repeated twice. An ice container cools the t-piece 

system throughout the procedure between mixing and injection stages. In a 1.0mL BD 

syringe (Fisher Scientific) with a sterile needle (BD Precision Glide; 25G x 1 1/2), 150μL 

of 1X PBS is added to the system via the rubber septum. The system is mixed 20 times, 

repeated twice. In a 1.0 mL BD syringe with a sterile needle (BD Precision Glide; 20G x 

1 1/2), 100μL of 40% (w/v) Chondroitin Sulfate-C (CS-C; Wako) is added to the system 

via the rubber septum. The system is mixed 30 times, repeated twice. For the cross-linker, 

500μL of 0.1M 2-morpholinoethane sulfonic acid monohydrate (MES) buffer (pH ~5.0) 

is added to the pre-weighed N-(3-dimethylaminopropyl)-N'-ethylcarbodiimide (EDC) and 

N-hydroxysuccinimide (NHS). The solution is mixed briefly using a vortex. Afterward, 

200μL of NHS and EDC are mixed in a 1:1 ratio (11.7mM). In a 1.0mL BD syringe with 

a sterile needle (25G x 1 1/2), 200μL of EDC/NHS mixture is added to the t-piece system 

via the rubber septum. The system is mixed 20 times. The pH is adjusted (pH ~7.4) using 
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0.1M NaOH. A total of 40μL (Theracol), 40μL (rHC TI), or 45μL (rHC TIII) is injected 

into the system. This is completed by maximum aliquots of 25μL per injection, using a 

100μL Hamilton syringe via the rubber septum. The system is mixed 10 times with each 

NaOH addition, and then the reaction mixture is pumped into one of the glass syringes 

and removed from the t-joint. The mixture is transferred to a 6-well or 12-well plate 

(Corning) to solidify in an incubator at 37oC or stored on ice for up to 45 minutes. The  

t-piece system components were cleaned using warm water and 0.1M HCl. The solutions 

were filtered (0.2μm) in sterile conditions with autoclaved Milli-Q deionized water. 

Figure 2-1: Schematic of t-piece system that contains and mixes hydrogel solution. A) The core of the 

mixing system, the t-joint, allows solution passage throughout mixing; B) the cylindrical fittings 

tighten the airspace at each t-joint opening and ensure firm closure with intact syringes; C) rubber 

septum seals one section of the t-joint and maintains closed environment; D) glass syringes contain 

hydrogel solution; E) injectable inlet is a space for introducing reagents to the hydrogel mixture. 

*modified image, originated from K. Merrett and M. Griffith.  
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2.2.2 Rheological characterization 

 The viscosity of the collagen hydrogels was measured using a Brookfield R/S 

Plus Rheometer. Hydrogels were prepared, stored on ice, and 200μL was transferred to 

the surface pedestal of the rheometer. The gel was then compressed with a C25-2/30 

(conical) spindle, pre-calibrated at 4.0μm, with a constant 37oC temperature control. A 

custom protocol measured rHC TI and rHC TIII, which consisted of a constant ramp 

shear rate (CSR) - (linear) with 1 unit / second from 5 to 300 units (1200 seconds). The 

viscosity of the gel was recorded in Pas. The hydrogels were measured until after 

gelation occurred, and an average maximum viscosity was recorded based on plateau 

readings uninterrupted by background signals.  

 

2.2.3 Measure of cross-linker degree for hydrogels 

 The cross-linking degree of hydrogels, based on denaturation temperature (TD), 

was measured using a Q2000 Differential Scanning Calorimeter (DSC; TA Instruments, 

New Castle, DE). Hydrogels were prepared and solidified in 12-well plates in an 

incubator at 37oC, with an approximate thickness of 1.0cm, and then after gelation were 

covered with 1.0mL of PBS overnight at 4oC. The PBS was removed from the surface 

and material was excised using a dimension cutter (0.5mm). The material was surface-

dried using filter paper (Fisher Scientific) and weighed on a standard scale (5-20mg). The 

material was placed in an aluminum DSC sample pan (Tzero; TA Instruments) and 

hermetically sealed using an aluminum lid (Tzero; TA Instruments). The degradation 

cycle for each hydrogel was performed as follows: 1) baseline temperature of 25oC, 2) 

temperature decline to 5oC in 5 minutes, and 3) temperature ramp of increase of 
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5oC/minute for 15 minutes. Hydrogels were tested in triplicates with the TD determined 

by the identification of an endothermic peak.  

 

2.2.4 Hydrogel water content  

 The water content for the materials was determined by weighing the material 

before and after a drying process using a vacuum (Gast). The total water content (Wt) 

was calculated from the wet weight (W0) and the dry mass (W), according to the 

equation: 

𝑊𝑡 =  ((𝑊0  −  𝑊)𝑊0 ) × 100 

 

Hydrogel samples were excised using dimension cutter (0.5mm), and excess water was 

removed with filter paper. The samples were placed inside the vacuum container and 

dried over 24 hours at room temperature.  

 

2.2.5 Enzymatic degradation of hydrogels 

 Enzymatic degradation of the collagen hydrogels was measured by collagenase 

digestion over time. Type I collagenase solution (5U/mL; Gibco) was prepared in Tris-

HCl buffer (0.1M Tris-HCl and 5mM CaCl2 at pH 7.4) and stored at 37oC. Prepared 

hydrogels in a 12-well plate were excised using a dimension cutter (20-40 mg) and placed 

into vials. The hydrogels were equilibrated for 1 hour in 5mL of Tris-HCl buffer at 37oC. 

The vials were filled with 1.0mL of collagenase solution and incubated at 37oC. The 

initial mass of each hydrogel was weighed at time zero, followed by weighing every 10 

minutes over a 2-hour period. Collagenase solution was replaced after each sample was 
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weighed throughout the time period. The degradation rate (mg/min) was determined from 

the initial slope of the degradation slope.  

 

2.2.6 Hydrogel Morphology  

 The architectural differences in the materials were observed by low temperature 

scanning electron microscopy (Cryo-SEM) in a Vega II - XMU (Tescan) instrument with 

a cold stage sample holder (-50oC). In preparation, hydrogels were excised using a 

dimension cutter (0.5mm) and dried using filter paper before freezing at -80oC. The 

sectioned samples, ~5mm thickness, were isolated in the SEM sample holder previously 

chilled with ice close to 0oC. Images of the sectioned hydrogel samples were captured 

using a backscattered electron detector and a secondary electron detector. Pore size 

diameter, based on pore height and width, was measured from 300 individual pores using 

ImageJ® software.  

 

2.2.7 Detection of NHS by-product release in hydrogels 

 The presence of chemical cross-linker after hydrogels solidification was measured 

in a Biochrom Libra S50 spectrophotometer. The blank, dilutions, and washes were 

carried out in 1X PBS. Hydrogels were prepared in 12-well plates, with 1.0mL of 1X 

PBS on the surface. A total of four washes were recovered, each for 45 minutes at 37oC. 

For each test, supernatant at a 1:10 dilution was transferred to a quartz cuvette with a 

reading range of 200-400nm wavelengths. The presence of non-cross-linked NHS 

(260nm) was recorded.  
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2.3 Evaluation of the Collagen Hydrogels with Cardiac Relevant Cells 

 All procedures were performed with the approval of the University of Ottawa 

Animal Care Committee, in compliance with the National Institute of Health's Guide for 

the Care and Use of Laboratory Animals.  

 

2.3.1 Cardiac fibroblast isolation and culture procedure 

 Cardiac fibroblasts retrieved from the hearts of 8-9 week-old female C57BL/6J 

mice (Jackson Laboratories) were used throughout the in-vitro investigation of the 

collagen hydrogels. The mice are sacrificed according to ACVS guidelines and hearts 

perfused with cold PBS, harvested in sterile conditions, and used for the following 

isolation process.  

 Cardiac fibroblasts were isolated from mice hearts immediately after animal 

sacrifice. Hearts were transferred to eppendorf tubes (Fisher Scientific) and minced using 

surgical scissors in 500μL of Hank's Balanced Salt Solution (HBSS without Ca2+ and 

Mg2+; Thermo Scientific). Afterward, an additional 500μL of HBSS was added to the 

tube. The mixture of heart tissue was homogenized with a pipette, and then transferred to 

a 15mL centrifuge tube. The digestion solution is prepared with 2.5mL of HBSS and 

1.5mL of digestion buffer (2.4U/mL Dispase II, 1mg/mL Collagenase B, 5M NaCl, 1M 

HEPES pH 7.5, ddH2O). This 4mL digestion solution is added to the heart tissue mixture 

and incubated at 37oC for 30 minutes. The contents are swirled every 5 minutes to ensure 

the minced pieces do not clump together. The mixture is homogenized with a pipette and 

passed through a 70μm cell strainer (VWR) into a 50mL centrifuge tube. An additional 

30mL of HBSS is added to tube, which is centrifuged at 530G for 5 minutes. The 
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supernatant is aspirated and the pellet is transferred to a 100mm culture dish (Corning) 

with 10mL of Dulbecco’s Modified Eagle Media/F12 (DMEM; 10% FBS, 1% penicillin 

and streptomycin, and 0.1% gentamicin). The culture dish is placed in an incubator at 

37oC for 5 hours before the media is aspirated and replaced. 

