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Abstract 

 

In the United States and around the world, cardiovascular disease (CVD) has been one of the main 

causes of death since 1921, responsible for approximately 1 in 4 deaths domestically. Myocardial infarction 

(MI), or commonly called a heart attack, is a subset of CVD that often ends in heart failure (HF). Cardiac 

cells are incapable of regeneration, leading to severe impacts on quality of life. Current treatments for MI 

fail to target left ventricular remodeling and therefore do little to address the progression towards HF. 

Cardiac scaffolds for tissue engineering (TE) are a prominent solution in recent research. Developing 

various biomaterials to promote regaining function has narrowed down critical aspects for a successful 

scaffold. Trends in development show that biomaterials consisting of bioactive, conductive, elastic, and 

robust mechanical properties provide good environmental niches for cardiac cells. We aim to develop 

biomaterial blends that improve the bioactivity and conductivity of biodegradable polyurethane (PU) to 

study their structural, mechanical, and material characteristics and their interaction with cells. 

In Aim 1, we integrated digested porcine cardiac extracellular matrix (ECM) into PU at varying 

concentrations, incorporating biomolecules found natively in cardiac tissue to supply biological cues in 

cardiac myocyte development. Interaction with the surrounding environment through integrins modulates 

the development of cardiomyocytes; ECM provides binding sites for integrins not found in synthetic 

polymers like PU. Aligned electrospinning (ES) of PU-ECM fibers was characterized and compared to the 

outer wall of a porcine left ventricle (LV). Fabricated fibers displayed highly aligned nanofibrous structures 

maintained throughout simulated body conditions. The resulting fiber diameter was 650-980 nm after 

simulated conditions. PU-ECM fibers exhibited anisotropic shrinkage after hydration due to swelling and 

the release of residual stress from the aligned electrospinning process. The hydrophilicity of fibers was 

improved through the incorporation of ECM, with PU displaying a contact angle of 107 ± 9° while PU-

20%ECM was 70 ± 9°. Improvement of hydrophilicity originated from blending ECM. In vitro degradation 

of PU-20%ECM fibers showed accelerated degradation retaining a mass of 34.2 ± 2.8% over two weeks in 
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an enzymatic solution; comparatively, PU retained 54.8 ± 7.3% of its mass. Mechanically the LV porcine 

tissue had a failure stress of 0.36 ± 0.095 MPa, while PU-20%ECM was 15.0 ± 1.3 MPa. The superior 

mechanical properties of these fibers ensure resistance to failure when bearing forces applied to a heart. 

Viscoelastic and anisotropic mechanical properties were noted across all fibrous blends. Mouse HL-1 cells 

and neonatal rat ventricular cardiomyocytes (NNRCM) were seeded on blended fibers. HL-1 cells are 

organized unidirectionally on aligned fibers, and no significant toxicity to cells. Higher expression of α-

actinin and f-actin was noted on PU-20%ECM scaffolds. NNRCM cells displayed significant improvement 

to viable counted cells in PU-20%ECM. Markers for maturity such as sarcomere and Z-line length were 

enhanced in PU-20%ECM fibers. 

In Aim 2, we designed various conductive PU blends with reduced graphene oxide (rGO) to fabricate 

a potential muscle scaffold to improve electromechanical coupling. Uniformity of contractions is improved 

by coupling the myocytes, which is critical for practical myocyte function. PU-rGO blends were processed 

into aligned nanofibrous scaffolds through aligned ES. Initially, PU-rGO blends the highest rGO 

concentration of 4% w/w. During initial conductivity testing, poor results were obtained. To correct this, 

we fabricated a PU-10%rGO scaffold. Additionally, fiber size was impacted by rGO blending; PU-

10%rGO’s fiber diameter was 689 ± 226 nm, compared to PU, which was 464 ± 87 nm. The contact angle 

of PU-10%rGO was more hydrophobic than PU, with a contact angle of 132 ± 5° and 120 ± 7°, respectively. 

The conductivity of fibrous scaffolds was unobtainable, so membranes were made for 4-point probe 

instrumentation. Dry PU-10%rGO membranes displayed superior conductivity of 0.149 ± 0.035 S/m 

compared to PU-4%rGO, whose conductivity was 2 magnitudes less, at only 0.006 ± 0.001 S/m. Wet 

conductance gave erroneous results due to PBS masking bulk conductivity readings. PU-10%rGO 

displayed vastly reduced failure stresses along and across the fiber preferred direction. However, 

mechanical properties were still superior along the fiber preferred direction and comparable across the fiber 

preferred direction to LV tissue. Elasticity curves from cyclic loading revealed no change in trend due to 

rGO doping; similarly, anisotropic characteristics were consistent with native LV trends. In vitro cell 
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culturing with mouse C2C12 and NNRCM displayed modulation of cell behavior. C2C12 cells were highly 

aligned on PU-10%rGO fibers, with interconnected cytoskeletal proteins of myosin heavy chain and f-actin. 

NNRCM displayed highly aligned morphologies, with maturity markers such as sarcomere length, Z-line 

length, and aspect ratio, which were significantly improved on the PU-10%rGO fibers. In contrast to PU, 

the expression for connexin-43 (Cx-43) was noted more peripherally, suggesting improved 

electromechanical coupling. 

In Aim 3, we built upon the previous two objectives to fabricate a bioactive, conductive, elastic, and 

robust scaffold for improved biomimicry of native cardiac ECM. Previously found optimal blends of PU-

20%ECM and PU-10%rGO were combined to fabricate a composite PU-20%ECM-10%rGO biomaterial 

blend. PU-20%ECM-10%rGO fibers were produced similarly to the previous iterations. Morphological 

characteristics of PU-20%ECM-10%rGO were similar to PU-20%ECM and PU-10%rGO, with highly 

aligned nanofibers, with a fiber diameter of 438 ± 158 nm. Shrinkage of PU-20%ECM-10%rGO (82.4 ± 

1.5%) was similar to PU-10%rGO (83.0 ± 2.4%), shrinking less than its PU-20%ECM counterpart (78.0 ± 

0.8%). The contact angle of PU-20%ECM-10%rGO was vastly improved compared to PU10%rGO, with 

the droplet fully absorbing within the first 15 seconds of placement. A unique interaction between ECM 

and rGO was displayed during conductivity testing. PU-20%ECM-10%rGO was 5-fold more conductive, 

at 0.92 ± 0.038 S/m compared to PU-10%rGO, at 0.174 ± 0.005 S/m. This improved conductivity may be 

caused by an improved dispersal of rGO throughout the membrane. Mechanically, PU-20%ECM-10%rGO 

was superior or comparable to the native LV tissue. A slight increase in failure stress was noticed across 

the fiber preferred direction in the PU-20%ECM-10%rGO fibers compared to PU-10%rGO. Cyclic loading 

curves showed similar trends. Biaxial testing revealed PU-20%ECM-10%rGO maintained anisotropic 

mechanical behavior. NNRCM in vitro studies displayed aligned cell morphologies across all fiber blends. 

PU-20%ECM-10%rGO sarcomere length was significantly higher than its counterparts. PU-20%ECM-

10%rGO Z-line lengths were like PU-20%ECM and were superior to PU and PU-10%rGO. 
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Following the above three aims, future studies should focus on improving various limitations and 

challenges. Integrating mechanical and electrical stimulation during in vitro studies should promote 

functionality. Fabrication of a bioreactor capable of mechanical and electrical stimulation has been 

completed for this purpose. Initial calibrations of mechanical parameters of the bioreactor are ongoing. 

Secondly, an improvement to diminishing shrink of aligned scaffolds through annealing has also initially 

been explored. Releasing residual stress before removing the scaffold from the mandrel reduces shrinkage. 

Thirdly, incorporating a higher concentration of ECM may result in higher bioactivity. Another direction 

is sourcing and synthesizing monolayer rGO. Issues with aggregation of rGO and the need for high 

concentrations concern the robustness of mechanical properties and cell viability. Monolayer rGO should 

reduce the required rGO for improved conductivity while minimizing effects on mechanical properties. 

Lastly, finite element analysis modeling biomaterial mechanical behavior could reveal scaffold responses 

in physiological conditions. Computational modeling of the designed biomaterials could offer predictive 

powers to minimize time and money waste.  

This dissertation has demonstrated several novel approaches to designing and fabricating new 

biomaterial blends of biodegradable PU as a potential cardiac scaffold. The approaches for functionalization 

focused on bioactivity and conductivity separately and combined. Firstly, incorporating bioactive ECM 

provides environmental cues to modulate cell maturation. Secondly, the incorporation of rGO improves 

electromechanical coupling by facilitating action potentials. Lastly, we created an improved biomimetic 

material and scaffold for optimized cell signaling by building upon the previous improvements. These 

various blends of PU offer a new selection of potential biomaterials for cardiac tissue regeneration and 

skeletal muscle regeneration.  
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1.1 Cardiac Layer Development, Structure, and Function 

In the United States and the world cardiovascular disease (CVD) is the one of the main causes of death. 

An estimated 1 in 4 people die from a cardiovascular-related disease costing the United States around $219 

billion yearly from medical expenses and loss of productivity from recovery and death [1]. CVD is a 

progressive disease caused by various environmental and genetic factors; myocardial infarction (MI), 

colloquially known as a heart attack, is a large subset of CVD that leads to heart failure (HF). Understanding 

cardiac layers and their structural and biological effects on cardiomyocytes (CM) are vital for determining 

the efficacy of current and future treatments. The heart has three distinct layers: the epicardium, 

myocardium, and endocardium. Structurally the extracellular matrix (ECM) changes morphology from 

layer to layer for its unique mechanical requirements (Figure 1.1) [2]. The most studied protein in cardiac 

ECM is collagen, which is present throughout all three layers, with different compositions of naturally 

occurring structural proteins in each layer. Understanding the characteristics of the three cardiac layers and 

their interactions during development is paramount in crafting an effective treatment for regeneration. 

 

Figure 1.1: The distinct layers found in the ventricle of the heart [3] 
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1.1.1 Epicardium 

The epicardium is the outermost epithelial layer of the heart. Anatomically, it is a part of the 

pericardium, a bi-layered fibrous sac that protects the heart and anchors it in the body [4]. Developmentally 

the epicardium forms separately from the myocardium and endocardium, originating from a primarily 

extracardiac primordium, the proepicardial serosa [4, 5]. The proepicardial serosa contains various 

mesenchymal and endothelial cell types, which are responsible for the maturation of the epi/myocardium 

and the production of ECM [5]. The developing epicardium contributes to myocardial development via 

epithelial to mesenchymal transition (EMT), a process that reduces the expression of transmembrane 

adhesion proteins like E-cadherin and zonula occudens-1 on the epithelial cells [4, 5]. The morphology of 

endothelial cells subsequently changes to be spindle-shaped with an increased expression of fibronectin, N-

cadherin, and matrix metalloproteases (MMP) [4]. Quickly after development, the epicardium goes 

dormant, showing rapid downregulation of WT1, Raldh2, and Tbhx18 genes [4]. In the adult epicardium, 

the primary function of the ECM is to provide a protective layer for the heart with the pericardium [2, 6]. 

The epicardium is composed of mostly elastin and collagen. This elastin-rich matrix provides a passive 

constriction that can withstand deformation due to the elastin network [7]. In response to damage, 

particularly from ischemic heart disease such as MI, the epicardium reactivates its’ regenerative properties 

via upregulation of WT1, Raldh2, and Tbhx18 genes [4]. The partial reactivation of these genes occurs 

across the entirety of the epicardium, not localized exclusively to the area of defect. The wide reactivation 

of the developmental properties is thought to be caused by signals transmitted via pericardial fluid [4]. The 

epicardium shifts from a single cell layer into a multilayered cell sheet, most layering occurs around the 

defect [4]. The multilayered sheets recapitulated neonatal activity with the presence of EMT through 

upregulation of transcription factors like Snail, Smad1, Twist, and Slug in MI models [4]. Models primed 

for EMT, through the injection of thymosin β4, exhibited more migration and improved cardiac function 

[4]. Evidence indicates the EMT cells differentiated into fibroblasts, smooth muscle cells, and 

cardiomyocytes; the majority differentiated into fibroblasts which highly express collagen-I, elastin, and 
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fibronectin [4]. Signals derived from EMT cells help contribute to the development and repair of the 

myocardium. 