 Cardiac fibroblasts are maintained in an incubator at 37oC until growth is 

maximized in the culture plate (i.e. until ~80% confluence). The cell cultures are then 

washed twice with 10mL of PBS (without Ca2+/Mg2+). These passage 1 (P1) cells are 

detached using 5mL of 0.025% trypsin (Gibco). The culture dish is placed in the 

incubator for 5 minutes. Once the cells are detached, 10mL of supplemented DMEM/F12 

media is added to the culture dish. The culture solution is transferred to a 50mL Falcon 

tube and centrifuged at 300G for 5 minutes in a Sorvall ST16 centrifuge. The solution is 

aspirated and the pellet is resuspended with 1mL of supplemented DMEM/F12. The cells 

are added to a T-75 culture flask (P2; Corning) with 10mL of supplemented DMEM/F12, 

which is placed in an incubator at 37oC until maximal growth is achieved. The cell media 

is changed every other day throughout this period.  

 

2.3.2 Proliferation and morphology of cardiac fibroblasts on hydrogels 

 Collagen hydrogels (Theracol, rHC TI, and rHC TIII) were prepared and 

transferred to three 24-well plates that were incubated at 37oC for 15 minutes. The 

preparation was made in triplicates, and 500μL of the aqueous hydrogel was transferred 

to one well. The experiment proceeded over a 5-day period, with each 24-well plate 

representing day 1, day 3, and day 5. The hydrogels were washed 4 times with 1mL of 

PBS over a 3-hour period. The hydrogels were stored at 4oC overnight. Cardiac 
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fibroblasts (P2; in supplemented DMEM/F12) in a T-75 culture flask were washed twice 

with 10mL of PBS. The cells were detached with 5mL of 0.025% trypsin over 5 minutes 

in an incubator. Afterward, 10mL of supplemented DMEM/F12 was added to the flask 

and the contents were transferred to a 50mL Falcon tube. The cell suspension was 

centrifuged at 300G for 5 minutes. The supernatant was aspirated and the pellet 

resuspended in 1mL of supplemented DMEM F12. The number of cells was counted 

using a standard haemocytometer (Reichert), with 10μL of fibroblast suspension mixed 

with 10μL of Trypan Blue dye (0.4%; Beckman Coulter). The diluted cell suspension, 

~5000 cells/mL as day 0, were seeded onto the hydrogels or tissue culture polystyrene 

(TCPS; control) in the 24-well plates with an additional 1mL of supplemented 

DMEM/F12. The media was replaced for the day 3 and day 5 plates on the second day 

and again for the day 5 plate on the fourth day. Images for the wells of each plate, on the 

respective days, were captured using a microscope (Zeiss Observer A1 Axio) on bright-

field setting (20x magnification). For each well, 4 images of fibroblast morphology were 

obtained and cells were counted using ImageJ® software. 

 

2.3.3 Cell stain imaging of cardiac fibroblasts on hydrogels 

 In order to improve the qualitative assessment, cell staining methods were applied 

to the proliferation experiment over a 5-day period. Following the procedure described in 

2.3.2 above, hydrogels (Theracol, rHC TI, and rHC TII) were prepared and seeded with 

cardiac fibroblasts over a 5-day period. For the staining procedure, the plates were 

enclosed and covered with aluminum foil. The cells were washed twice with 1.0mL of 

pre-warmed PBS (37oC at pH 7.4). The cells were fixed with pre-warmed 
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paraformaldehyde (4% PFA; 37oC) for 10 minutes at room temperature under aluminum 

foil. The cells were washed with 1.0mL of pre-warmed PBS (37oC at pH 7.4), repeated 

three times. Triton X-100 (0.1%) was diluted in PBS and transferred to the cells for 3 

minutes. The cells were washed for a third time with 1.0mL of pre-warmed PBS (37oC at 

pH 7.4) repeated three times. Wheat germ agglutinin cellular membrane stain (0.2% 

WGA-488; Fisher Scientific) and rhodamine phalloidin cytoskeleton stain (0.1%; Fisher 

Scientific) were prepared in PBS. The staining solution was added to the cells and 

incubated for 20 minutes at room temperature. The cells were washed with PBS, repeated 

twice. Nuclei stain 4',6-diamidino-2-phenylindole (1% DAPI) was prepared in PBS. After 

the cells were incubated with DAPI for 20 minutes, the solution was removed and the 

cells washed once with PBS. Images were captured using a fluorescence microscope 

(Zeiss Observer A1 Axio) with the following wavelengths: 365nm, 470nm, and 555nm.   

 

Statistical Analysis 

 Comparisons of data between groups were performed with 1-way analysis of 

variance, and individual 2-groups comparisons were performed by a 2-tailed Student's t-

test. Statistical significance was considered at P < 0.05. Values are expressed as means ± 

standard deviation. 
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3 Chapter: Results 

3.1 Characterization of Collagen Solutions 

The collagen preparation follows a quality control protocol that ensures that each 

batch of collagen is satisfactory for hydrogel production. Therefore, the physical 

properties of the stock solutions were tested prior to cross-linking. The properties 

evaluated for the collagen batches are listed in Table 3-1. The sterile, freeze-dried 

collagens were dissolved in ultrapure water to prepare 1.0% solutions. The solutions were 

colourless and viscous. Throughout storage (4oC) over 6 months, the solutions remain 

visibly the same without any signs of bacterial contamination. The UV absorption 

spectrum has a maximum observed at 220nm for the collagen solutions. The BCA assays 

revealed a high protein concentration for Theracol, 3741.5 ± 80μg/mL, compared to the 

rHC solutions. However, similar protein concentrations between type I rHC, 626.2 ± 

282μg/mL, and type III rHC, 703.1 ± 100μg/mL, were measured. The pH for the collagen 

solutions was within the acidic range (pH ~2-5) as acid soluble collagens. The CD 

spectra (200-240nm range) had a negative to positive pattern common in fibrillar 

collagens (Hwang et al., 2010, Fichard et al., 1997). The zeta potential measurements 

display a net positive charge for all collagen solutions. In summary, these tests were used 

to standardize and establish the quality of the stock solutions for preparing collagen 

intended for hydrogel production.  

  



 33 

Table 3-1: Physical properties of Theracol, rHC TI, and rHC TIII stock solutions 

prepared for hydrogel production, showing qualitative characteristics, amino acid 

absorbance (220nm), total protein concentration (μg/mL), baseline pH, and  

zeta potential (mV). 

Assessment 

 

Theracol  

Porcine Collagen 

Type I 

Recombinant 

Human Collagen 

Type I 

Recombinant 

Human Collagen 

Type III 

 

Qualitative 

 

 

 

Colourless 

Viscous 

 

Colourless 

Viscous 

 

Colourless 

Viscous 

 

Absorbance 

(220nm) 

 

 

2.273±0.068 

(n = 3) 

 

2.120±0.120 

(n = 3) 

 

2.251±0.032 

(n = 3) 

 

Protein 

Concentration 

(μg/mL) 

 

 

3741.5±80 

(n = 3) 

 

626.2±282 

(n = 3) 

 

703.1±100 

(n = 3) 

 

pH 

 

 

2 

(n = 3) 

 

 

4 

(n = 3) 

 

4 

(n = 3) 

 

Zeta Potential  

(mV) 

 

 

+23.9±1.90 

(n = 3) 

 

+3.7±2.60 

(n = 3) 

 

+12.4±2.60 

(n = 3) 

* Quantitative results are validated at an n ≥ 3, and the mean is followed by the standard deviation 

 

3.2 Optimization of the Collagen Hydrogel Protocol 

The collagen hydrogels were prepared following a protocol that is designed, step-

by-step, to ensure consistency and ease of use. The original protocol (Table 3-2) worked 

well for collagen from batch 1, but experienced problems with new collagen batches. To 

achieve a good standard, the hydrogels were prepared with numerous changes to pH, 

reagent concentrations, injection volumes, mixing repeats, and temperature (Table 3-3). 

The modifications were made one at a time, and successful changes were incorporated 

into the protocol. From this revision, there are some primary changes that resolved 
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hydrogel gelation complications. Importantly, adjusting the volume of NaOH, depending 

on the collagen batch and source, resulted in faster gelation and prevented cloudiness of 

the solution. In addition, NaOH aliquot injections compared to one total volume injection 

further complemented this modification. Also, changes to mixing order, such as CS-C 

before cross-linker, improved preparation and handling of the t-piece system. In 

particular, mixing duration was increased for most injection stages, which ensured 

uniform mixing for each newly introduced reagent. These changes streamlined the 

production method, which minimized temperature fluctuation for the t-piece system 

(maintained at 4oC) and accelerated the preparation from start to finish. The finalized 

protocol, effective across different collagen batches with the appropriate adjustment to 

pH, produces high-quality gels with minimal bubbles (Table 3-4). The initial collagen-

PBS mixture is colourless, and when CS-C is injected and mixed, the mixture retains its 

colourless, transparent appearance throughout gelation. The procedure is completed 

within 35 minutes, and the mixture crosslinks at 37oC. It is estimated that the gelation 

time occurs between 8-10 minutes. The formed hydrogels are firm and stable without 

discolouration or cloudiness. This protocol was extensively modified, and the finalized 

procedure is streamlined for production of high-quality hydrogels in future applications. 
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Table 3-2: Original production method for Theracol, rHC TI, and rHC TIII hydrogels 

using the t-piece mixing system. For each stage, reagents are injected into the system 

with the appropriate volumes followed by mixing phases (all performed at 4oC). 

Stage Reagent Mixing 

0 Equilibration (1X PBS) 

150μL - 1X PBS 

~10 times, displace bubbles 

1 1.0mL - 1.0% Collagen 

 

10 times - twice 

2 150μL - 1X PBS 

 

10 times - twice 

3 200μL - 1:1 EDC/NHS 

 

20 times  

4 100μL - 40% CS-C 

 

20 times 

5 20μL - 1M NaOH 

 

20 times 

6 Prepared 

 

- 

 
 

Table 3-4: Stepwise overview for the final optimized production protocol for Theracol, 

rHC TI, and rHC TIII hydrogels using the t-piece mixing system. For each stage, reagents 

are injected into the system with the appropriate volumes followed by mixing phases  

(all performed at 4oC).  

Stage Reagent Mixing 

0 Equilibration (1X PBS) 

150μL - 1X PBS 

~10 times, displace bubbles 

1 1.0mL - 1.0% Collagen 

 

20 times - twice 

2 150μL - 1X PBS 

 

20 times - twice 

3 100μL - 40% CS-C 

 

30 times - twice 

4 200μL - 1:1 EDC/NHS 

 

20 times 

5 40-70μL* - 1M NaOH 

 

10 times per aliquot 

6 Prepared 

 

- 

* Volumes depend on type of collagen and batch - currently, Theracol (40μL), rHC TI (40uL), and rHC 
TIII (45μL) 
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Table 3-3: Overview of the modifications to the hydrogel production protocol that were 

tested. Most of the trials were completed first using Theracol, and then followed up to 

confirm the same outcome with rHC TI and rHC TIII.  

Collagen 

Batch 

Modification Outcome 

1 No modification – see Table 3-3 Transparent, minimal bubbles 

and proper gelation 

 

 

 

 

 

 

 

 

 

 

2 

Original method w/ and w/o t-piece 

mixing system (pipette mixing) 

 

Poor gelation – hydrogels 

appear cloudy, fail to solidify 

with more bubbles 

Original method w/ and w/o 40% CS-C 

(100μL 1X PBS substitute) 

 

Poor gelation – slight pH 

increase, hydrogels remain 

cloudy 

New buffers and reagents (filtered, 

sterilized) 

No contamination, hydrogels 

remain cloudy, fail to solidify 

EDC/NHS ratio (1:1) changed to 

25mg/15mg, respectively 

Gelation improved (semi-solid), 

but time ~45min, still cloudy 

Original method – w/ additional 100μL 

of 1X PBS (400μL total) 

Increased pH (appeared at 7.2 

vs. 7.0); otherwise no change 

Original method –  w/ 30μL or 40μL of 

1M NaOH w/ 300μL 1X PBS 

Cloudiness dissipates, 

30μL – gelation within 20min 

40μL – gelation within 25min 

Original method – w/ 100μL 20% CS-C Gelation time ~25min, but 

hydrogels are too soft 

Method order – 40% CS-C injected 

before EDC/NHS solution 

Improved preparation time for 

cross-linker 

Mixing number – increased for collagen, 

PBS, CS-C, and EDC/NHS stages 

Improved gelation time(18min), 

mixture homogeneity improved 

 

 

 

 

 

 

 

3 

Method 2.0 – method order, mixing 

number, 40μL NaOH, 300μL (total) 

PBS, 100μL 40% CS-C 

Poor gelation – time ~40min 

(semi-solid) for bubbly, cloudy 

hydrogel 

New buffers and reagents (filtered, 

sterilized) 

No contamination, no 

difference in hydrogel 

Method 2.0 – w/ 30μL 1M NaOH No difference in hydrogel 

Method 2.0 – w/ pH investigation  

(range of detectors) 

Mixed pH results (6.2-7.4) with 

hydrogel repeats 

Method 2.0 – 150μL 1X PBS mixed w/ 

phenol red pH indicator 

NaOH range (40-120μL), 

verified 70μL optimal (~7.2), 

hydrogel still cloudy 

Method 2.0 – w/ the addition of 

aliquoted NaOH (1/3 of total per 

injection into system), w/ more mixing 

Improved gelation (15min), 

cloudiness dissipates 

Final method – temperature: increased 

mixing speed and exposure to ice 

Reduced occurrence of semi-

solid gelation in trials 
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3.3 Characterization of Collagen Hydrogels 

3.3.1 Physical and mechanical properties of collagen hydrogels 

 Rheological properties are important to understanding material physical features 

attributed to the composition of a hydrogel material. Rheology can provide information 

such as viscosity and time to gelation, which are important in determining the 

injectability of a material and the time one should work with the material before it 

solidifies. The chemical cross-linking of the rHC hydrogels alters these properties during 

aqueous to solid phase transition. Therefore, the viscosity (Pas) of the collagen 

hydrogels was examined, considering the intended use of the hydrogels for injection and 

spreading within the myocardium. The data analysis demonstrated that the rHC TI and 

TIII hydrogels have a significantly greater maximum viscosity compared to the type I 

porcine collagen (Theracol). Furthermore, the maximum viscosity was greater for rHC 

TIII compared to rHC TI. Using the same concentration of cross-linker, the viscosity 

increased from Theracol to rHC TI to rHC TIII (Fig. 3-1). The viscosity was determined 

using multiple points along the plateau (maximum) during the trials. The shear rate (1/s) 

applied (within 3-350 units) to generate the maximum viscosity readings differed for each 

type of hydrogel, indicative of material differences, although the parameters were the 

same. The difficulties affiliated with the gelation measurements are explained in the 

discussion. 

The material composition (% source) and cross-linker (concentration, type) 

dictate the mechanical properties of a hydrogel upon gelation. However, water absorbent 

materials impart properties similar to natural tissues. Once polymerized, the collagen 

matrices are highly water absorbent and flexible materials. The water content of a  
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hydrogel, affected by material composition and cross-linking efficiency, can promote 

material-environment interactions in a living, dynamic system. To assess water content, 

hydrogel samples, under vacuum, were weighed before and after dehydration to ascertain 

wet and dry weight for total water content (%; see 2.2.4). The water content for Theracol 

was 94.72%, for rHC TI was 83.76%, and for rHC TIII was 93.96%. The hydrogels have 

a high water absorbance (> 90%), with no significant difference between them (Fig. 3-2). 

There was no relationship between type and source of collagen that influenced water 

content. The dry weight materials were quite brittle and stiff, while the wet weight 

materials were flexible and soft.  Overall, the hydrogels are primarily comprised of water. 
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Figure 3-1: Maximum viscosity (Pa ∙ s) of Theracol (n = 2), rHC TI (n = 1), and rHC 
TIII (n = 1) hydrogels measured 10 minutes after gelation at 37oC. Parameter: shear rate 

(1/s), ramp setting of 5-350 units over 1200 seconds. 