1.1.2 Myocardium 

The myocardium is the mid-layer of the heart, comprised of densely compacted cardiomyocytes 

responsible for most of the contractile forces of the heart. Developmentally the myocardium originates from 

the splanchnic mesoderm [8]. During the initial tubular heart formation, the myocardium and endocardium 

appear, separated by an acellular matrix called the cardiac jelly [8]. The majority of the early cardiac jelly 

is composed of hyaluronic acid (HA) and proteoglycans (PG), producing a malleable hydrated matrix for 

easy remodeling and infiltration [9]. The myocardium is made of mainly collagen I and III in adult hearts 

with a relatively affluent composure of glycosaminoglycans (GAGs), such as HA and PG, for lubricated 

contractions [10]. This initial myocardium layer is dubbed the ‘primary myocardium,’ characterized by a 

low density of gap junctions, a craniocaudal gradient expression of acetylcholinesterase, and sarcoplasmic 

reticulum calcium ATPase [11]. Smooth muscle α actin is expressed throughout the length of the primary 

myocardium, which is replaced later in development by skeletal and cardiac isoforms of actin [11]. As the 

tubular heart starts to loop towards the right, the atrial and ventricular segments become distinct. The 

ventricular segment begins trabeculation, regulated by the endocardial cell signaling [8, 12]. Signaling from 

the endocardium leads to the degradation of structural proteins in the cardiac jelly region, with some cell 

migration from the myocardium layer into the acellular cardiac jelly [12-14]. Trabeculation allows for 

nutrient transfer to the thickening myocardium, and the development of fibril patterns occurs due to 

integrins interacting with the ECM of the myocardium [15-17]. Compaction starts with EMT migration into 

the myocardium, flattening the trabeculation or developing capillaries for nutrient delivery to the 

myocardium [17-20]. During the initial compaction phases, the myocardium’s ECM aids intracellular 

interactions by transferring forces from cell to cell, maximizing uniformity of contractions [21]. The 

organized patterning of the myocardium ECM enables efficient contractions, and the presence of gap 

junctions in early heart development provides a mechanism for the electro-mechanical activation of 
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cardiomyocytes in the myocardium [11, 15]. In myocardium development, there is a dependency on integrin 

presence to avoid fibrosis in the early heart [22]. As established in the prior section, the epicardium-derived 

cells contribute to myocardium development through paracrine signaling [4]. 

1.1.3 Endocardium 

The endocardium is derived from the splanchnic mesoderm and can be identified as a distinct layer 

during the tubular heart stage of development [8]. The endocardium is structurally slick and helps regulate 

trabeculation [14, 22]. The ECM is composed of collagen and elastin, giving it the slick texture and ability 

to undergo deformity [10, 23]. The endocardium’s prominent role in heart development depends on growth 

factor release and contributes to cell migration into the cardiac jelly [12, 24-26]. Remodeling the ECM in 

the cardiac jelly is temporally sensitive to signaling [23, 24, 27]. The early developing endocardium 

upregulates neuregulin-1 (NRG-1), stimulating ErbB2 and Erb4 to initiate ECM remodeling for 

trabeculation. Simultaneously signals cardiac jelly infiltrating cells to differentiate into the base electrical 

framework [12, 28, 29{Smith, 2007 #270]. NRG-1 regulates chamber morphogenesis via insulin-like 

growth factor 1 (IGF-1) by activating phosphatidylinositol 3-kinase [24]. The endocardial cells receive 

signals from the myocardium to initiate endocardial cushion formation by stimulating ECM production into 

the cardiac jelly; endocardium cells migrate into the cardiac jelly and differentiate into pre-valve tissue 

components [24, 30]. The release of neurofibromin (Nf1) from the endocardium modulates endocardial 

cushion formation, regulating the size of the cushions; limited Nf1 activation leads to gestational lethality 

[24, 31]. Expansion and myocardial cell growth in the trabeculae are activated by fibroblast growth factors 

(FGFs), mainly FGF-9, -16, and -29 [24]. Adverse remodeling of the adult heart due to MI interrupts the 

native ECM structure, which impacts the specific functionality of the cardiac ECM.  

 

1.2 Cardiovascular Disease (CVD)  

Myocardial infarctions (MI) are one of the main initiators of ventricular remodeling. MI’s are 

characterized by a lack of nutrient and oxygen flow to heart sections leading to myocyte death and 
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weakening the hearts' ability to function (Figure 1.2) [33]. Alterations to the ECM occur in 3 distinct 

overlapping phases for MI: the inflammatory and proliferative phases and the maturation phase [32]. During 

the inflammatory phase, degradation of the matrix proteins acts as an inflammatory factor [32]. These 

inflammatory factors attract macrophages to the injured area and act as a conduit for inflammatory cell 

infiltration [32-35]. Clearing out the dead cells from the tissue requires the destruction of the surrounding 

ECM, damaging the present complex structure. Clearing the ECM releases anti-inflammatory mediators, 

signaling the transition to the second phase of ECM alterations [32]. In the proliferation phase, the ECM 

comprises matricellular proteins that do not provide much structural support, alter the cellular phenotype 

of infiltrating cells, and activate various growth factors [36, 37]. Infiltrating fibroblasts replace the non-

regenerative cardiomyocytes [38]. The fibroblasts then produce a significant amount of structural ECM 

proteins. The rate of phagocytosis and fibrotic tissue deposition does not always lead to thinning of the left 

ventricle (LV) wall [39-41]. Thinning increases the chance of LV wall rupture (Figure 1.3) [42, 43]. After 

ECM deposition, the maturation phase begins. In this phase, the ECM is reinforced by crosslinking, and the 

fibroblasts are deactivated with vascular infiltration to produce stable scar tissue [32, 36]. 
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Figure 1.2: A) The healthy human heart and B) post-ischemic human heart [3] 

 

Figure 1.3: A) Healthy Ventricle Wall and B) Thinning of the ventricle wall [3] 
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MI leads to HF through LV remodeling, which gets progressively worse due to feedback loops. The 

progression from MI to HF is a gestalt, meaning cursory knowledge of the different mechanisms is needed 

to understand how they are interconnected. There are three understood pathways: cellular, humoral, and 

mechanics based. 

1.2.1 Cellular Pathology in LV Remodeling due to MI 

A typical location for blockage is in the left anterior descending coronary artery (LAD), where 

downstream suffocation of cardiomyocytes heavily affects the left ventricle (LV). The ischemic 

myocardium releases pro-inflammatory factors, a precursor to left ventricle remodeling [44]. Macrophages 

and neutrophils, attracted to the pro-inflammatory factors, clear away the necrotic tissue [44]. Collagen 

deposits in the perivascular space to replace necrotic tissue. Fibrotic tissue cannot aid myocyte contractions, 

leading to further heart complications [45-47]. During these changes, released factors exacerbate 

remodeling through the humoral pathway. 

1.2.2 Humoral Pathology in LV Remodeling due to MI 

The humoral pathway is mainly affected by the renin-angiotensin-aldosterone system (RAAS), which 

is responsible for the regulation of blood pressure and hydro electrolytic balance [48]. The buildup of 

angiotensin-converting enzyme (ACE) and angiotensin (AGT), produced in both infarcted and surrounding 

myocardium, from inflammatory and endothelial cells leads to worsening heart conditions. Excessive ACE 

and AGT disrupt blood pressure regulation and promote fibrosis, intensifying LV remodeling and blood 

pressure, which increases the risk of HF [48]. Activating the AGT1 receptor increases aldosterone 

production in the infarction tissue, promoting fibrosis and myocyte hypertrophy [48]. Excess ACE and 

aldosterone elicit spontaneous fibrosis in non-infarcted areas [48, 49]. The increase in collagen deposition 

in non-infarcted myocardium alters the mechanics of the heart. The change in LV mechanics also plays a 

role in the remodeling process and eventual HF due to the feedback looping effect.  
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1.2.3 LV Mechanical Changes due to MI Remodeling 

There are two main mechanical components to consider, stress and strain experienced by the LV wall 

[50]. The LV wall stress is calculated from the LV tension, the resistive force that prevents cavity dilation, 

and the LV pressure, the force for blood pumping [51]. This tension predominately comes from active 

myocardial contractions and passive support from the interstitial tissue in a healthy LV wall. In infarcted 

tissue, the tension is reliant on passive support. Lacking the active contractions of the myocardium, 

infarcted tissue cannot compensate for the change in pressure, stimulating hypertrophy of the surrounding 

cardiomyocytes to compensate, further impacting the heart's structure [52]. The LV must dilate to 

compensate for the hypertrophy to maintain a consistent stroke volume. The strain of the LV wall is 

impacted by the infarcted tissues' inability to cope with the changes in stress, leading to further deformation 

[44]. Based on the current understanding of MI pathology and HF progression, treatments to target the 

different pathways have been used clinically. Examination of current treatments aids in finding weaknesses 

and solutions. 

1.3 Current MI Treatments and Complications 

Current treatments for MI interventions focus more on prevention, doing little to combat remodeling. 

The less invasive treatments require long-term beta-blockers and blood thinners with exercise and dietary 

changes [53, 54]. More extreme cases require invasive treatment, ranging from balloon angioplasty for stent 

placement and coronary artery bypass to implanting a left ventricle assent device [55-57]. Total heart 

transplants are available in only the most extreme circumstances; however, the limited access to donor’s 

hearts, the cost of lifelong immunosuppressants, and a chance for organ rejection create a need for better 

treatment alternatives [58, 59]. Biomaterials have developed several prosthetic wraps that provide passive 

mechanical support limiting ventricular dilation [60, 61]. Clinical results from the prosthetic wraps are 

promising with left ventricle function improvement [60]. These therapies offer some symptom relief for 

patients with HF rather than provide renewed function, and long-term gains are due to the knowledge gap. 
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In recent years, tissue engineering (TE) has been a focal point in developing new MI treatments [62-

64]. TE is the marriage of biology and engineering to produce artificial tissues or cellular products that 

manage or repair injuries sustained within the body [65, 66]. Tissue-engineered cardiac patches aim to treat 

the underlying issues in patients suffering from MI by providing a scaffold to preserve myocardium 

functionality, reverse remodeling, and mechanical support to prevent further remodeling. Traditionally TE 

cardiac scaffolds integrate cells into their construction before implantation to form the artificial tissues; the 

effects of acellular scaffolds on injury repair post-MI have been evaluated [66]. Regardless of cell-laden or 

acellular scaffolds, cardiac scaffolds require a biomaterial with many characteristics to mimic the native 

pre-MI heart [67]. The development of new complex biomaterials needs further investigation to maximize 

the effectiveness of future tissue-engineered scaffolds. 

1.4 Cardiac Scaffolds and Biomaterial Design Considerations  

Cardiac scaffolds are a relatively simplistic yet revolutionary idea widely researched due to their 

potential as a regenerative tool that can combat adverse remodeling through mechanical support. 

Mechanical support of the weakened tissue is an essential aspect of cardiac scaffolds that is rarely addressed 

in current treatment protocols. The scaffold is attached to the surface of the defect, supplying additional 

structural support and aiding in the restoration of cardiac function. These scaffolds can be loaded with cells 

or biomolecules; introducing cells and biomolecules promotes functional tissue production over restrictive 

fibrotic tissue by modifying biological cues. Biomaterials required in cardiac scaffolds must be 

mechanically like the native tissue, biocompatible, biodegradable, elastic, and conductive to act as an 

adequate scaffold (Figure 1.4) [68, 69]. Synthetic and natural polymers or a combination of both compose 

the biomaterials of tissue engineering scaffolds. Scaffolds are tailored to suit various applications of tissues 

by either functionalizing the polymers or including additives to augment the physical and chemical 

properties of the scaffold [70, 71]. Tailoring scaffold biomaterials enables a highly personalized treatment 

plan for patients, maximizing therapeutic effectiveness.  
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Fabrication is as crucial as biopolymer selection. Creating a porous, physiological-relevant 

microstructure is essential in promoting cell growth and differentiation [72, 73]. Cardiac scaffolds have 

various fabrication methods, including salt leaching, phase separation, electrospinning, gelation of 

hydrogels, 3D printed structures, and others [74-76].  

 

Figure 1.4: Illustration of ischemic heart with a cardiac scaffold attached to the defect site [3, 68] 

Ideally, implanted scaffolds with a high degree of biomimicry integrate with the host tissue and 

encourage the migration and differentiation of host cells [68, 77, 78]. Cells should gradually degrade the 

implanted scaffold to be replaced with a newly formed ECM. The conductivity of the scaffold is vital for 

promoting uniform contractions due to easier electrical signaling to cells within the scaffold [79]. Injectable 

hydrogels have been explored as a possible alternative due to their 3D microstructure and ease of 

application, with the drawback of relatively mechanically weak support [80, 81]. Mechanically robust 

scaffolds are required for cardiac tissue-engineered scaffolds due to the continuous physical demands of a 

pumping heart [68]. A scaffold that is elastic and robust and withstands excessive cyclic fatigue while 
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meeting all previous requirements highlights the importance of continued exploration into new biomaterial 

blends for improved cardiac tissue engineering [78]. 

Cardiac scaffolds previously investigated exemplify the possibilities of blends and the degree of 

functionalization to overcome the current hurdles they face. Most often, successful scaffolds have 

demonstrated several vital components. Firstly, they exhibited a high degree of cytocompatibility, capable 

of encouraging cells' growth and avoiding adverse immune reactions. Secondly, the scaffolds demonstrated 

mechanics that structurally reinforced the infarcted tissue with a degree of elasticity to mimic the elastic 

nature of the heart. Thirdly, the scaffolds could integrate with host tissue through well-timed degradation 

that matches the growth of cells. Fourthly, scaffolds enabled strong electrical signaling for improved 

contractions. Lastly, the scaffolds mimicked the native morphology of cardiac ECM to improve integration 

with host tissue. 

Current research aims to develop synthetic polymers that fulfill all requirements. Synthetic polymers 

can be tuned at the molecular level, allowing them to incorporate several critical components needed for 

successful application as a cardiac scaffold. As a biomaterial, synthetic polymers can have reduced cell 

adhesion and poor integration with host tissue. Modifications and additions of other components such as 

growth factors or natural polymers can compensate for their weaknesses and help maintain their popularity 

as potential scaffolding material. Popular biodegradable synthetic polymers used as scaffolding for cardiac 

TE applications include poly (lactic-co-glycolic acid) (PLGA), poly (ε-caprolactone) (PCL), biodegradable 

polyurethane (PU), and poly (glycerol sebacate) (PGS). To completely understand the influences polymeric 

scaffolds have on cardiac repair, an investigation into cardiomyocyte behavior on various fibrous blends 

and the correlation between these behaviors in in vivo experiments must be performed. Below summarizes 

the response CMs have when grown on various polymers and polymeric blends. 
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1.4.1 Poly (ε-caprolactone) 

PCL is a semicrystalline biodegradable polymer commonly investigated because of its structural 

strength, ready availability, and low price [82, 83]. The mechanical properties of PCL are determined by 

the degree of crystallinity and molecular weight [84]. This variability has made it an excellent synthetic 

polymer for various uses in the biomedical field [85]. It is synthesized via ring-opening polymerization 

(ROP) [85]. Researchers have attempted to capitalize on   L’s variability to produce cardiac scaffolds [86-

90]. Earlier iterations of scaffoldings made with PCL supported cardiomyocytes that could contract after 

only a few days of growth. However,   L’s slow degradation led to low cell growth within the scaffold 

from limited nutrient flow [91]. Like other synthetic polymers, PCL has low hydrophilicity and no natural 

binding sites for cellular attachment. Guex et al. found that plasma functionalized PCL improved stable 

cardiac function [87]. Stem cell presence within the scaffold and scar tissue was increased compared to no 

treatment and non-functionalized PCL [87]. The effects of the morphology of the PCL scaffolds on CM 

behavior were investigated by Rath et al. [88]. Neonatal and adult CM were isolated from rats and seeded 

on nanofibrous aligned PCL scaffolds. The CMs exhibited greatly improved organization and development 

of well-striated sarcomeres [88]. The neonatal sarcomeres developed perpendicularly to the fibers in the 

scaffold while they developed parallel in the adult CMs [88]. The freshly isolated adult CM maintained its 

highly organized sarcomere system and grew perpendicular to fibers in the scaffold to minimize resistance 

to cell shortening. In contrast, the neonatal CM lacked an organized sarcomere system and thus developed 

sarcomeres perpendicular to the stress [88].  

Shifts away from pure PCL cardiac scaffolds to an amalgam of polymers containing gelatin, collagen, 

elastin, and PCL, aim to combat the shortcomings of pure PCL [92]. A core/shell electrospun scaffold 

composed of a gelatin shell and a PCL core by Kai et al. exhibited improved CM maturity compared to 

pure PCL scaffolds [89].  M’s on the   L/gelatin scaffolds upregulated troponin-T (cTnT) and α-actinin 

with a highly organized striated structure compared to the PCL scaffold [89]. Improved expression of CM 

markers further emphasizes the benefits of incorporating natural polymers into cardiac scaffolds. Liu et al. 
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also found a beneficial effect on cellular attachment, proliferation, and elasticity [92]. Within a mouse 

animal model, the area of the defect was significantly decreased by the composite scaffold [92]. The 

mechanical properties improved by incorporating these natural polymers to more than 50% natural polymer 

concentration [92]. The beneficial effects of the scaffolding were enhanced further with the incorporation 

of seeded cells on the scaffold compared to the acellular scaffold [92]. The ejection fraction, fractional 

shortening, and wall thickness significantly improved compared to non-blended scaffoldings [92]. 

Improvements to   L’s conductivity have also been tested to account for the electrical impulses the heart 

produces. Borriello et al. improved the conductivity by including polyaniline (PAni) [93]. The PCL: PAni 

(90%:10%) produced a scaffold with 1E-5 S/cm, improving cell signaling in the scaffold for better 

contractile strength [93]. Cardiomyocyte growth on the conductive scaffolding was significantly higher 

compared to the non-conductive scaffolding [93]. O. Gil-Castell et al. fabricated a PCL/Gelatin/PAni 

fibrous scaffold and investigated the effects on cardiomyocyte behavior [90]. The CM exhibited greatly 

improved proliferation in the high gelatin composition, further improved by incorporating PAni [90]. 

Cardiomyocytes grown on the PCL/Gel/PAni scaffold exhibited propagated beating on the scaffolds, with 

cells congregating around the PANi nanoparticles dispersed throughout the scaffold [90]. Consistently 

composite PCL-based scaffolds exhibited significantly improved growth and repair of the infarcted tissue, 

supporting the rationale for developing composite biomaterials. 

1.4.2 Poly (lactic-co-glycolic acid) 

Another popular polymer used as a cardiac scaffold material is poly (lactic-co-glycolic acid) (PLGA). 

PLGA is a block copolymer that is biodegradable, biocompatible, and customizable, made of poly(lactic 

acid) (PLA) and poly(glycolic acid) (PGA) [94]. Another benefit of PLGA is its acceptance of biomedical 

devices in clinical application by the US Food and Drug Administration (FDA). A change in ratios between 

the block copolymer enables tunable mechanical properties of the scaffold without additives. PLGA is 

typically synthesized via ROP, opening the cyclic dimer rings of D, L-lactide, and glycolide; altering the 

ratio of monomers is how different PLGA compositions are made [95]. The relatively low hydrophilicity 
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paired with an absence of recognition sites for cells limits its cellular affinity [96]. Chen et al. fabricated 

micro-patterned films of PLGA to investigate CM behavior with electrical stimulation [97]. Grooved PLGA 

films organized CM growth; the production of ECM was parallel to the grooves, and electrical stimulation 

upregulated connexin-43 (Cx-43) expression throughout the scaffold [97]. Adding gelatin functionalized 

by adenosine improved  LGA’s cellular affinity and wound healing [98]. The hybridized scaffolds had 

lower levels of inflammation, with a significant decrease in inflammatory cell infiltration [98]. After three 

months, scaffoldings scaffolds were highly cellularized, with no indication of fibrosis from scaffold 

implantation [98]. Yu et al. functionalized a PLGA scaffold with peptides for cellular attachment [99]. 

Cellular attachment to the peptide-treated scaffolds was significantly enhanced with striated α-actinin and 

improved contractibility [99]. The laminin-coated scaffold and YIGSR functionalized scaffolds had a 

higher degree of synchronized beating, and the beating was consistent over two weeks compared to the 

non-functionalized scaffolds [99]. Li et al. further augmented PLGA using a co-electrospinning technique 

of gelatin and elastin with PLGA  [100]. Composite scaffolds exhibited improved cardiomyocyte 

proliferation and cellular penetration into the scaffold [100]. Prabhakaran et al. explored hybridized natural 

and synthetic polymer blends with collagen and PLGA [101]. The composite scaffolds upregulated striation 

of α-actinin compared to pure PLGA scaffolds, and the presence of Cx-43 was similarly upregulated in 

hybrid scaffolds [101]. The results of hybridized scaffolds indicate mature ECM development and improved 

cell proliferation. Mature ECM development is likely due to incorporating binding sites on the natural 

polymers and receptor-mediated intracellular processes from cell binding to these binding points [74, 99, 

102]. Stout et al. improved the conductivity of scaffolds via blending carbon nanofibers with PLGA [103]. 

There was vastly increased conductivity and improved cytocompatibility [103]. Conductive scaffolds also 

exhibited higher cell density compared to their non-conductive counterparts. Hsiao et al. blended PLGA 

with PAni as a conductive scaffold for cardiomyocyte growth [104]. Cells cultured on the conductive 

scaffolds upregulated Cx-43 and cardiac troponin-I (cTnI) compared to the non-conductive scaffolds [104]. 

Upregulation of Cx-43 improved cell-to-cell communication beaause it is a critical protein in gap junction 

formation [104]. This was further validated by the synchronous beating of cells on the conductive scaffolds 
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[104]. Lesman et al. fabricated a PLGA: PLLA porous scaffold [105]. A tri-culture on the scaffold was 

capable of synchronous beating [105]. Transplanted scaffolds in hearts exhibited improved vascularization 

in the defect [105]. Vascularization within the scaffolding could integrate with the host’s vascular post-

implantation. Results of the examined literature highlight the importance of investigating polymeric blends 

to overcome weaknesses in current biomaterials. 

1.4.3 Poly (glycerol sebacic acid) (PGS) 

PGS is a synthetic, elastic, and crosslinked polymer that is attractive due to the control over the 

mechanical parameters and degradability through varying glycerol and sebacic acid [106]. The typical 

synthesis of PGS occurs by two-step synthesis through polycondensation and crosslinking [107-109]. It has 

similar mechanical properties to the myocardium, making it a perfect candidate as a cardiac scaffold. 

Engelmayr et al. made a patterned PGS scaffold with a laser [110]. The laser-patterned scaffold exhibited 

anisotropic behaviors and improved the alignment of cardiomyocytes [110]. Marsano et al. produced a PGS 

scaffold loaded with vascular endothelial growth factors that improved cardiac function [111]. Implanted 

scaffolds improved the vascularization of the defect after four weeks [111]. Improved ventricle wall 

thicknesses were noted, with thickening prevalent in scaffolds seeded with rat cardiomyocytes [111]. 

Hybridized scaffolds have also been extensively investigated with PGS-based scaffolds [112, 113]. 

Kharaziha et al. made an aligned nanofibrous scaffold of PGS and gelatin [112]. The CMs on PGS/gelatin 

scaffolds had enhanced synchronous beating. The upregulated expression of troponin-I (cTnI) and Cx-43 

suggested gap junction formation [112]. The incorporation of gelatin into scaffolds led to higher elastic 

moduli, corresponding to the improved maturity of CMs on the scaffold [112]; utilizing a core-shell 

fabrication method, Ravichandran et al. generated nanofibrous PGS/fibrinogen scaffolds [113, 114]. CM 

behavior on their scaffolds revealed improvements in ECM production, with α-actinin forming striated 

bands, upregulation of β-myosin heavy chain (β-MHC), cTnT, and Cx-43 [113]. The upregulation of Cx-

43 led to better functional activity via the increased formation of gap junctions [113]. Implanted scaffolding 

seed with mesenchymal stem cells exhibited improved left ventricle function compared to the sham [114]. 
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The presence of cardiac markers within the scaffolding indicated improved differentiation of cells due to 

scaffolding. Ravichandran et al. also investigated a PGS/collagen core/shell scaffold as a potential cardiac 

scaffold [109]. Core/shell scaffolds improved cellular adhesion and proliferation of CM compared to its 

pure collagen counterpart [109]. Similarly, co-culturing with human mesenchymal stem cells improved the 

cardiogenic marker expression on the scaffolds (α-actinin, cTnT) [109]. 3D immunofluorescence imaging 

showed enhanced cell penetration throughout the PGS/Collagen scaffolds compared to pure collagen 

scaffolds, reinforcing the benefits of hybridized scaffolds [109]. Chen et al. made a PGS scaffold laden with 

stem cells, producing active beating cells [115]. Implanted scaffolds maintained their structure over two 

weeks, with no detrimental impact on cardiac function. Improvements to  GS’s conductive properties have 

been investigated by Zanjanizadeh et al., producing a PGS/collagen/polypyrrole (PPy) scaffold capable of 

drug release [116]. The scaffold exhibited long-term drug release with no burst release and increased 

proliferation of cardiomyocytes over 21 days. Hu et al. improved conductivity incorporating aniline trimer 

(AT) into their film casted PGS scaffolds [117]. PGS-AT films improved cell proliferation compared to 

TCP, and upregulated α-actinin and Cx-43 [117]. Grooved films improved striation of ECM archicture 

[117]. Functional testing of CMs on scaffolds showed synchronized calcium transients and beating 

throughout scaffold and an increase in intracellular calcium [117]. Fakhrali et al. improved the conductivity 

of their PGS/PCL scaffold by incorporating graphene into their scaffold [118]. Graphene containing 

scaffolds improved cell migration into the scaffold compared to the nonconductive scaffolds, similarly 

proliferation was also improved in the presence of graphene [118]. The inclusion of graphene also improved 

cell viability, with 1% (w/w) showing the best viability [118]. Improvements to PGS through blending of 

various polymers has consistently led to more developed CMs compared to pure polymeric scaffolds, 

continuing to prove more material blends need investigating. 