 39 

 

 

 

 

 

 

 

 

  

 

3.3.2 Material degradation features and cross-linker efficiency 

The collagen matrices form polymerized networks throughout gelation, which is 

facilitated by a thermal response (37oC) in the presence of chemical cross-linkers EDC 

and NHS. The covalent amide bonds of the inter-connected collagen create a strong and 

flexible network that enhances material mechanical properties. However, the extent of 

cross-linking during the gelation period and material stability are factors that pertain to its 

in-vitro and in-vivo applications. Temperature-dependent degradation (TD) of the 

collagen hydrogels can be used to determine cross-linking degree. The TD of the 

hydrogels, the point at which denaturation begins, is detected by the presence of an 

endothermic peak. This is apparent by a negative heat flow (W/g) shift over a 

temperature increase by the calorimeter. The data analysis using three different batches of 

collagen demonstrates that the hydrogels remain stable above physiological temperatures 
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Figure 3-2: Water content (%) of Theracol, rHC TI, and rHC TIII hydrogels. Sample size is 

 n ≥ 3, with associated standard deviations. 
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(Fig. 3-3). All materials had a TD in the range of 40 to 60oC. There is no significant 

difference in cross-linking degree between batches of Theracol, rHC TI, and rHC TIII. 

 

 

Collagen, like other proteins, is susceptible to degradation by enzymes within a 

biological system. In particular, collagenases are enzymes that target the peptide bonds of 

collagen. The rate of degradation by collagenases on the hydrogels can represent the 

stability of the cross-linked material at physiological temperature. Therefore, the 

degradation of the different collagen hydrogels in response to collagenase treatment was 

tested. The effect of collagenase (5U/mL) was different for each hydrogel. In order, 

degradation by dry mass is fastest to slowest for rHC TI, Theracol, and then rHC TIII  

Figure 3-3: Denaturation temperature (TD) of Theracol, rHC TI, and rHC TIII hydrogels from three different 

batches of collagen solutions. Parameter: 5oC/min ramp, maximum 80oC. Sample size is n ≥ 3, with associated 

standard deviations. No statistical significance between groups for rHC hydrogels and Theracol was found.  
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Figure 3-4: A) Enzymatic degradation of Theracol, rHC TI, and rHC TIII in collagenase solution (5U/mL) 

over 2-hour incubation period at physiological temperature (37oC). B) Material degradation (mg/min) of 

Theracol, rHC TI, and rHC TIII in collagenase solution (5U/mL). Sample size is n ≥ 3, with associated 

standard deviations. * P < 0.05 vs. Theracol and rHC TIII. 
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(Fig. 3-4 A). The rate of degradation (Fig. 3-4 B) is significantly greater for rHC TI 

compared to rHC TIII (2.49 ± 0.5-fold; P = 0.0004) and Theracol (2.00 ± 0.7-fold; P = 

0.002). There is no significant difference in degradation rates between rHC TIII and 

Theracol. The rate of degradation is unaffected by differences in initial hydrogel mass.  

The use of chemical cross-linkers can lead to the release of unreacted by-products 

during hydrogel gelation. The presence of unreacted EDC or NHS indicates less than 

100% cross-linking efficiency based on excess volume introduced or limited sites for 

reaction to commence. Therefore, the presence of chemical by-products was examined by 

UV-Vis using washes from prepared hydrogels (Fig. 3-5). The hydrogels exhibited 

similar absorbance profiles (200-400nm), with a broad peak at ~260nm (unreacted cross-

linker) and a narrow peak at ~210nm (collagen). For each spectrum, the absorbance 

intensity decreases considerably after the 2nd wash. Furthermore, the presence of the 

broad peak diminishes significantly after the 4th wash. The spectra pattern for all washes 

is similar for Theracol, rHC TI, and rHC TIII. 

 

3.3.3 Material micro-architecture  

The rHC hydrogels are intended to establish a stable environment that facilitates 

cellular health and function. Therefore, the dynamic cell-material interactions are 

influenced by the micro-architecture of the hydrogel. The physical architecture of the 

cross-linked hydrogels is dependent on the cross-linking degree, which affects pore size 

and the permeation of substances. The cross-linking procedures for rHC TI and TIII are 

the same, yet the differences in the collagen polypeptide chain structures can result in 

varied micro-networks post-gelation.  
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 Figure 3-5: Detection of chemical cross-linker by-product release from A) Theracol, B) rHC TI, 

and C) rHC TIII hydrogels following 4 washes with 1X PBS at physiological temperature (37oC). 

Absorbance readings (260nm) were measured with 10X dilutions of the PBS washes. 
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Collagen hydrogel samples were frozen and fractured to visualize sectioned pore 

dimensions created post-gelation (Fig. 3-6). The representative images were captured at 

the micro-scale (500μm). The architectural differences were quantified by measurements 

of average pore size dimensions (height and width) for Theracol, rHC TI, and rHC TIII 

(Fig. 3-7). Theracol pore dimensions were larger (H: 12.6 ± 0.5μm / W: 12.4 ± 0.4μm; P 

< 0.005) compared to rHC TI (H: 9.5 ± 0.3μm / W: 10.5 ± 0.4μm). Furthermore, rHC 

TIII pore dimensions were significantly larger (H: 27.3 ± 1.0μm / W: 24.2 ± 0.9μm; P < 

0.0001) compared to Theracol and rHC TI. These size differences are notable in the 

images. Theracol contained pores of different shapes and sizes throughout the network 

(Fig. 3-6 A). For rHC TI, the network appears as a sheet of small pores inter-connected in 

an organized pattern (Fig. 3-6 B). For rHC TIII, the pores appear as bulky, elongated 

spots clustered together (Fig. 3-6 C). Therefore, it appears that the source and structure of 

collagens influences the cross-linked physical architecture. 

 

3.4 Biocompatibility of Collagen Hydrogels 

3.4.1 Support and growth of mouse cardiac fibroblasts on rHC hydrogels 

 The rHC hydrogels are intended to act as a scaffold support to reduce 

inflammation and fibrosis, promote cell angiogenesis and tissue neovascularization, and 

to improve cell survival at the infarct site. Prior to testing the regenerative properties and 

injectable performance (in-vivo), the scaffolds need to display acceptable in-vitro 

biocompatibility with relevant cardiovascular cell lines. Therefore, hydrogels produced 

with the finalized, optimal protocol were subjected to an in-vitro assessment of their 

ability to support mouse cardiac fibroblasts.  
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Figure 3-6: Cryo-SEM images of the micro-architecture for A) Theracol, B) rHC TI, and C) rHC TIII hydrogels. 

Representative images are captured at 300X magnification, scale bar 500μm. 
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Observation of the cultured cells (cell seeding density at day 0: ~5000 cells/well) 

on rHC TI and rHC TIII compared to a control culture (TCPS) were carried out over a 5-

day period. The cell images were captured on day 1, day 3 (not shown), and day 5 for the 

culture period. Representative images show that cardiac fibroblasts on the rHC hydrogels 

are proliferative and healthy by the end of the period (Fig. 3-8). On day 1, the fibroblasts 

on the rHC hydrogels appear to grow dispersed on the surface compared to the typical 

aggregated growth on the control. On day 5, the cells grow together in patches on rHC 

hydrogels. Theracol (not shown) displayed limited cell growth on day 1, which improved 

by day 5 comparable to the rHC hydrogels. The cells on rHC TI and TIII adhere with a 

thin, stretched morphology in patches compared to the control, which are clumped 

together. This morphology is more apparent with fine adjustment of the lens focus. The 

cells growing on the rHC hydrogels were not only found on the surface, but within the  

Figure 3-7: Pore size dimensions (height and width) for Theracol, rHC TI, and rHC TIII 

hydrogels. ImageJ® software was used for three images and > 200 pores measured per 

hydrogel. * P < 0.005 vs. rHC TI, † P < 0.0001 vs. Theracol and rHC TI. 
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Figure 3-8: Cardiac fibroblast morphology comparison for A) Control, B) rHC TI, and C) rHC 

TIII after 1 and 5 days of culture. Representative images are captured at 20X magnification. 
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Figure 3-9: Representative images of cardiac fibroblasts seeded on A) rHC TI hydrogel and B) rHC TIII hydrogel 

on day 3 of culture. Left, single channel cell staining images of top: DAPI-stained nuclei (blue), middle: WGA-

488-stained membrane (green), and bottom: rhodamine phalloidin-stained cytoskeleton (red). Right, merged image 

of all 3 channels. Representative image captured at 40X magnification. 
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hydrogel itself. Cell-staining immunohistochemistry techniques were applied to better 

visualize fibroblast growth and interactions with the rHC hydrogels. The nuclei (DAPI), 

cellular membrane (WGA-488), and cytoskeleton (rhodamine phalloidin) were co-stained 

in fixed cells. The representative composite images (Fig. 3-9) show healthy fibroblasts on 

the surface of rHC TI and rHC TIII hydrogels at day 3. The surrounding membrane 

envelops the cell with an inter-connected cytoskeleton extending throughout the 

fibroblast.  The imaging for rHC TI and rHC TIII were comparable to the control, 

demonstrating that the rHC hydrogels support fibroblasts that exhibit typical spindle-

shape morphology.  
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Figure 3-10: Cardiac fibroblast cell number measured over a 5-day period after cell 

seeding on empty plate (control) or on thin layer (1mm) of Theracol, rHC TI, and rHC TIII. 
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The proliferation data analysis further demonstrates fibroblast growth on the rHC 

hydrogels during the 5-day period (Fig. 3-10). Initially, at day 1 of culture, the cell 

growth was limited on the hydrogels compared to the control. This remained for Theracol 

throughout the trial. However, the cell growth on the rHC hydrogels remained similar to 

each other and to the control on day 3 and 5. Proliferation does not appear to be affected 

by interaction with the rHC hydrogels compared to the standard culture substrate (TCPS). 

Therefore, the rHC hydrogels display an ability to support cardiac fibroblasts. 
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4 Chapter: Discussion 

4.1 Significance and Interpretations 

 Biofunctional scaffolds, specifically injectable hydrogels, hold great promise for 

the repair and regeneration of post-MI cardiac tissue. However, only a few proposed 

materials have partially accomplished this task to date within clinical relevance (Perea-

Gil et al., 2015). The obstacles that hinder the development process must be addressed in 

order to meet future demands in cardiac therapy. In part, it is necessary to innovate 

material preparation with parallel focus on translational and experimental design 

throughout an investigation (Hasan et al., 2015, Johnson and Christman, 2013). In this 

study, injectable hydrogels comprised of recombinant human collagen type I and type III 

were compared to evaluate differences in physical and chemical characteristics alongside 

compatibility with cardiac fibroblasts. The materials were prepared using techniques that 

are transferable to a clinical setting. Overall, the study outcomes determined that: 1) non-

animal source rHC, with minimal batch-to-batch variability, was viable for hydrogel 

production using a specialized t-piece system; 2) characterization of the 1% rHC TI and 

TIII hydrogels show similarities and differences in cross-linking degree, polymeric 

architecture and other physical properties; 3) rHC hydrogels demonstrate a capacity to 

support the growth, proliferation, and proper morphology of seeded cardiac fibroblasts. 

These findings act as a foundation for novel material design intended to establish a 

standard in clinical and experimental biomaterials for cardiac therapy.  

 One of the foremost aspects to this novel development is the collagen source for 

the investigated hydrogels. Animal-derived (porcine, bovine, rat, etc.) collagens are 

common sources for biomaterial design, and although sometimes acceptable in exterior 
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applications (e.g. skin formulations for scars, burns, and grafts) these sources pose a 

high-risk for immunogenic and inflammatory responses innate to foreign substance 

detection (Yang et al., 2004). Manufacturers have difficulty in ensuring large-scale 

production of animal-derived substances without risk of contamination (e.g. viruses, 

prions) and conservation (e.g. batch quality, variability) that affect product safety and 

performance (Liu et al., 2006, Yang et al., 2004). Furthermore, the sensitivity to animal-

derived products varies between individuals and thus challenges standardization. This 

cannot undermine the potential of animal-derived hydrogels (Perea-Gil et al., 2015, Seif-

Naraghi et al., 2013); nonetheless this risk is unacceptable for long-term inquiries in 

human cardiovascular scaffolds. The additional inflammation or damage to infarcted and 

ischemic tissues that animal-based products may confer is counter to TERM 

requirements. These considerations are pertinent due to the expected engraftment time 

and ensuing degradation of scaffolds. The prospect of biosynthetic rHC lies in its 

formation of human collagen matrices for human tissue 3D microenvironments (Yang et 

al., 2004). The techniques for rHC replication reliably create high purity, specific 

collagen types with matching amino acid sequences to human origins. Furthermore, 

modifications to the collagen sequences can provide application specific alterations for 

improved performance (Yang et al., 2004). The application of rHC in tissue engineering, 

such as dermal wounds (Nuutila et al., 2015) and cartilage repair (Muhonen et al., 2016), 

has been steadily increasing over the last decade (An et al., 2014, Yang et al., 2004). In 

particular, rHC has successfully been used in corneal replacement procedures that 

positively improve visual acuity without rejection or infection in long-term studies 

(Fagerholm et al., 2014, Fagerholm et al., 2010). For this study, collagen TI and TIII 
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were chosen because they are integral to healthy ECM structure and function in the native 

heart. Post-MI, the ratio of TI/TIII changes and consequently influences cardiac 

remodeling and fibrosis (Lopez Salazar et al., 2006, Pauschinger et al., 1999, Wei et al., 

1999). The investigation of collagen TIII for use in cardiac biomaterials has been 

minimal, prompting an opportunity to evaluate its potential in comparison to the better-

defined collagen TI materials.  

 The rHC TI and TIII batches were evaluated for quality and consistency. Overall, 

the rHC solutions were conserved and quite similar to each other. No indication of 

fibrillogenesis was present, since the rHC solutions have a low pH of 4, and also 

supported by the observed net positive zeta potential that was stable in water. 

Furthermore, the CD spectra displayed the expected pattern for triple-helical structures in 

collagen (Usha et al., 2012). Qualitatively, the homogenous rHC water solutions exhibit 

defined transparency and clarity while rHC TIII is more viscous compared to rHC TI. 

This factors into the structural differences between these rHC types and affects cross-

linking degree and hydrogel characteristics. In summary, these tests revealed no defects 

in rHC TI and TIII compared to Theracol. This moved the development forward into 

hydrogel production.  

  In addition, another aspect important to this development was the production and 

post-production route. Transference methods for cardiac tissue engineering materials are 

a complicated and multi-faceted issue for clinical relevance. Post-MI patients have 

experienced a traumatic event, and likely have or will undergo preventative operations to 

minimize acute consequences. It is undesirable to include additional invasive procedures, 

which in itself may contribute to adverse remodeling or inflammatory complications. 
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From this perspective, injectable hydrogels are ideal (Hasan et al., 2015, Radhakrishnan 

et al., 2014). Qualities from the aforementioned section describe the benefits imparted by 

hydrogels. The aqueous composition prior to gelation allows for minimally invasive, 

localized delivery. However, preparations must adhere to time and mobility restraints for 

cardiac therapy. Biomaterials should be prepared in a sterile, enclosed environment to 

eliminate exterior contamination. Furthermore, the method should be minimalistic and 

compact for ease of use. In this study, these conditions are met with the use of the t-piece 

mixing system (Fig. 2-1). For 1% collagen solutions, the mixing pressure and turbidity 

are managed within the system. The t-joint and cylindrical fittings create an air-sealed 

space for homogenous mixing of the hydrogel solution between glass syringes. The 

septum allows for reagents to easily be introduced without compromising the mixture. 

The portable system can be used in any setting, and the resulting mixture transferred to a 

syringe prior to gelation. The thermo-responsive hydrogel remains aqueous on ice for 

short-term storage, providing flexibility for injection procedures. Although the hydrogel 

production protocol required revisions, the t-piece system did not contribute to these 

complications. In future pre-clinical studies, this system will be ideal in hydrogel 

production standards. For this project, these two aspects create the core of the 

development process. To date, no hydrogels comprised of either rHC TI or TIII have 

been reported for injectable cardiac therapies.  

 The rHC hydrogels are thermo-responsive and chemically cross-linked to form 

soft, 3D polymeric networks. Unique to hydrogels, gelation mechanisms are activated by 

physical, chemical, or biological cues that induce matrix polymerization. For this study, 

hydrogels were cross-linked using EDC/NHS chemistry. EDC is a carbodiimide and NHS 
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is an active ester, which both facilitate the formation of amide bonds in the presence of 

carboxylic (e.g. aspartic and glutamic acid residues) and amine (e.g. hydroxy(lysine) and 

lysine residues) functional groups exposed by collagen polypeptide chains. Importantly, 

the resultant unstable carboxylic ester (O-acylisourea intermediate) is displaced by 

amine-reactive NHS-esters that improve the cross-linking efficiency (Olde Damink et al., 

1996). This type of covalent, chemical cross-linking is thoroughly assessed for collagen 

biomaterials (Delgado et al., 2015, Shepherd et al., 2015, Usha et al., 2012). Our lab 

group has presented in-vitro and in-vivo biomaterials cross-linked by EDC/NHS 

chemistry without mechanical or biological complication (Blackburn et al., 2015, 

McEwan et al., 2011, Deng et al., 2010, Suuronen et al., 2009). Importantly, this mild 

chemical reagent is not interwoven in collagen linkages and therefore does not persist 

after gelation nor alter the collagen structure (Davidenko et al., 2015, Usha et al., 2012). 