1.4.4 Polyurethane 

Polyurethane is one of the most investigated polymers in cardiac repair, with a variety of types of 

biodegradable polyurethanes, such as poly (ester urethane urea) (PEUU), poly (carbonate urethane) urea 
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(PCUU), and poly (ester carbonate urethane) urea (PECUU) [119-122]. PU is often used due to its durable 

elastic mechanical properties and biocompatibility [123]. The wide variety of types of PU attracts attention 

for its cardiovascular applications. Varying types of PU allow for highly tailored chemical and physical 

properties. Like other synthetic polymers, poor hydrophilicity and lack of natural binding sites for cells are 

drawbacks. Studies aimed at overcoming its follies have been done. PU and silk fibroin blends were 

fabricated, and results indicated improved gene expression in maturing cardiomyocytes while maintaining 

good mechanical properties [124].  ’Amore et al. investigated a bi-layered PU scaffold with an ECM 

hydrogel [125]. The bi-layered scaffold exhibited thicker ventricle walls in the defect area compared to 

pure PU and sham treatments. Treated groups had lower end-systolic and end-diastolic areas than the 

untreated groups. Porous scaffolds composed of PU and PCL were investigated by Asadpour et al. and 

showed improvements in metabolic activity of the CMs compared to control scaffolds [126]. The PU-PCL 

scaffold upregulated α-actinin, cTnT, Cx-43, and cytoplasm distribution of Gata4 compared to the control 

group [126]. Hashizume et al. investigate the variety of types of PU, varying in degradation rates [127]. 

The PECUU treated group, with the longest degradation time, had significantly better cardiac output. 

Elastin content in the defect site was measured, showing increased elastin in the PECUU scaffold, 

improving the elasticity of the infarcted heart. Left ventricle wall thickness was improved across all PU 

scaffolds compared to the sham treatment. Functionalization of PU scaffold surface with laminin-1 was 

investigated [128]. Implanted scaffolds exhibited improved infiltration by host cells. No signs of an 

inflammatory response to implantation were noticed either. Tao et al. implanted their PU reinforced fibrin 

scaffold into rat models to explore ventricle replacement [129]. Vascularization of the implanted scaffold 

was measured with α-smooth muscle actin (α-SMA) with both cell laden and acellular implants exhibiting 

no significant difference in expression of α-SMA, with a significant increase in capillary presence with the 

expression of vWF in the cell laden implant [129]. Inflammatory response of leukocyte infiltration due to 

implantation of the scaffold was significantly decreased in the pre-vascularized scaffolds compared to the 

acellular scaffold group, with a significant increase in M2 macrophage infiltration in the cell-laden scaffolds 

[129]. Vascularization of the implanted scaffold has shown improved integration with host tissues through 
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paracrine signaling of angiogenesis, preventing apoptosis of cardiomyocytes from preserving their 

contractile strength [129]. Improvements to  U’s cell adhesiveness were explored by Carson et al. by 

functionalizing PU with RGD peptides and how nano-topography affected cellular behavior [130]. 

Scaffolds treated with RGD exhibited similar cellular adhesion as those treated with fibronectin, and 

scaffolds with grooves at 800 nm spacing exhibited the highest cell area coverage [130]. The ECM produced 

by cultured cells on the 800 nm spacing exhibited mature markers compared to other patterned scaffolds 

[130]. Improvements in  U’s conductivity have also been investigated, a blend of PU and graphene was 

made, and results indicated vastly improved conductivity of doped scaffolds compared to pure PU [131]. 

Ganji et al. improved conductivity with gold nanotube/ nanowires [132, 133]. The porous scaffolds were 

made via salt leeching upregulated ANF, Nkx2.5, Mef2c, and NPPB expression of the CMs [132, 133]. The 

CMs were subjected to electrical stimulation, improving the organization of the seeded cells to align with 

the direction of the current [133]. Baheiraei et al. investigated PU/siloxane as a conductive medium for CM 

growth [134]. PU/siloxane scaffolds upregulated Cx-43, cTnT, and SERCA of CMs compared to tissue 

culture plastic (TCP) cultures [134]. Cell clusters on scaffolds were able to communicate with other clusters 

utilizing the conductive medium of the scaffold, allowing for improved cell-to-cell communication [134]. 

The development of stimuli-responsive PU has seen application as a cardiac scaffold. Yao et al. synthesized 

a reactive oxygen species (ROS)-sensitive PU for drug release in the infarcted tissue [135]. ROS responsive 

scaffolds exhibited improved vascularization in the scaffold and enhanced cardiac function compared to 

the no-treatment group. LV remodeling was limited in the scaffold treated groups compared to no treatment, 

with a decreased presence of fibrotic tissue. Ahmadi et al. explored a polymeric blend of PU/Chitosan and 

carbon nanotubes, investigating the effects of incorporating both natural polymers and conductive doping 

agents to cardiac scaffolds [136]. The seeded CMs exhibited further improved proliferation on the 

conductively doped scaffolds compared to the PU/Chitosan scaffolds, lending evidence that electrically 

conductive environments improve CM growth [136]. Consistently literature has shown that amalgamations 

of natural and synthetic polymers have enhanced the therapeutic effects of scaffolds on limiting ventricular 

remodeling post-ischemic heart injuries. 



 

20 

 

1.4.5 Polyethylene glycol 

Another investigated polymer for cardiac tissue engineering is polyethylene glycol (PEG) [137]. It is 

desirable for research due to its nontoxic, non-immunogenic, and non-antigenic properties and its FDA 

approval [137, 138]. Often PEG was investigated as coatings aimed at modulating surface properties of 

materials; expanding upon this, and it is now used to help modulate cell interactions with the surface of 

scaffolds [137, 139]. Kim et al. investigated nanostructured PEG-dimethacrylate (DMA) hydrogel coated 

with collagen as a medium to culture functional 3D cardiomyocytes that can be removed and used as 

implanted cell sheets [89]. The cardiomyocytes on the patterned substrate exhibited improved functionality 

with increased beating speeds compared to cells grown on flat plates [89]. The patterned cultured CMs 

action potential threshold was decreased, leading to more robust beating properties [89]. Contractile forces 

on the patterned substrates were weaker than the flat controls due to the weaker cell binding [89]. Utilizing 

  G’s ability to functionalize materials, a   G-fibrinogen hydrogel was investigated by Kerscher et al. 

[140]. The inclusion of PEG into fibrinogen hydrogels modulated the degradation rate and developed an 

environment that promotes migration into the structure; the fabrication method allowed for the direct 

encapsulation of hiPSC-CM into their scaffold for unformal distribution [140, 141]. The 3D culture 

environment created by the hydrogel could form spontaneous uniform contractions by upregulating 

peripheral Cx-43 expression of seeded cells [141]. Similarly, early cardiac cell markers like β-MHC and 

cTnT were upregulated in the PEG-fibrinogen scaffolds, forming mature structured sarcomeres [141]. 

Laura R. Geuss et al. also investigated PEG-fibrinogen hydrogels with HL-1 cells to examine how cardiac 

function was impacted by the scaffolding [142]. The study compared 2D and 3D culturing and explored 

how layering 2D cultures affected functionality. Studies indicated improved maturity of cell behavior in 

scaffolds that were mechanically compliant, with 2D cultures having the best contractile profiles [142]. The 

3D culture exhibited less functionality than 2D cultures due to cell aggregation and poor structural 

hierarchy; with stacked 2D cultures, a 3D culture could be made without any impact on contractile 

functionality [142]. Another approach to hybridization with PEG is poly (lactic acid) (PLA)-PEG-collagen 

fibrous scaffold produced by Cesur et al. [143]. Fibrous scaffolds were nanofibrous to the near nanofibrous 
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range to organize the seeded cells for consistent contractions [143]. High levels of PEG in the scaffolds 

negatively impacted cell viability, with the majority of effects on cardiomyocyte behavior impacted by 

collagen content [143]. The change in mechanics of the scaffold for more elastic and compliant parameters 

led to improvements to cellular maturity [143]. Research focused on conductivity improvements, like with 

other polymers, and has been investigated with PEG. Basara et al. 3D printed Ti3C2Tx MXene-PEG 

hydrogel, and the inclusion of Ti3C2Tx MXene into PEG based hydrogel improved the maturity of cultured 

hiPSCs [144]. Cells cultured on patterned conductive scaffolds upregulated cardiac markers such as 

myosin-7 (MYH7), troponin T2 (TNNT2), and Cx-43 compared to control scaffolds [144]. Upregulation 

of Cx-43 indicates the formation of gap junctions in the scaffold correlating to the mature beating pattern 

expressed by the conductive scaffolds [144]. Dobner et al. explored a PEG hydrogel in a rat animal model 

to examine the in vivo effects a non-biodegradable scaffold had on remodeling of the heart post MI [145]. 

Treatment with PEG hydrogel delayed LV in the animal model initially with remodeling occurring 3 months 

after induction of MI and treatment [145]. Animals treated with PEG maintained a thicker ventricle wall 

for four weeks before thinning occurred [145]. The suspected cause for delayed adverse remodeling is due 

to the delayed buildup of stresses on the cardiomyocytes in the border zone of the PEG scaffold [145]. 

Literatures continuously show beneficial effects of CM behaviors with scaffolds that were hybridized or 

blended with bioactive or conductive materials. These results re-enforce the boon of hybridization of natural 

and synthetic polymers. 

1.4.6 Decellularized Extracellular Matrix 

Examining cardiomyocytes' growth and development displays the importance of physiological, 

biological, and electrical cues to arrive at mature functioning tissues. The existing ECM in the heart 

provides the proper biological and physiological cues, leading researchers to explore the incorporation of 

native ECM into cardiac scaffolds. Some studies have focused on basing their scaffolds on decellularized 

slices of cardiac ECM or through digestion of cardiac ECM to form hydrogels. An ECM-chitosan construct 

was investigated by Pourfarhangi et al. [146]. Human cardiac progenitor cells (hCPCs) exhibited improved 
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proliferation on ECM-containing scaffolds compared to the control [146]. Cell growth was shown to be 

impacted by the mechanical characteristics of the scaffolding, with more robust scaffolds having improved 

growth [146]. Pok et al. investigated an earlier iteration of an ECM-chitosan hydrogel as a basis for a full-

thickness heart scaffold [147]. ECM-containing scaffolds significantly increased the attachment of seeded 

cells compared to pure gelatin scaffolds, and important cardiac proteins myosin-6 (MYH6) and Cx-43 were 

significantly upregulated [147]. Upregulation of Cx-43 led to ECM-containing scaffolds exhibiting higher 

conduction velocities and contractile stresses, indicating the maturity of seeded cells [147]. Another 

approach with decellularized ECM has been using it directly as a scaffold; one such study from Wang et al. 

investigated seeding bone marrow mononuclear cells on a slice of decellularized porcine myocardium [75]. 

Cardiac markers such as α-actinin, MHC, and cTnT were upregulated by the cells after seeding the scaffold. 

Cells were also shown to have penetrated deep into the scaffold [75]. Interestingly, scaffolds also indicated 

vessel formation throughout the study, with vessel-like structures seen throughout the scaffold [75]. 

Investigations of decellularized porcine ECM have progressed to animal studies to assess in vivo efficacy 

of such scaffolds [148]. Shah et al. implanted their decellularized porcine ECM into rat MI models over 4 

weeks to assess impacts on cardiac function [148]. The originally non-populated scaffolds exhibited high 

host cell infiltration over 4 weeks, forming new vessels into the scaffold [148]. Sundaramurthy et al. 

investigated a catheter-deliverable ECM hydrogel in rat models [149]. Rat groups treated with the ECM 

hydrogel exhibited increased CM islands in the infarcted area and improved LV function. [149]. These 

promising results led the same group to investigate a porcine model. Seif-Naraghi et al. implemented the 

injectable ECM hydrogel in a porcine MI model examining heart functionality, building upon their rat 

model results [150]. Treatment with injected ECM hydrogel exhibited an improved significant increase in 

vascularization into the infarcted area and a significant increase in cardiac muscle area three months after 

treatment [150]. The echocardiographic global wall motion index measured the functionality of infarcted 

hearts, typically used as an indicator of mortality post-acute myocardial infarction; with a significant 

increase in hydrogel-treated pigs, the best indicator of heart repair was the average decrease in end-systolic 

volume [150]. Testing of vascularizing whole hearts has also been attempted in a few studies [151, 152]. 
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Carvalho et al. used iPSC to vascularize a whole rat heart with some notable success [151]. The seeded 

cells exhibited an upregulation of cardiac marker genes compared to the cells seeded on Matrigel, along 

with improvements in cell proliferation [151]. A loss of pluripotency on the seeded cells is indicated to 

promote desired differentiation and reduce the chance of teratoma formation [151]. Guyette et al. similarly 

explored whole heart revascularization using human hearts [152]. Initial results examining populating strips 

of myocardium yielded promising results with hiPSCs, with constructs spontaneously beating within 4 to 7 

days of culturing and upregulation of typical cardiac gene markers [152]. The construct could be reasonably 

paced with 1 Hz or 2 Hz, with immunofluorescent staining revealing well organized striated sarcomeres 

[152]. Whole heart revascularization was carried out in a custom whole heart bioreactor, providing 

perfusion and mechanical stimulation simultaneously; metabolic measurements taken during the study 

revealed ongoing metabolic activity, with a decreased presence of glucose and an increase in lactate 

formation [152]. Contractions were measurable across the whole heart, detected by the depolarization that 

occurred throughout the heart [152]. A clinical study of MI patients treated with an injectable ECM 

hydrogel has been carried out by  hristman’s group [153]. In this study, determining efficacy was not the 

focus, with Traverse et al. noting no adverse responses to injection of hydrogel [153]. The only examination 

of efficacy was noted by the 6 minute walk test, noting the hydrogel treated group exhibited significantly 

longer distances 3 and 6 months after operation compared to the control [153]. Overall, the current ongoing 

experimentations with decellularized native ECM indicate a distinct boon from the incorporation of such 

materials into cardiac scaffolds. These results drive the need to further explore ECM incorporation into 

future scaffold development. 

1.4.7 Other Biomaterials  

While many more blends of materials deserve their dedicated section, it is nearly impossible to 

encompass all studies in detail. As such, this section aims to glance at various researched material blends 

to detail further the benefits of hybridization and doping that were explored for cardiac tissue repair. 

Kerscher et al. explored a gelatin methacryloyl hydrogel for cardiac tissue engineering by directly capturing 
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hiPSC-derived CM [154]. Captured cells upregulated various cardiac gene markers such as Cx-43, cTnT, 

and β-MHC; this led to improved contraction patterns through the scaffold [154]. Captured cells underwent 

morphological changes over the culture period, producing elongated actin filaments and larger nuclei, 

which were expected trends as the hiPSC differentiated into cardiomyocytes [154]. Extrinsic stimulation of 

cell-laden scaffold affected beating patterns similarly across all tested scaffolds, indicating a well-

interconnected tissue formation with reliable cell-to-cell communication throughout the scaffold. Two other 

groups exploring gelatin-based scaffolds doped their gelatin scaffolds with GO or rGO to improve the 

mechanics and conductivity of scaffolds for improved beating patterns of seeded CM [155, 156]. Zhang et 

al. fabricated GO-doped gelatin hydrogels on patterned surfaces to produce scaffolds organizing seeded 

cells into a unidirectional arrangement [155]. Gel-GO patterned scaffolds exhibited upregulated expression 

of cTnT and Cx-43 compared to other scaffolds; improvements in α-actinin and sarcomere striation were 

most notable in the patterned Gel-GO scaffolds [155]. The beating velocity of contracting scaffolds was 

highest in the patterned Gel-GO scaffold indicating the alignment and improved conductivity from GO 

doping positively impacted tissue functionality [155]. Fibrinogen is another commonly explored 

biomaterial in cardiac scaffold literature [157]. Fibrinogen is a blood-borne glycoprotein that plays a vital 

role in the blood clotting process; fibrinogen is enzymatically cleaved by thrombin and converted to fibrin, 

with its high compatibility and biodegradability are what have motivated exploration as a biomaterial [158]. 

P. Balasubramanian et al. made a fibrinogen/gelatin (fib/gel) nanofiber scaffold via electrospinning to 

explore its viability as a biomaterial for myocardial regeneration [157]. The mechanics of various scaffolds 

fib/gel (2:3), fib/gel (1:4), and pure fibrinogen indicated increased failure stresses and strains in the fib/gel 

(1:4) scaffold. Scaffolds composed of fib/gel (1:4) also exhibited the best cardiac marker expression of α-

actinin and cTnI compared to the pure fibrinogen samples. Indicating the mechanics' effects on influencing 

cardiomyocyte behavior [157]. Cell proliferation on scaffolds revealed a significant increase in growth on 

fib/gel (1:4) compared to the pure fibrinogen scaffold, indicating that gelatin played a part in cell adhesion 

and growth [157]. Silk fibroin (SF) has also been investigated as a scaffolding material [159, 160]. SF is 

most known for its use in the textile industry as silk, dating back thousands of years. More recently, its use 
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has expanded past textiles into biomaterial research due to its availability, biocompatibility, and mechanics 

[161]. Yang et al. produced an SF-HA scaffold composed of compressed spray dried beads and seeded with 

rat mesenchymal stem cells (rMSCs) with CD44 surface markers to see if cardiac marker expression of 

cells could be achieved [160]. The positively stained CD44 was associated with improved cardiac 

expression, with CD44 blockage treatment significantly decreasing the amount of cardiac differentiation 

occurring [160]. The SF-HA scaffolds exhibited statistically upregulated Tnnt2, Nkx2.5, and Actc1 

expression compared to pure SF scaffolds when induced with 5-aza [160]. The results continue to suggest 

that biomaterial blending is beneficial in most cases and the importance of cell membrane interactions on 

proper differentiation and growth [160]. A more complex SF scaffolding blend was fabricated via 

electrospinning [159]. The scaffold was composed of SF/PLA fibrous base loaded with carbon quantum 

dots (CQDs); the CQD-loaded scaffolds improved CM elongation compared to the control and improved 

Cx-43 presence seen on staining [159]. Improved maturity of developing CMs was noted through improved 

calcium management, which was further validated by ATPa2a expression [159]. As shown throughout the 

literature, advancements in biomaterials have consistently led to improved CM development and 

functionality. 

1.5 Knowledge Gap on Cardiac Tissue-Focused Biomaterials and Rationale for 

Dissertation Research 

Biomaterials are one of the critical components in the creation of tissue engineering scaffolds. The vast 

number of materials to choose and mix between leaves a near-infinite number of possibilities of potential 

biomaterials to explore. Tailoring a biomaterial toward myocardium regeneration has various mechanical 

and biochemical requirements. Biodegradable polyurethane (PU) is a synthetic polymer with a history in 

cardiac tissue engineering research [162-164]. PU is investigated mainly as a possible biomaterial due to 

its elastic and sturdy mechanical properties. The heart, a soft tissue, exhibits viscoelastic properties; 

viscoelasticity refers to the material property that has both viscous and elastic behavior in response to 

mechanical loading [165]. The extracellular matrix structure allows for elongation of the tissue with little 
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to no deformity, enabling the heart to resist fatigue from cyclic stretching [166]. The continuous beating 

the heart undergoes applies constant cyclic extension to the ECM. If the biomaterial used in cardiac 

scaffolds were not elastic, scaffolds would be prone to deformation and failure caused by contractions. Stiff 

material cannot respond to changing pressures failing to provide proper support. Similarly, high pressure is 

exhibited in the heart due to the pumping of blood [166]. Scaffolding made of biomaterials incapable of 

withstanding high pressures is inadequate for structural support. An effective biomaterial needs physical 

similarities. 

An essential aspect of biomaterials for tissue engineering is the interactions between seeded cells and 

the scaffold materials used. In the previous sections, a detailed examination of various commonly used 

biomaterials was undertaken; these results and more were condensed into Table 1.1 to evaluate CMs 

behavior in response to the variety of biomaterials used as scaffolding. Synthetic polymers often lack 

critical binding sites for various cell types, with an emphasis on CMs, leading to poor performance of the 

materials. Adding bioactive components into synthetic polymers has improved cell growth and 

differentiation [128, 167]. As discussed in the previous sections and Table 1.1, the inclusion of bioactive 

components positively influenced CM growth and maturity. Scaffolds incorporating some natural polymer 

exhibited upregulation of early  M markers such as cTnT, cTnI, α-actinin, and Cx-43 [97, 104, 168-170]. 

Incorporating elements found in the native ECM in scaffolds allows cells to grow in an environment 

closer in biological and physiological nature like the native ECM. The ECM in cardiac tissue comprises a 

lattice-like network of structural proteins and biomolecules encompassed by a glycosaminoglycan (GAG) 

and proteoglycans gel [171]. Extensively in literature, results of hybridized scaffolds strongly suggest 

improvements to cell adhesion and proliferation compared to purely synthetic polymeric scaffolds [97, 104, 

168-170]. The natural polymers have binding spots that CMs can bind to, whereas synthetic polymers lack 

binding sites [97, 104, 168-170]. Natively, cardiomyocytes interact with the surrounding collagen network 

via integrins [171]. Integrins are signal mechano-transducers that receive physiological cues to control cell 

growth and differentiation [15]. While the exact mechanism of how integrating natural polymers into 
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scaffolds improves CM differentiation, it can be reasoned that the cell's interaction with the myriad of 

structural proteins exhibits different signals on integrins [15]. Integrating these myriads of proteins and 

GAGs into a scaffold provides an extensive range of differentiation cues. Various studies working with PU 

have integrated components like collagen or, in one case, incorporated a bilayer of digested ECM. The 

literature on incorporating natural polymers into scaffolds provides clear evidence of the beneficial effects. 

However, these studies fail to address issues such as fostering a conductive environment for cell signaling 

[125, 172]. The electrical aspect needs to be incorporated into the developed scaffolds to mimic the natural 

environment of the heart. 
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Table 1.1: List of investigated biomaterials and their effects on cardiomyocyte behavior 

Fabrication Scaffold Morphology 
Material 

Composition 

Cell 

Line 
Observed Response Functional Result Reference 

Aligned ES 

Fibrous; Fiber Diameter: 

420 ± 370 nm; Fiber 

Spacing: 120 ± 70 nm 

PCL 

Neonatal 

and 

Adult 

Rat CM 

NRCM: Elongated parallel to fibers, Sarcomas 

perpendicular to fibers, exhibited larger aspect ratio; 

ARCM: aligned perpendicular to fibers, sarcomas were 

parallel to fibers, preserved aspect ratio 

Alignment improved organization of striation, 

reduced cell shortening 
[88] 

Random Coaxial ES 

Fibrous; Fiber Diameter: 

2.39 ± 0.66 µm; 

Porosity: 82.5 ± 6.2% 

PCL core, Gel 

shell 

hiPSC-

CM 

2D Culture: upregulation of SIRPA and ISL-1↑, MH 6, 

and TNNT2 ↑↑; 3   ulture: SIR A and ISL-1 ↑↑, 

MH 6 and TNNT2 ↑ 

Spontaneous macroscopic contractions in both 2D 

and 3D cultures Improved Cardiac Progenitor 

associated gene expression in 3D compared to 2D, 

3D culture closer mimics in vivo mechanisms 

[168] 

Random and 

Aligned ES 

Fibrous; Aligned: Fiber 

Diameter: 269 ± 33 nm; 

Random: 236 ± 37 nm 

PCL/Gel blend; 

50:50 Blend 

Rabbit 

Primary 

CM 

The gel-containing fibers had improved CM growth and 

attachment, CM's organized, aligned fiber direction, 

better alignment in PCL/Gel than PCL fibers, alpha- 

ACT and TP-T were directionally organized on aligned 

fibers, and Greater Cell spread on PCL/Gel compared to 

PCL scaffolds 

Aligned: Striated and organized sarcoma formation, 

better expression of striation in PCL/Gel Blends 

compared to PCL fibers 

[89] 

Melt-based Electro-

hydrodynamic 3D 

Printing 

Grid Patterned; Filament 

Width: 18.4 ± 3.4 µm; 

Filament Height: 396 ± 

8.3 µm 

PCL/MWCNT 
Rat CM, 

H9C2 

No significant difference in proliferation between PCL 

and PCL/MWCNT scaffold 

Short term study with PCL/MWCNT exhibited no 

significant adverse effects of MWCNT on cell 

growth 

[173] 

Melt-based Electro-

hydrodynamic 3D 

Printing 

Micro-lattice; Layer 

Height: 200-800 µm 
PCL/Collagen 

Rat 

primary 

CM, 

H9C2 

CMs could align themselves in a collagen matrix, 

Upregulated α-actinin, and Cx-43; each layer can be 

independently aligned in different directions, Exhibiting 

a mature CM phenotype. 

CMs exhibited synchronized beating on each layer; 

Consistent ~120Bpm was exhibited throughout the 

8-day culture 

[169] 

Random ES 
Fibrous; Fiber Diameter: 

<300 nm 

PCL/GEL/PAni

; 50:50 Blend, 

1% wt PAni 

Rat HL-

1 

Cardiomyocyte proliferation increased with increased 

Gel concentration, PAni doping exhibited improved 

proliferation at a high level of Gel concentration, and 

Improved cell spread in PAni containing scaffolds with 

clustering around PAni NP 

Cell clustering around PAni for successful beat 

propagation, non-significant stress factor release 

from higher gel composition. 

[90] 

Aligned ES 
Fibrous; Fiber Diameter: 

< 200 nm 
PLGA/PAni 

Rat 

Neonatal 

CM 

Upregulation of Cx-43 and cTnI, Increased protein 

absorption of positively charged scaffold surface, and 

Improved cell adhesion with electrical doping of 

scaffold. 

Synchronized cell beating in the high-conductivity 

scaffold, organized cell orientation and beating due 

to aligned fibers and elongated cells. 

[104] 

Random ES 
Fibrous; Fiber Diameter: 

< 1000 nm 
PLGA/PRP 

hiPSC-

CM 

Upregulation of Gata4 and troponin-T in PLGA/PRP 

scaffolds, upregulation of MLCA2, ANF, and MLC2V, 

and alpha-tubulin increased on PLGA/PRP compared to 

PLGA scaffold 

PRP acted as a growth factor release for improved 

cardiomyocyte growth and proliferation 
[170] 

Film Casting 

Grooved Film; Width x 

ridge width x groove 

depth: 15 x 5 x 6 um 

PLGA 
hESC-

VCM 

Upregulation of Cardiac troponin-T in PLGA grooves, 

F-actin expression and ECM production parallel to 

grooves, wide dispersion of Cx-43 expression 

Synchronized cell beating and grooved scaffolds 

had a more stable and reliable response to 

premature electrical stimulation. 