The cross-links formed are zero length inter- and intra-helical amide bonds that improve 

structural stability upon complete gelation (Shepherd et al., 2015, Usha et al., 2012). 

Therefore, this polymeric network strengthens the mechanical properties and degradation 

resistance.  

 The hydrogels were all produced following the same procedure, summarized in 

the final stepwise protocol (Table 3-4). However, modifications were necessary to reach 

this consistent, high-quality protocol. The matrix solution must be compatible with the 

cardiac physiological environment. Therefore, the hydrogel solutions are mixed with 

sterilized PBS, MES, CS-C, and NaOH. The glycosaminoglycan chondroitin sulfate is an 

important biological polymer that assists in the structural stability of functional 

biomaterials. The basic, ionic salt adjusts the pH of the hydrogel mixture (relatively 
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acidic after cross-linking reagents) to ensure physiological pH of ~7.4. This is performed 

using the t-piece mixing system, which ensures precise injected volumes. The 

consistency issue demonstrated during hydrogel production was apparent after using new 

collagen batches. The hydrogels failed to polymerize, and only formed soft, cloudy 

slurries after an extended period (not shown). It was at this stage in the project that I 

revised the hydrogel production technical details. Following systematic elimination, the 

corresponding physical and chemical components involved in the hydrogel mixture were 

modified. The changes that provided some resolution for gelation issues included pH 

adjustments, mixing number (duration), and reagent order. The mixing phases ensure that 

with each reagent addition the mixture is homogenous. Preferably, CS-C is injected prior 

to EDC/NHS to avoid premature cross-linking throughout the remainder of the protocol. 

In particular, changing the NaOH volume (40μL) and mixing repeats improved gelation. 

Nonetheless, the problem persisted with the use of new collagen batches. It was apparent, 

considering that reagent concentrations and volumes did not change the outcome, that the 

lack of gelation and solution turbidity were signs of collagen denaturation. Although the 

collagens were acquired from the same, respective sources it was possible that minute 

changes in preparation could alter the protein environment. This is demonstrated by the 

minor changes in NaOH volumes for each collagen batch, determined by phenol red 

titration (not shown). The NaOH volume was insufficient for adjusting the pH, 

contradicting the pH strip indicators. Furthermore, the total volume injection into the t-

piece system immediately damaged the collagen, displayed by localized colouration 

within the t-joint junction apparent by the sustained turbidity. Therefore, NaOH 

injections are aliquoted into smaller injections with mixing phases. Finally, the 



 57 

temperature was closely regulated considering the extended contact with the t-piece 

system during injection and mixing phases. Overall, the troubleshooting aspect in this 

project determined that the procedures for rHC hydrogels must be thoroughly examined 

to ensure high-quality production. To this end, all relevant procedures are now written 

under SOPs. The final protocol produces quality rHC TI and TIII hydrogels efficiently 

and consistently.   

 Intrinsic to biomaterial classification, characterization defines the structural and 

biological potential of the designed construct. Importantly, the physical, chemical, and 

mechanical characteristics of the material must meet the requirements of the 

physiological environment for its application (Boffito et al., 2014, Radhakrishnan et al., 

2014). The myocardium is a complex, organized structural and functional system. The 

post-MI environment destabilizes this system, leaving much to be desired for tissue 

restoration and replacement (Georgiadis et al., 2014). Therefore, material characteristics 

must provide an environment that upholds the essential properties distinguished by the 

healthy, native myocardium. This perspective aims to replicate the unique features of the 

ECM, which provide support and maintenance to the surrounding cellular environment. 

Furthermore, local cell populations respond to ECM chemical and biophysical cues in a 

dynamic, reciprocity that can renew homeostatic integrity (Londono and Badylak, 2015). 

To this end, both structure and composition contribute to host-material interactions. In 

particular, collagen-based hydrogels can operate within this application because collagen 

is integral to the healthy ECM environment (Shapira et al., 2016, Londono and Badylak, 

2015). This is crucial, whether hydrogels are intended to encapsulate stem cells for 

transplantation or modulate myogenic differentiation and communicate with endogenous 
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stem cells. Most 3D matrices are characterized by their composition, modifications, and 

altered polymeric structure (Hasan et al., 2015). Therefore, the rHC hydrogels were 

characterized to demonstrate if their features appropriately endure and support the cardiac 

environment.  

 The hydrophilic, water-retentive qualities distinctive to hydrogels appropriately 

mimic human tissues. In biological systems, cellular and molecular components rely on 

water for biological processes and structural support. Water swelling/contraction of 

hydrogels, alike to human tissues, allows them to expand whilst maintaining its original 

shape (Radhakrishnan et al., 2014). Water is an integral component of collagen and 

dehydration, even conferred by relatively small changes in surrounding osmotic 

pressures, can alter collagen conformation (Masic et al., 2015). The effects of 

dehydration altering collagen conformation affect its functional role too. This is a 

relatively common problem with decellularized processing for scaffolds, in which the 

functional activities of ECM-components are diminished after modification (Londono 

and Badylak, 2015, Hoshiba et al., 2010). Although the rHC hydrogels are cross-linked 

using a water-soluble carbodiimide, cross-linking density can prevent hydration (Grover 

et al., 2012, Liu et al., 2006). This interference to post-gelation water retention can have a 

considerable impact on collagen stability, thus affecting hydrogel performance in 

biological environments. Generally, water uptake is controlled by composition, porosity, 

hydrophobicity, and cross-linking density (Davidenko et al., 2010, Liu et al., 2006, Park 

et al., 2002). Our results for wet to dry water weight comparison determined that the rHC 

hydrogels have a high water retention capacity (> 93%). It appears that the difference in 

porosity, discussed below, did not contribute to changes in water uptake. In addition, this 
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demonstrates the rHC hydrogels maintain structural integrity in the presence of water. 

Hydrogels resist solubilisation in water because osmotic equilibrium is reached at 

maximum water retention, or swelling ratio (Asti and Gioglio, 2014, De et al., 2002). 

However, dissolution in water is affected by cross-linking degree too. This is important, 

since maximized cross-linkage can alter the mechanical properties, particularly stiffness, 

of a hydrogel to an extent that renders it unusable for its application. Davidenko et al. 

determined that collagen-based scaffolds with 10-fold diluted (10%) EDC concentration 

remains stable in water (14 days) compared to scaffolds with maximized (100%) 

concentration (Davidenko et al., 2015). This demonstrates that cross-linker chemistry for 

natural materials can be fine-tuned to ensure that hydrogels remain water-insoluble, 

whilst modifying resistance to other forms of degradation (enzymatic) or mechanical 

strength and elasticity. In a physiological application, hydrogels should preserve their 

mechanical properties (stiffness, elasticity) while fully integrating with the fluid 

environment.  

 Rheological characteristics define viscoelastic properties in polymeric materials. 

This is exceptionally useful for soft materials, which are neither fully fluid nor solid state. 

Specifically, material viscosity is important for injectable materials since aqueous flow 

during gelation can dictate its feasibility in small (0.5mm) syringe needles or catheter 

systems. Ideally, the hydrogels should have a low viscosity at high shear rates in this 

application. The measurements started after gelation, thus the maximum viscosity is the 

upper-limit for the material within 10 minutes. Therefore, the aqueous hydrogel viscosity 

is lower than this maximum as it is prepared and/or injected. The viscosity difference 

between the rHC hydrogels is likely explained by the microstructure properties of the 
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polymeric networks. The cross-linked fibers differ between the two collagens, thus the 

intermolecular forces (cross-linked networks) affect the material viscoelastic properties to 

a different degree. This is most consistent, considering the material concentration (1%; 

61% v/v total) and cross-linker concentration (11.7mM; 12% v/v total) were identical for 

each hydrogel and experiment. McEwan et al. demonstrated the rheological differences 

in EDC/NHS cross-linker concentrations with porcine collagen type I matrices (McEwan 

et al., 2011). In comparison, the rHC hydrogels have relatable viscosity readings to these 

collagen matrices using a similar cross-linking procedure. Nonetheless, in the present 

study, poor reproducibility of the rheology results was encountered. Although hydrogel 

placement was easy, the compression procedure was difficult. The hydrogels experienced 

considerable deformation under the spindle, apparent by dry, cracked material within 

minutes of the measurement. Changes to gap distance and shear rate parameters did not 

improve this condition. However, the technical problems associated with the experiment 

are most prevalent with the porcine collagen measurements. The maximum viscosity is 

quite low compared to the related study (McEwan et al., 2011), and do not correlate to 

the rest of the Theracol characterization. Furthermore, previous studies used a C50-2/30 