[97] 

Aligned and 

Random ES 

Fibrous; Fiber diameter: 

500-800 nm 

PLGA-

RGD/YIGSR 

Rat 

Primary 

Cardiom

yocytes 

α-actinin and f actin striation on Laminin coated, and 

PLGA-YIGSR functionalized scaffolds, Cells grew 

elongated and parallel on the aligned scaffold, Positive 

Yellow N-cadherin found on laminin-coated and PLGA-

YIGSR scaffolds, ANF, β-tubulin, and α-MHC 

upregulated on PLGA-YIGSR scaffold 

Synchronized beating in all functionalized PLGA 

scaffolds, a higher degree of synchronized beating 

in aligned scaffolding, and long-term consistent 

beating speed in laminin-coated and PLGA-YIGSR 

scaffolds compared to other scaffolds after 2 weeks. 

[99] 
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Random ES 
Fibrous; Fiber Diameter: 

300 - 800 nm 

PLGA/Collage

n 

Mouse 

ESC 

Striated  attern of α-actinin more visible on PLGA/Col 

scaffold than PLGA scaffold, Expression of Cx-43 

upregulated on PLGA/Col compared to PLGA and TCP, 

Spindle like CM morphology present in PLGA and 

PLGA/Col scaffolds. 

The beating of CM cultured on PLGA/Col 

scaffolds, differentiation into cardiomyocytes from 

embryonic stem cells. 

[101] 

Film Casting 

Grooved Film; 

Groove/Ridge: 50/50 um 

and 50/100 µm 

PGS/AT 
Rat CM, 

H9C2 

PGS-AT scaffolds exhibited improved proliferation, 

Upregulation of α-actinin and Cx-43 on PGS-AT 

scaffolds, Well-formed cross-striated sarcomeric 

structure, highly organized cell structure on 50/50 um 

groove/ridge scaffold, Synchronized calcium transients 

on PGS-AT scaffold. 

Improved synchronized beating and more vigorous 

beating of CM on PGS-AT scaffold (Higher levels 

of intercellular Calcium), Improved maturity of CM 

grown on PGS-AT scaffolds compared to PGS 

scaffolds. 

[117] 

Random Coaxial ES 
Fibrous; Fiber Diameter: 

~1000 nm 

PGS/Fibrinoge

n Core/Shell 

Rat 

Neonatal 

CM 

Striation bands of actinin and phalloidin on 

PGS/Fibrinogen scaffolds, expression of the β-myosin 

heavy chain, improved expression of α-actinin, 

Troponin- T, and Cx-43 in PGS/Fibrinogen scaffold 

compared to TCP.  

Improved cell dispersity on the scaffold with 

PGS/Fibrinogen compared to Fibrinogen, Increased 

pore size from core-shell fabrication allowed for 

further penetration of CM, and Increased functional 

activity (gap junction formation) on 

PGS/Fibrinogen scaffold. 

[113] 

Aligned ES 
Fibrous; Fiber Diameter: 

< 400 nm 
PGS/Gelatin 

Rat CM 

and CF 

Cytoskeletal was more organized and developed in 

aligned fibers, thinner stress fiber formation in higher 

elasticity scaffolds, the sarcomeric organization in 

aligned fibers, homogenous distribution of gap junctions, 

and upregulation of Troponin I. 

More synchronized beating on the aligned scaffold, 

a higher rate of beating on the PGS:2Gelatin 

scaffold compared to all other scaffolds, and more 

elastic scaffolds exhibited more synchronized 

beating. 

[112] 

Random ES 
Fibrous; Fiber Diameter: 

< 500 nm 

PCL/PGS/Grap

hene 

Human 

CM 

Improved cell compatibility with graphene 

incorporation, increased cell viability with increased 

hydrophilicity of PGS inclusion. 

Cell proliferation increased with an increase in 

relative conductivity and improved cell adhesion 

due to hydrophilicity. 

[118] 

3D Printing 

Grid Pattern; Filament 

Diameter: 350 µm, 

Porosity: 56-60% 

PGS/PCL 
Rat CM, 

H9C2 

The slightly higher proliferation of CM in PGS/PCL 

scaffold compared to pure PGS or PCL scaffolds, 

upregulation of alpha-smooth muscle actin, upregulation 

of vascular formation in the PGS/PCL group, decrease in 

the rate of apoptosis of cells in PGS/PCL scaffold. 

Implanted PGS/PCL scaffold improved LV ejection 

fraction and decreased in the infarcted area. 
[174] 

Random Patterned 

ES 

Fibrous Grooves; Groove 

Spacing: 200 µm, 

Groove Depth: 10 µm 

PGS/PCL 

Rat 

Neonatal 

CM 

Upregulation of Cx-43 in evenly spaced grooved 

scaffolds compared to control improved sarcomeric 

striation in evenly spaced groove scaffolds. 

It improved cell-to-cell communication with a 

structured scaffold and synchronized beating due to 

improved cell-to-cell communication. 

[82] 

Random Coaxial ES 
Fibrous; Fiber Diameter: 

< 1200 nm 

PGS/Collagen 

Core/Shell 

Human 

MSC 

and 

Cardiac 

Cells; 

1:1 

seeding 

ratio 

Increase in proliferation and adhesion of cells on 

scaffolds compared to TCP and pure collagen scaffolds, 

Upregulation of α-actinin and cTnT in co-culture and on 

PGS/Collagen scaffold, Enhanced cell penetration into 

scaffold on PGS/Collagen. 

MSCs and cardiac co-culture increased cardiogenic 

marker expression, Increased cell fusion and cell-

to-cell interaction, and MSC production of 

cytokines for anti-inflammatory, anti-apoptotic, and 

upregulation of myoangiogenic differentiation. 

[109] 
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Random and 

Aligned 

ES/Electrospray 

Fibrous; Fiber Diameter: 

< 200 nm 

PU/Chitosan/C

NT 

Rat CM 

H9C2 

Improved proliferation on scaffolds containing CNT, 

aligned scaffolds exhibited a higher degree of 

organization than random. 

Anisotropic nature of scaffold improves 

cardiomyocyte organization; Conductive additive 

improves cell proliferation. 

[136] 

Salt Leeching 

Casting 
Porous; Pore Size: > 90% PU-GNT/NW 

Rat CM 

H9C2 

Cell alignment was significantly improved in GNT/NW 

scaffolds and upregulated ANF, Nkx2.5, Mef2c, and 

NPPB in PU-GNT/NW scaffolds. 

Electrical stimulation of scaffolds aided in cellular 

alignment and decreased the progression of 

hypertrophy. 

[133] 

Film Casting/Gell 

formation 
Thin Film/Hydrogel XSi-PU 

Rat CM, 

HL-1 

Upregulation of Cx-43, Troponin-T, and SERCA in XSi-

PU scaffolds compared to TCP, increase intracellular 

calcium concentration. 

Improved cell communication between cell clusters 

does not alter the intrinsic electrical characteristics 

of cells and improves cell-to-cell communication in 

the fibrotic area. 

[134] 

Salt Leeching 

Casting 

Porous; Porosity: 80-

95%, Pore Size: 80-200 

µm 

PU-PCL 
Rat CM, 

H9C2 

Increase in metabolic activity on PU-PCL (1:1) scaffold, 

Significant increase in proliferation of H9C2 (Ki67 

upregulated), Upregulation of alpha-actin, and more 

elongation of cells on PU-PCL scaffold, Upregulation 

and cytoplasm distribution of Gata4 in PU-PCL scaffold, 

and Upregulation of cTnI and Cx-43. 

Indications of more mature cell development on 

PU-PCL scaffold compared to other blends, Cells 

exhibited gene expression that mimicked normal 

cells rather than hypertrophic, increased 

differentiation into a cardiomyocyte. 

[126] 

Random and 

Aligned ES 

Fibrous; Fiber Diameter: 

< 400 nm 
PU-rGO 

Mice 

skeletal 

muscle 

satellite 

cells 

Upregulation of Troponin-I in aligned PU-rGO scaffold, 

Cell more organized on aligned scaffolds. 

The better expression of cardiac gene markers in 

aligned PU-rGO scaffold. 
[175] 

Mold UV Curing 
Grooved; Groove Width: 

350 – 2000 nm 
PUABP-RGD 

hiPSC-

CM 

Sarcomere lengths in 800 nm grooves are similar to 

mature sarcomere lengths, improved proliferation in 800 

nm grooves, significantly improved cell organization in 

800 nm grooves, and similar binding affinity to the 

fibronectin-coated scaffold. 

Improved cell ECM maturity due to topographic 

features and quickened maturity of ECM improves 

viability as stem cell-based cardiac therapy. 

[130] 

Mold UV Curing 

Nano-pillars; Height: 400 

nm, bottom diameter: 

150 nm, top diameter: 50 

nm 

PEG-DMA Rat CM 

Cells on the nanostructured scaffold grew in a 3D 

structure, while control and bare PEG had flat 

morphology, decreased bpm compared to control, 

increased cell proliferation compared to bare PEG, larger 

action potentials on the nanostructured scaffold 

Improved cell morphology from 3D growth, 

improved contractile parameters on structured 

scaffold due to robust action potential, weaker 

beating compared to control due to weak adhesion 

to nanostructures. 

[137] 

Film Casting Flat Film PPy-PCL 
Rat CM, 

HL-1 

Expression of Cx-43 on peripheral cells in PPy-PCL 

scaffold compared to PCL scaffold, increase in calcium 

transient wave velocity in PPy-PCL scaffold, non-

significant expression of Cx-43 in PPy-PCL compared to 

PCL scaffold. 

Improved maturity of electrical propagation due to 

improved gap junction formation and decreased 

action potential time for improved contraction 

propagation. 

[176] 

Gelation Hydrogel 
PEG-

Fibrinogen 

hiPSC-

CM 

Encapsulation of hiPSC upregulated Cx-43 in 3D 

culture, and similar expression of β-MHC and cTnT, 

improved Cx-43 expression in cell peripheral, the 3D 

structure had similar calcium transient duration 

compared to 2D culture, 3D cultures developed align 

sarcomere structures over 30-day culture. 

Development of highly matured cardiac tissue in 

3D structure, development of mature ECM 

organization without electro-mechanical cues, 

improved cell contraction in cluster cell 

encapsulation compared to single cell 

encapsulation. 

[140] 

Gelation Hydrogel GelMA 
hiPSC-

CM 

Encapsulated cells upregulated Cx-43, cTnT, and β-

MHC over 70-day culture, upregulation of MLC2v on 

days 20 and 70, Cx-43 on peripheral of cells, increase of 

maximum relaxation velocity of contractions, 

development of highly organized and aligned 

sarcomeres. 

Improved contraction strength, mature contractions 

with increased culture time, and slower contraction 

times compared to cultures with mechanical or 

electrical stimulation. 

[155] 
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Patterned Gelation 
Patterned Hydrogel; 

Groove spacing: 15 µm 
Gelatin-GO Rat CM 

Upregulation of cTnT and Cx-43 in patterned Gel-GO 

scaffold, upregulation of α-actinin in non-patterned Gel-

GO, increase in sarcomere length in patterned Gel-GO 

scaffold, improved striation of α-actinin in patterned 

Gel-GO scaffold at both 3 and 5 days of culture. 

The beating velocity of the Gel-GO patterned 

scaffold was increased compared to other scaffolds, 

with synchronous beating in the patterned Gel-GO 

scaffold. 

[155] 

Random and 

Aligned ES 

Fibrous; Fiber Diameter: 

400-700 nm 
PCL-Graphene 

mESC-

CM 

Upregulation of MHC, Cx-43, cTnT, β-actin, mature 

sarcomere formation in the aligned scaffold, increased 

fractional release compared to 2D culture, and 

synchronous beating in PCL-Graphene scaffolds. 

More mature cardiac tissue formation in aligned 

PCL-Graphene scaffold, improved calcium 

transient of aligned PCL-Graphene scaffolds. 

[177] 

3D Printing 

Hydrogel; Straight line, 

Bowtie, and Hilbert’s 

Curve 

Ti3C2Tx 

MXene-PEG 

hiPSC-

CM 

Upregulation of MYH7, cTnT, and Cx-43 in MXene-

containing scaffolds with mRNA expression 

quantification, Western blotting showed no significant 

difference, improved sarcomere length in patterned 

MXene scaffolds, and non-significant impact on cell 

viability compared to control. 

Improved contractility and fiber alignment in 

MXene patterned scaffold, improved Ca2+ handling 

in MXene-containing scaffolds, prolonged decay 

duration in MXene patterned scaffold, and 

increased beating cell area percentage. 

[144] 

Gelation Hydrogel 
Fibrinogen-

PEG 
HL-1 

A higher fibrinogen concentration decreased cell spread, 

cell viability unaffected by scaffold stiffness, and more 

compliant gels improved spontaneous contractions. 3D 

culture of cells had irregular and slower calcium 

perfusion. 

Cells in 2D culture with the most compliant gel 

expressed the best contraction profiles, 3D 

culturing of cells impeded functionality and formed 

cell aggregates, and layered 2D cultures improved 

functionality compared to 3D culture. 

[142] 

Aligned and 

Random ES 

Fibrous; Fiber Diameter: 

750 – 1800 nm 

PLA-PEG-

Collagen 
H9C2 

Scaffolds containing collagen improved cell viability, 

high concentrations of PEG had cytotoxic effects, 

aligned scaffolds arranged cells into an organized 

orientation 

Homogenous growth of cells on aligned scaffolds, 

alterations to CM proliferation, stiffness, and 

alignment affected by collagen. 

[143] 

Decellularization Tissue slice 

Decellularized 

Porcine 

Myocardium 

None 

Implanted scaffolds of de-cellular ECM scaffold 

increased wall thickness compared to control, formation 

of new vessels into defect area in scaffold treated 

animals, and increased M2 macrophages in the treated 

group. 

Improved LV ejection fraction for treated groups 

compared to control and improved fractional 

shortening in treated groups compared to the 

control group. 

[148] 

Decellularization Tissue slice 

Decellularized 

Porcine 

Myocardium 

Bone 

marrow 

mononu

clear 

cells 

 ositive staining for α-actinin, MHC, and cTnT on the 

scaffold after seeding of cells, deep infiltration of seeded 

cells into the scaffold 

Reseeded cells exhibited phenotypes like 

cardiomyocytes, formation of vessel-like structures 

in the scaffold over the study 

[75] 

Lyophilized 
Porous scaffold; Pore 

size: 10-70 µm 

Decellularized 

ECM-Chitosan 
hCPCs 

Increase in cell proliferation with increased ECM 

content, optimal cell growth in scaffolds with chitosan 

due to mechanics 

Enhanced ability for cells to attach when ECM is 

included, mechanics of scaffold revealed to 

influence cell proliferation behavior 

[146] 

Gelation Hydrogel 
Decellularized 

ECM–Chitosan 

Neonatal 

rat CM 

Significant increase in attached cells on heart matrix 

scaffold compared to control, a significant increase in 

MYH6 and Cx-43 expression in heart matrix scaffold 

Increased conduction velocity for heart matrix 

scaffold compared to gelatin, increase in contractile 

stress from cells in heart matrix scaffold compared 

to gelatin scaffold, improved cell maturity from 

ECM-based scaffold. 

[147] 
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Decellularization Tissue slice 

Decellularized 

Rat Ventricle 

Wall 

hiPSC- 

CM 

Cells grown on ECM were capable of spontaneous 

beating after 5 days, presence of laminin, Cx-43, and 

cTnT expressed on seeded cells, seeding of nonmyocytes 

improved cardiac development and function, and 

upregulation of cTnT and MYH6 found in cells ceded on 

ECM compared to cell only aggregates, increase in 

MYH7/MYH6 and MYL2/MYL7 ratio indicating 

maturation of tissue. 

Spontaneous contractions of scaffolds were 

comparable to regular heart activity. Constructs 

were responsive to drug treatments altering beating 

habits, significant improvements in LV ejection 

fraction and fractional shortening in scaffold-

treated animals, decrease in infarct size with 

construct treatment. 

[178] 

Decellularization Whole heart 
Decellularized 

Rat Heart 
iPSC 

Reduction of seeded cell pluripotency indicated induced 

differentiation from ECM, upregulation of cardiac gene 

expression, and improved proliferation of seeded cells 

compared to control. 

Decrease possibility of teratomas formation in vivo 

with a decrease in pluripotency, induction of 

cardiac differentiation with ECM components. 

[151] 

Decellularization 
Tissue slices and Whole 

heart 

Decellularized 

Human Heart 

hiPSC-

CM 

Upregulation of MHC in myocardial seeded cells, 

improved proliferation of cells in scaffolds, capable of 

long-term culturing (120 days) with spontaneous 

contractions, the recellularized whole heart had 

detectable depolarization across the heart. The whole 

heart was metabolically active, and multicellular 

contractile tissue formed of myocardial slices. 

The formation of spontaneous beating in both 

myocardium slices and whole indicated the 

formation of functional tissues. Cardiac fiber 

formation had significantly higher contractile force 

generation, an indication of mature CM formation 

due to the functional activity of constructs. 

[152] 

Gelation Hydrogel GelMa-rGO 
Neonatal 

Rat CM 

Scaffolds with 5 mg/ml rGO had higher DNA 

concentrations than other scaffolds on days 5 and 9, high 

sporadic beating rates in 5 mg/ml compared to control, 

more uniform distribution of cells in rGO containing 

scaffolds, evidence of Cx-43 expression on cell 

peripherals in rGO containing scaffolds. 

rGO-containing scaffolds curled up in response to 

beating forces on one side, rGO-containing 

scaffolds contractions were visible to the naked eye, 

and only rGO-containing scaffolds responded to 

electrical stimulation. 

[156] 

Random ES 
Fibrous; Fiber diameter: 

130-300 nm 
Gel-Fibrinogen 

Human 

CM 

An increased presence of α-actinin and cTnI, a 

significant increase in proliferation in Fib/Gel (1:4) 

compared to the control (TCP). 

Improved hydrophilicity via the inclusion of gelatin 

improved cell proliferation. Cardiac gene 

expression indicates maturing cell cultures. 

[157] 

Random ES 
Fibrous; Fiber Diameter: 

<1000 nm 

Silk Fibroin-

PLA-CQD 

Rat CM, 

H9C2 

Scaffolds with CQDs exhibited higher viability 

compared to the control, CQDs improved elongation and 

attachment of cells, a significant increase in Cx-43 gene 

expression from scaffolds with CQDs, increase in 

Tnnc1, Tnnc2, Anf, and Atpa2a. 

Improved maturity of seeded cells phenotype, 

improved gap junction formation due to increase in 

Cx-43, improved calcium management with Atpa2a 

expression, and homogenous cell distribution 

throughout the construct. 

[159] 

Random and 

Aligned ES 

Fibrous; Fiber Diameter: 

225-290 nm 

Calcium 

Silicate-

Chitosan 

Neonatal 

Rat CM 

Inclusion of CS improved proliferation of cells by day 7, 

significant upregulation of TnnT2, Cacna1a, and Gja 

genes compared to control, upregulation of Cx-43 with 

CS containing scaffolds, elongated cells on aligned 

scaffolds. 

Synchronous beating in aligned CS-containing 

scaffolds, multiple scaffolds of parallel rhythmic 

beating cells in CS-containing scaffolds, and in 

vivo experiments indicated improvements in FS, 

EF, LVIDd, and LVIDs for CM-laden CS-

containing scaffolds, a significant decrease in 

infraction area when treated with the scaffold. 

[179] 

Spray Drying and 

Compression 
Porous 

Silk Fibroin-

Hyaluronic acid 

Rat 

MSC 

SF-HA scaffolds upregulated cardio marker gene 

expression of Tnnt2, Nkx2.5, and Actc1, CD44 blockage 

decreased cardiac differentiation, increased cell growth 

in SF/HA scaffold, and increased fluorescent intensity of 

fibronectin. 

Reliable differentiation of MSC into cardiac marker 

expressing cells indicates an improved beating 

profile with improved Cx-43 expression. 

[160] 
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The heart muscle is electrically active, relying on a timed electrical pulse carried through a complex 

pathway to initiate contractions. Conductive scaffolds transmit these electrical signals more effectively 

[180]. They can deliver electromechanical and electrochemical cues that mediate cardiomyocyte growth 

and differentiation [181]. Electrical stimulation of cardiomyocytes has shown enhanced gene expression 

for cardiac markers, specifically Cx-43, emphasizing the importance of electrically active biomaterials 

[182, 183]. Cx-43 is the main protein for gap junction formation, upregulation of Cx-43 is associated with 

improved cell-to-cell signaling and mature CM development [144, 181, 183-185]. Scaffolds incorporating 

conductive additives or polymers were better at forming synchronous beating throughout the studies [134, 

144, 183, 185]. Baheiraei et al. saw communication between distant cell clusters via electrical signaling 

through their conductive scaffold [134]. The improved cellular communication within the scaffold allows 

for better integration with host tissues due to increased communication between seeded cells and host cells 

[186, 187]. To fully mimic the native ECM, Kharaziha et al. conducted a study using PGS/gelatin and multi-

walled carbon nanotubes, which enhanced uniformity of cardiomyocyte contractions, decreased excitation 

threshold, and increased Cx-43 expression in the peripheral cells [188]. Few studies attempted to 

incorporate bioactive and conductive elements into a synthetic polymeric scaffold [136, 188, 189]. Most 

studies that aimed to improve the conductivity of scaffolds do little to include bioactive components in their 

scaffolding [190-192]. An exploration of scaffolds incorporating a bioactive ingredient found in native 

ECM and a conductive element should be investigated to see if the two components further emphasize the 

therapeutic effects. 

Our research addresses the critical gap in incorporating bioactive and electrically conductive 

components into a polymeric fibrous scaffold and their effects on cell behavior. Firstly, we explore the 

incorporation of digested decellularized ECM from the LV of an adult porcine heart to fabricate and 

optimize a scaffold that is elastic and mechanically supportive containing essential biomolecules found in 

the native tissue. Decellularized ECM includes many structural proteins with different biological cues on 

cardiomyocyte development [15]. Using this novel combination of digested ECM blended directly with our 
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PU, we assess the optimal scaffold composition that is physiologically like native tissue with improved cell 

maturity due to biochemical stimuli from the digested ECM. Most studies focus on incorporating only 

specific proteins found in ECM, mainly collagen, or a derivative, into their scaffolds. It was rarely reported 

to include diverse proteins from the native tissue [193, 194]. Incorporating the full spectrum of ECM 

proteins into polymeric scaffolds would reveal the effects native ECM has on cardiomyocyte behavior. 

Morphological and physiological comparisons between increasing ECM concentrations determine the 

effects of ECM on the properties of the scaffold and how it compares to the native tissue. Characterizing 

the effects of ECM on the fabrication of PU scaffolds allows for creating more complex biomaterial blends 

in the future. 

Secondly, investigate the effects of varying concentrations of reduced graphene oxide (rGO) in the 

scaffold on its morphological and physiological effects and the response of cardiomyocytes. Graphene and 

its derivatives were popularly investigated as doping agents for TE targeting electrically active niches in 

the body [195-197]. Nervous system scaffolds have encouraged regeneration with conductive scaffolds 

compared to non-conductive scaffolding [195, 196]. The heart, an electrically dynamic organ, should 

benefit similarly. Nano-fibrous scaffolds containing rGO and thermoplastic polyurethane have been 

investigated at a low concentration of rGO (0.025% w/w) with cardiac muscle cells [175]. Conductivity 

characterizations were not reported; such characterization provides insight into material behavior [175]. 

Similarly, they examined one concentration of rGO, failing to optimize the biomaterial blend, lacking a 

systematic investigation of rGO and PU’s effects on cardiomyocyte behavior. Investigation into 

concentrations of rGO and its impact on the morphological and physiological characteristics reveal the 

effectiveness as a potential new biomaterial blend. Optimization in rGO concentration quantifies the trade-

off mechanically and conductively. Reduced graphene oxide’s effect on cytotoxicity is essential in 

determining the potential benefits and harms to cardiomyocytes. 

The most bioactive electrical scaffolds are collagen fibers with conductive doping agents [105-107]. 

Cardiac scaffolds that rely on conductive doping agents with purely synthetic polymers fail to mimic a 
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proper supportive matrix [108]. Optimizing a polymeric scaffold blended with bioactive proteins and 

conductive doping agents can address the shortcomings of other bioactive conductive scaffolds. We propose 

combining the previous optimizations of ECM and rGO with PU to form a comprehensive cardiac scaffold. 

A conductive, biocompatible, biodegradable, elastic, and mechanically supportive cardiac scaffold is 

generated and characterized in vitro. Morphological characterizations via scanning electron microscope 

(SEM) with uniaxial and biaxial testing quantify the differences compared to native tissue, while cell studies 

evaluate the effects the fabricated scaffolds have on cardiomyocytes. The growth and maturity of 

cardiomyocytes on this multifaceted scaffold indicate an amplifying effect of having an electro/bioactive 

scaffold more than a strictly bioactive or electroactive environment. 

Following the previous background, the notable gaps in knowledge, and the variety of rationales, we 

investigate these three aims. 

AIM 1: Fabricate and optimize a hybrid biodegradable polyurethane and extracellular matrix blended 

biomaterial for cardiomyocyte culture. 

We characterized and optimized a hybrid biodegradable polyurethane/ECM scaffold and investigated 

its potential as a scaffold for cardiomyocyte culturing. We blended PU with digested decellularized ECM 

collected from the myocardium of adult pigs' left ventricle at varying concentrations before electrospinning 

aligned nanofibrous scaffolds. We hypothesized that combining complete ECM with PU would create a 

scaffold containing the various biomolecules. The exact composition of natural polymers that are 

physiologically and biologically relevant to the native tissue is re-enforced by an elastic biodegradable 

synthetic polymer, providing an optimal environment for cardiomyocyte culturing. Natively relevant 

biomolecules aid in cardiomyocyte signaling and offer binding sites for cells to attach. The surface 

morphology was characterized to see how hybridization could alter the scaffolds. Hydrophilicity 

measurements show how ECM content changes the physical characteristics of the scaffold compared to a 

purely synthetic scaffold. Cell viability and immunofluorescence staining were used to determine the effects 

of polymer hybridization on cell behavior and growth. 
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AIM 2: Optimization and characterization of a biodegradable polyurethane and reduced graphene oxide 

blended scaffold for skeletal muscle cell and cardiomyocyte growth 

We hypothesized that the doping of PU with rGO would create a conductive scaffold with robust 

mechanical characteristics ideal for cardiac applications. In this aim, we optimized reduced graphene oxide 

doped polyurethane, using ultra-sonication for dispersion, and investigated its potential as a scaffold for 

culturing electrically active cells. The rGO doped scaffolds were fabricated using an aligned electrospinning 

technique with a custom-built rotating mandrel. The scaffolds of varying rGO concentrations had their 

morphological, chemical, electrical, and mechanical properties characterized and compared to the left 

ventricle myocardium of a porcine heart. Cytocompatibility of scaffolds was investigated with muscle cells. 