(conical) spindle with a larger surface area. This should not affect the porcine collagen 

variance, but it could resolve the issues affecting the hydrogels placement during the 

measurements. However, this spindle was not viable at this time with limited sample 

volumes for rHC TI and TIII. Although hydrogels rapidly gelate after exposure to cross-

linker, water retention ensures the material cross-links uniformly. Rheological 

assessments sometimes incorporate preventative measures to ensure water evaporation is 

not affected by humidity or physical displacement. In some studies, calibration oils 
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(Moreno-Arotzena et al., 2015, Wolf et al., 2012) or water humidifiers (Que et al., 2014) 

are coupled with the sample to negate these complications. In addition, micro-rheology 

may elucidate viscoelastic properties in hydrogels (aqueous to gel transition) using 

considerably smaller sample volumes (Que et al., 2014). It is important that these 

measurements for rheological properties be repeated using the above troubleshooting 

methods with the current equipment.  

 Thermal degradation, determined by DSC, is indicative of cross-linking 

efficiency. Temperature-dependant denaturation affects the conserved, triple helical 

structure of collagen. This begins to deform the supramolecular structure, resulting in 

random coil conformations that diminish protein stability (Bozec and Odlyha, 2011). This 

protein unfolding transition is typically irreversible, which is indicated by a distinct 

endothermic (negative heat flow) shift as temperature ramping proceeds to a defined 

maximum. It is from this shift that this transition begins to take effect. Therefore, it is 

proposed that covalent linkages in collagen can fortify thermal resistance and make the 

native collagen structure more resistant to denaturation (Grover et al., 2012, Olde 

Damink et al., 1996). Generally, increased cross-linking degree increases the denaturation 

temperature, TD, of biomaterial scaffolds (Angele et al., 2004). Recombinant human and 

porcine collagens have similar TD before and after cross-linking at comparable 

concentrations (Liu et al., 2006, Yang et al., 2004). In our study, the rHC hydrogels' TD 

was similar to Theracol, demonstrating that the rHC is as effectively cross-linked by 

EDC/NHS as animal-derived collagen. In addition, the TD values are similar to other 

EDC/NHS cross-linked collagen materials in the literature (Koh et al., 2013, Usha et al., 

2012, Liu et al., 2006). Furthermore, the batch-to-batch consistency for the rHC 
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hydrogels was preserved throughout cross-linking degree. Importantly, this demonstrates 

the equivalence in preparation and production procedures for the hydrogels. However, the 

hydrothermal stability of rHC hydrogels was not exceptionally high (> 55% consistently). 

Nonetheless, this stability is not expected with a low-concentration collagen-only 

material with mild cross-linking concentration. In effect, collagen materials with higher 

denaturation temperatures, usually heavily cross-linked dermal patches, often elicit 

increased pro-inflammatory responses, reduced cell infiltration, and delayed wound 

healing (Delgado et al., 2015). Overall, the rHC hydrogels are consistently stable beyond 

physiological temperatures appropriate for their injectable application.  

 In addition to hydrothermal stability, enzymatic degradation is indicative of cross-

linking degree too. In particular, collagens TI, TII, and TIII are susceptible to hydrolysis 

from MMP-1, MMP-2, MMP-8, MMP-13, and MMP-14, which are enzymes that cleave 

collagen into fragments for subsequent removal (Chattopadhyay and Raines, 2014, 

Kahari and Saarialho-Kere, 1997). The intermolecular, covalent bonds from cross-linkers 

can protect collagen motifs that are susceptible to enzymatic cleavage. This improved 

resistance is appropriate for materials intended for physiological environments. 

Furthermore, since cross-linking degree influences enzymatic interactions this can 

provide a means for controlled scaffold degradation in-vitro and in-vivo. Collagenase 

degradation profiles can display differences in hydrogel stability within a biological 

environment. Importantly, in this experiment MMP-1 (collagenase) induced this 

degradation. Although collagen TI and TIII are both susceptible to hydrolysis from 

MMP-1, catalytic activity is higher for collagen TIII depending on the species origin of 

the collagen (Kahari and Saarialho-Kere, 1997, Welgus et al., 1985). Furthermore, the 
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helical stability of collagen TIII is suspected to prompt this degradation difference 

(Welgus et al., 1985). However, the rHC TIII hydrogels in the present study degraded 

slower in the presence of MMP-1 compared to rHC TI hydrogels. Interestingly, this 

increased resistance to enzymatic degradation implies that the TIII cross-linking 

orientation and/or density significantly decreases the accessibility for the enzyme. 

However, the rHC hydrogels should undergo degradation tests with other enzymes, such 

as MMP-8, to fully evaluate this conclusion. The concentration of collagenase in this 

study was considerably greater than other studies, which usually persist over many days 

instead of hours (Deng et al., 2010, Angele et al., 2004). In studies with identical 

collagenase concentrations (Koh et al., 2013, Liu et al., 2006), material degradation is 

considerably slower to our study. However, the material concentrations (> 9% w/w) 

likely affect degradation rate compared to our 1% hydrogels. This experiment 

demonstrates that the differences in rHC TI and TIII cross-linking influence enzymatic 

degradation rates. 

 EDC/NHS chemistry is not expected to be 100% efficient, and to a degree this is 

dependent on the availability of substrate (free amine groups) and the concentration of 

chemical cross-linker. This reaction has provided structure to the hydrogel, yet unreacted 

reagent remains solubilized. The absorbance profiles for this study indicate that a degree 

of unreacted EDC/NHS reagent remains in solution after cross-linking is complete. 

Although, washes quickly remove this excess as the signal begins to disappear. As 

previously described, EDC is not incorporated in the cross-links and thus material 

degradation does not affect this detection. Notably, functionalized surface modifications 

(VEGF, YIGSR / RGD motifs) with carbodiimide chemistry have proven effective for 
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biomolecule immobilisation without signs of cytotoxicity or significant inflammation 

(Shapira et al., 2016, Tallawi et al., 2015). In our study, fibroblast cell cultures seeded 

onto rHC hydrogels did not display limited growth or abnormal physical features. The 

chemical by-products in our procedure do not appear to inhibit cell growth. Cell media 

changes, although infrequent, for the in-vitro experiments are representative of the 

washes in this absorbance experiment. In-vivo, it is expected that the body's circulation 

will remove unreacted components of the hydrogel, and as shown by our lab (Blackburn 

et al., 2015, Kuraitis et al., 2013), the diluted by-products of injectable materials using 

EDC/NHS chemistry do not pose a toxicity risk. However, quantified analysis of 

cytotoxic or pro-inflammatory indicators should be subject to the rHC hydrogels with 

seeded fibroblasts or cardiac endothelial cells. This can ensure that the chemical cross-

linker, or the cross-linking degree, is appropriate for injectable applications.  

 For a biomaterial to mimic the ECM microenvironment, the external and internal 

physical structure should promote material-cellular interactions. In particular, the 

biophysical cues intrinsic to the 3D structure of collagen-based hydrogels are important 

to scaffold performance. Importantly, surface topography and porosity influence cell 

behaviours by modulating adhesion, morphology, migration, alignment, and distribution 

(Zhang et al., 2015a, Wang et al., 2011). Furthermore, porosity and pore interconnectivity 

improve cell survival, whilst allowing cell ingrowth and nutrient diffusion necessary for 

high cell viability (Zhang et al., 2015a, Annabi et al., 2010). In effect, microporous 

networks provide an ECM microarchitecture that facilitates cell permeability. This 

surface area and porosity density interplay is maximized by hydrogel structural 

configuration in physiological environments. The rHC TI hydrogels have a high density 
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of small pores (H: 9.5 ± 0.3μm / W: 10.5 ± 0.4μm) organized in layered sheets. In 

contrast, rHC TIII hydrogels have larger, clustered pores (H: 27.3 ± 1.0μm / W: 24.2 ± 

0.9μm) that appear globular and swollen. This considerable difference in pore dimensions 

and interconnectivity indicates that the cross-linking, with the same concentration, creates 

different porous networks based on the collagen type. In addition, microarchitecture 

differs depending on the source of collagen, which was reported in bovine collagens from 

different tissue extracts (Davidenko et al., 2015). This is apparent when the rHC 

hydrogels are compared to the microporous architecture of Theracol. Although the 

differences in pore dimensions of Theracol to rHC TI are not striking, the landscape 

pattern differs, as seen in the SEM images. The uniform porosity of rHC TI hydrogels is 

potentially beneficial for material contractions and ECM secretion. The larger pore 

dimensions in rHC TIII may provide a more spacious environment for cell migration and 

ingrowth. However, optimal porosity for fibroblast growth in hydrogel matrices is 

approximately 5-15μm (Annabi et al., 2010). Porosity measurements are not absolutes, 

considering that hydrogel 3D environment is layered with internal channels that 

intercalate the entire matrix. Nonetheless, these identified differences in rHC 

microarchitectures are essential for future interpretations on hydrogel structural and 

functional performance. 

 Collagen-based matrices are anticipated to interact with the cellular environment 

and surrounding tissues as a support scaffold. Therefore, to understand the suitability of 

rHC hydrogels in a physiological environment, the cytocompatibility was evaluated using 

mouse cardiac fibroblasts. Fibroblasts were used for two reasons: 1) they proliferate 

rapidly, providing a good read-out for cytocompatibility, and 2) they are a relevant cell 
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type in the remodeling post-MI cardiac ECM. Furthermore, cardiac fibroblasts are ideal 

because of the role they play in cardiac healing and scar formation after an MI 

(Radhakrishnan et al., 2014, Fan et al., 2012). The morphology and proliferation of 

cardiac fibroblasts grown in the presence of rHC hydrogels was evaluated in comparison 

to a control plate of TCPS over a 5-day period. Cardiac fibroblast growth was observed in 

all conditions, with differences in cellular alignment and orientation. In particular, rHC 

hydrogel fibroblasts were located on the material surface and within the interior of the 

hydrogel after cultures were established. This complements the porosity analysis, 

indicating that the pore sizes for both rHC hydrogels are sufficient for cell infiltration. 

However, the multi-layered growth can be explored further by cross-section staining for 

fibroblast indicators with microscopy to ascertain the % interior cell population. At the 

time of the experiments, the microscope lens was displaced. This resulting interference 

disrupted the image quality, and repairs were not complete until late in the project.   

 Cell staining improved visualization of healthy fibroblast morphology on rHC 

hydrogels. For a pre-confluent culture, there was no indication of mass apoptosis, 

membrane shrinkage, or impaired cytoskeleton extensions for rHC hydrogels. In addition, 

hydrogels were uncompromised throughout the 5-day period. Proliferative analysis 

indicates that both rHC TI and TIII support cell growth and mediate cellular expansion. 

The EDC/NHS cross-linker could explain the minimal fibroblast proliferation on rHC TI 

and TIII hydrogels on day 1. Concentration-dependent EDC collagen materials affect 

fibroblast viability (Saito et al., 2008), although the extent of cytotoxicity in this study 

was not observed in our results. Presumably, despite the early differences, the effects 

were not long-lasting since cell growth was unhindered throughout the other later time-
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points. However, the observed biocompatibility of the rHC hydrogels is important for 

future design applications in human translational medicine. Techniques to fabricate full-

length, hydroxylated rHC are beginning to arise in the literature (Que et al., 2014). The 

means to more efficiently produce rHC or modify variant sequences with site-specific 

precision can open many doors for TERM biomaterial design. Furthermore, biosynthesis 

of recombinant human proteins will ultimately reach supply demands without batch-to-

batch variability and manufacturer difficulties. These complications are apparent in other 

attempts for human-based scaffolds, such as decellularized human myocardial matrices 

(Johnson et al., 2014). Therefore, the biocompatibility of rHC TI and TIII hydrogels in-

vitro prompts further exploration of the hydrogel impact on cell behaviour, and in-vivo 

performance.  

 

4.2 Future Directions 

 There are a few limitations to this study, although limited rHC TI supply was a 

major obstacle for project progression. Unfortunately, the expense currently associated 

with full-scale rHC products is an issue. The cost per gram of rHC is exceedingly high 

with a low yield compared to animal-derived collagens (Liu et al., 2013, Baez et al., 

2005). The costs are reduced with minimized use of collagen, such as surface coatings, 

electrospun fibers, or low collagen percentage mixtures. The high cost of rHC TI limited 

the number of in-vitro investigations that could be performed. To address this, thinner 

hydrogel plate coatings may be an option to minimize rHC use in the future. This 

minimalistic approach should be implemented at the start of the experiment, to avoid 

shortages after necessary calibrations or troubleshooting with cell models. In the future, 
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the demand for such biosynthetic materials will likely propagate commercialization and 

lower expenses especially with new methods in recombinant bacterial collagen (An et al., 

2014). Nonetheless, rHC offers a safe, modifiable, and consistent alternative to natural, 

animal-derived collagens.  

 Furthermore, there are other routes available for improvement. The rheological 

characteristics should be ascertained, but other material properties of interest could be 

investigated too. In terms of mechanical characterization, rHC hydrogel stress/strain 

curves and elastic moduli can be used to interpret material stiffness and compression 

resistance. Furthermore, the water content analysis can be enhanced with long-term 

swelling ratio experiments in water, cell media, and myocardial matrix. Degradation 

experiments could benefit from lower concentrations of collagenase, which allow long-

term (> 2 weeks) dissolution and degradation analysis. The hydrogels are highly 

hydrophilic, and water contact angle measurements could identify physical differences 

between the cross-linked polymeric rHC hydrogel surfaces. In addition, individual fibers 

should be visualized by cryo-SEM at a greater magnification (~10-50μm scale). Although 

EDC/NHS cross-linking was effective with the rHC hydrogels, quantitative measures for 

free amine groups (-NH2) before and after cross-linking using 2,4,6-trinitrobenzene 

sulfonic acid could be beneficial to the study (Bubnis and Ofner, 1992). Although studies 

referred herein establish that at our EDC/NHS concentration and molar ratio, the number 

of reacted amines are 25-28 groups / 1000 residues (~2.0-3.0%), from literature source 

amine content being ~30 groups / 1000 residues (Pieper et al., 2000, Liu et al., 2006, 

Yang, 2012). Nonetheless, distinct differences in material source and cross-linker 

concentration/ratio should prompt this investigation. This study demonstrates the in vitro 
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cytocompatibility of the rHC hydrogels. In addition, compatibility experiments should 

investigate cell survival and growth using live/dead assays and gene expression changes 

could be examined over a 5-day period. Furthermore, experiments on cardiac endothelial 

cells and/or stem/progenitor cells will complement this study on cell behaviour with rHC 

hydrogels. Once the appropriate material is prepared, it will be tested in acute MI models 

using small animals (mice) and large animals (pigs). Primary end-points for this 

evaluation of the injectable hydrogel will be regenerative potency and heart performance. 

Hydrogel injections into animals should not elicit an immunogenic and thrombogenic 

response in long-term assessments. Subsequent measures on cardiac output, end-systolic, 

end-diastolic, and ejection fraction indicators, will determine cardiac function and the 

hydrogel's repair/healing efficacy. In addition, comparative measures of scar area 

thickness and infarct tissue mechanical properties in the presence of rHC hydrogels 

should complement performance analysis. The overall rHC hydrogel performance in 

promoting cardiac muscle angiogenesis and neovascularization in animal models should 

display improvement in regeneration. To this end, it is anticipated that the rHC TI or TIII 

injectable hydrogels can provide sufficient replacement of scarred tissue that could 

reverse LV dilation, adverse remodeling, and possibly promote myocardial regeneration. 
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5 Chapter: Conclusions 

 Although natural-based TERM biomaterials for post-MI repair and regeneration 

are steadily under investigation, their application in cardiac treatment is delayed by 

numerous challenges. The exact mechanisms driving hydrogel regenerative benefits are 

not understood, nor are the parameters best associated with improved cardiac function. 

Nonetheless, this knowledge gap will surely close in time with rapid advancement in 

revolutionary biomaterial engineering. Progress towards novel, clinically relevant 

materials will hasten this momentum and development will readily follow pre-clinical 

investigation. Therefore, this study builds upon these concepts and demonstrates the 

potential application of recombinant human collagen TI and TIII injectable hydrogels. To 

our knowledge, this is the first human source collagen biomaterial developed for cardiac 

regeneration. Overall, this work characterizes the physical, chemical, and 

cytocompatibility properties of rHC hydrogels and contributes to our understanding of 

rHC biomaterials. It is anticipated that future work on these recombinant human collagen 

hydrogels will accelerate the development of engineered, biofunctional materials for 

cardiac regenerative therapy.  
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