The protein expression was characterized with immunofluorescent staining to see how the scaffold affects 

differentiation. Studies were repeated with neonatal rat cardiomyocytes to evaluate the effects of scaffolds 

on cardiac cell protein expression of viability. 

AIM 3: Developing a nanofibrous conductive bioactive polyurethane scaffold for cardiomyocyte growth. 

We combine what was learned from prior aims to fabricate a conductive hybrid polymer consisting of 

biodegradable polyurethane, digested decellularized ECM, and reduced graphene oxide—taking from the 

optimized parameters found in the previous chapters. A scaffold that is highly tailored towards myocardium 

growth should be obtained. We characterized the new doped hybrid scaffold and compared it to the previous 

scaffold composition. The morphological, chemical, conductive, mechanical properties, and 

cytocompatibility changes were determined. Furthermore, we investigate the protein expression of seeded 

cardiomyocytes to observe how the novel scaffold affected cardiomyocyte behavior.   
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CHAPTER II: Electrospun Elastic Polyurethane/Extracellular Matrix Nanofiber Scaffold for 

Cardiomyocyte Culture 
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2.1 Introduction 

 

Around the world and in the United States cardiovascular diseases (CVD) are the main cause of death, 

responsible for 1 in 4 deaths [198]. Following a myocardial infarction (MI), the victim experiences mass 

muscle cell death causing left ventricular (LV) remodeling and functionality loss due to the inability to 

regenerate cardiomyocytes effectively [199]. Treatment options for MI and heart failure are limited to only 

saving residual cardiomyocytes and do not address fibrosis during LV remodeling. Tissue engineering (TE) 

aims to overcome the regenerative barriers of cardiomyocytes through scaffolding that encourages cell 

retention and differentiation. Scaffold materials used in cardiac tissue engineering are biomimetic, provide 

an environment like the native extra-cellular matrix (ECM), and are biodegradable. Scaffolds that promote 

bio-signaling for cell migration and integration with host tissue are ideal. They also need to provide 

mechanical support with some elasticity to handle the physical demands of the heart to function and 

compensate for the loss in structural integrity due to MI.  

Reviewing native ECM can provide insight into the mechanical and structural needs an effective 

scaffold must mimic [200]. Proteins in the ECM are highly aligned and structured to deliver specific 

mechanical stresses and signals for healthy myocardium cells to form [200, 201]. Cardiomyocytes grow 

along the aligned protein structure, with numerous binding points for the cells to latch on. Robust and 

efficient uniform contractions are a side effect of alignment. Electrospinning (ES) is a popular scaffold 

fabrication technique for cardiac tissue engineering applications. A micron to nano range network that 

mimics the native ECM structure can be formed from ES, offering a way to fabricate polymeric blends to 

tailor the scaffolding for its specific application. It is possible to manufacture fibrous scaffolds with a 

rotating mandrel target where the fibers are aligned uniformly. Fabrication of an aligned fibrous scaffold 

mimics this natural structure, guiding seeded cells to organize uniformly [202, 203]. The uniform dispersal 

of cells offers equal opportunities for cell binding, leading to one-directional contraction. The alignment of 

nanofibrous scaffolds has shown its effects on cardiomyocyte behavior [202, 203]. When seeded on aligned 
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scaffolds, cardiomyocytes expressed higher cardiac muscle-specific protein markers than random ES 

scaffolds; however, more than just alignment is needed to fully mature cardiomyocytes [202-204]. The 

material used for scaffold production plays an equally important role.  

There are multiple available biomaterials used as scaffolding in cardiac tissue repair applications. 

Ranging from natural polymers, like gelatin [98, 205, 206], collagen [185, 207, 208], and fibrinogen [124, 

209] to synthetic polymers like polyurethane (PU) [133, 210-214], polycaprolactone (PCL) [87, 92, 215, 

216], polyglycerol sebacate (PGS) [217-220], and poly(lactic-co-glycolic acid) (PLGA) [98, 221, 222]. PU 

is a major category of applied elastomers in cardiac tissue engineering because of its biodegradability, 

biocompatibility, and elastic mechanical properties [223]. Elasticity is an important property originating 

from soft tissue solid matter and is one of the key considerations in scaffold design and development. Some 

groups focus on blending PU with a natural polymer and additives to tailor the scaffolds characteristics 

more towards cardiac tissue engineering [212]. Blending PU with cellulose enabled the creation of ultrathin-

aligned fiber scaffolds that were mechanically supportive and adjusted to the deformation of contractions 

[212]. Zahra et al. focused on improving the conductivity of PU via blending with carbon nanotubes to see 

its effects on scaffold fabrication and cell behavior [213]. Including carbon nanotubes at minimal 

concentrations impacted the fiber size and the mechanical characteristics. The highest concentration 

decreased the elasticity and mechanical strength [213]. Hybridized PU and natural polymer scaffolds enable 

improved cellular compatibility with the natural polymers while also providing good structural support due 

to PU. 

Decellularized myocardium ECM as a scaffolding material offers a scaffold with near identical 

polymeric composition and morphology to native ECM [125, 148]. Various biochemical components in the 

ECM aid in bio-signaling for cell migration and differentiation [148, 224-228]. Specifically, cardiac ECM 

has collagens (Col I, III, and IV), fibronectin, elastin, and laminins [153, 226-228]. Each component is 

critical in regulating and signaling various parts of the cardiomyocyte life [153, 228, 229]. Cardiac ECM 

provides chemical and physiological cues to form mature functional cardiomyocytes [153, 229]. Scaffolds 
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that contain digested decellularized ECM in their blending lead to a homogenous dispersion of bioactive 

molecules and protein content [230, 231]. Equal distribution throughout the scaffold leads to closer 

mimicking of the native tissue microenvironment, providing many binding points for cells [125, 226, 229, 

231, 232]. Homogenous distribution of ECM avoids introducing structural weaknesses. Injecting ECM gel 

into scaffolding can create stressor points [231]. ECM-containing scaffolds also benefit from including the 

exact composition of natural polymers as native tissue compared to scaffolds that only incorporate one type 

of natural polymer [201]. Incorporating only one naturally occurring polymer from the cardiac ECM fails 

to provide the other natural polymers' biological cues [201].  

Taking these structural and biological needs for optimal cardiac tissue engineering, we proposed that 

blending PU with decellularized ECM offers a novel biomaterial blend. Elastic and mechanically robust 

while delivering bioactive biomolecules throughout scaffolding [230]. Other literature reported 

incorporating a digested ECM hydrogel in PU scaffolds with a layer-by-layer structure for cardiac scaffold 

use [125, 214]. However, there is a need to explore digested ECM and PU blends on cardiomyocyte growth 

and maturation. 

 This study fabricates a biodegradable PU (PU) and decellularized native ECM scaffold for a cardiac 

tissue engineering application. Fabrication of aligned electrospun scaffold where digested ECM is dispersed 

throughout the scaffolds offers a unique morphologically and mechanically similar scaffold to native ECM 

structure and provides all relevant biological cues. We hypothesized that incorporating PU and ECM leads 

to a scaffold that exhibit bioactive signaling to improve cell function and provides mechanical support. The 

study focused on assessing material characteristics with various concentrations of digested decellularized 

ECM in the scaffold and its effects on cardiomyocyte behavior. Material characterization of scaffolds can 

help assess similarities of scaffolding to native tissue mechanically. In vitro cellular studies monitoring the 

effects on HL-1 cardiomyocytes and neonatal rat cardiomyocyte behavior determine the effectiveness as a 

potential cardiac scaffold. 

 



 

41 

 

2.2 Materials and Methods 

2.2.1 Materials 

All materials were obtained from Sigma unless stated otherwise. Polycaprolactone diol (PCL, Mn = 

2000) was dried in a vacuum oven at 60°C overnight. Hexamethylene diisocyanate (HDI) and putrescine 

were purified via distillation. Stannous octoate (Sn(Oct)2), isopropanol, 1,1,1,3,3,3-hexafluoro-2-propanol 

(HFIP, Oakwood Products), anhydrous dimethyl sulfone (DMSO), and pepsin (EMD Millipore Corp) were 

used as purchased. Hydrochloric acid (HCl, 35% solution) was diluted to form a 0.01M solution for pepsin 

activation. Sodium hydroxide (NaOH, 25% solution) was diluted to create a 0.1M solution to neutralize the 

digestion solution. Sodium dodecyl sulfate (SDS) (Abcam) was measured and put in DI water to make a 

1% SDS solution. Phosphate buffer saline (PBS) (Sigma) was made using tablets in DI water. Porcine hearts 

were kindly donated from a local butcher (Fischer Meat Market, Muenster, Texas) and received either fresh 

or frozen. 

2.2.2 Biodegradable Polyurethane Synthesis 

PU was synthesized as previously published [233]. Briefly, PCL (Mn=2000) was dissolved in DMSO 

under nitrogen protection in a flask and then HDI, and 3 droplets of Sn (Oct)2, were added. The solution 

was stirred for 3 hours at 70 °C, and then it was left to cool down to room temperature before adding a 

putrescine/DMSO solution under constant magnetic stirring. The final molar ratio achieved was 1:2:1 of 

PCL/HDI/putrescine. After it was left overnight at 70 °C, polymers were precipitated in DI water and 

rinsed. Polymers were submerged in isopropanol, which can remove unreacted monomers and oligomers. 

The resulting PU is dried at 60 °C in a vacuum oven for three days. 

2.2.3 ECM Extraction and Digestion 

Decellularized ECM is obtained by dissecting the left ventricle from porcine hearts. The left ventricle 

is cut into thin slices before placing into a 1% SDS solution.  After 6 hours, a filter collected the slices. 

Slices were re-suspended in a 1% SDS solution. The solution was replaced after 24 hours and then once 

every 48 hours until the coloration of samples was lost. Slices are then washed with DI water and freeze-
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dried for 48 hours. Pieces are submerged in liquid nitrogen and crushed into a fine powder using a mortar 

and pestle. 150 mg of decellularized ECM was weighed with 10 mg of pepsin in a vial with a magnetic 

stirrer to digest ECM. 10 mL of 0.01 M HCl were added to activate pepsin and left to stir at high speed for 

72 hours until ECM was fully digested. The acidic solution was neutralized using 1 mL of 0.1 M of NaOH 

before filtering the solution with a fine mesh strainer to remove any undigested ECM particulates. The 

sample was freeze-dried for 48 hours to obtain digested ECM. The ECM is submerged in liquid nitrogen, 

frozen, and crushed with a mortar and pestle before polymer solutions. 

2.2.4 Electrospun Aligned, Hybrid Scaffold Fabrication 

 

Figure 2.1: Schematic of aligned electrospinning setup; electrospinning took place over 8 hours 

with an extrusion rate of 1 ml/hr. The rotating mandrel was 15 cm away from the blunt tip rotating at 

2500 rpm. 

Hybrid scaffolds were fabricated using a standard electrospinning process with a rotating mandrel. 

The steel rotating mandrel (D = 150 mm, L = 40 mm) was wrapped with aluminum foil before collection 

(Figure 2.1). PU was weighed (0.64 g), cut into small pieces, and dissolved in HFIP (4 mL) for 8 hours. 

The digested ECM (0.032 g, 0.064 g, 0.128 g) was dissolved in HFIP (4 mL) for 1 hour with magnetic 

stirring. The ECM solution was transferred to the dissolved PU solution and vortexed for 10 minutes or 

until homogeneous. The vortexed solution was loaded into a 10 ml syringe and infused at 1 ml/hour. The 
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distance between the tip and the collector was 15 cm. The blunt tip was connected to a DC power supply 

and charged with 25kV. The collection mandrel was kept at 2500 rpm with a -5 kV charge. After the 8 mL 

of solution was completely extruded, the syringe pump, the power supply, and the mandrel were turned 

off. The scaffold was left on the mandrel overnight in the fume hood, with the scaffold cut and gently 

peeled off the mandrel. Scaffolds were laid flat mandrel side down on aluminum foil for storage until use. 

2.2.5 Scaffold Characterization 

2.2.5.1 Attenuated Total Reflectance-Fourier Transform Infrared 

Attenuated Total Reflectance-Fourier Transform Infrared (ATR-FTIR) was performed for each 

fabricated scaffold and digested ECM. A Thermo Nicolet 6700 FTIR Spectrometer was used to record 

spectra with a wavelength range of 4000-600 cm-1. Spectrum peaks were found and recorded for 

comparisons between scaffolds and pure ECM.  

2.2.5.2 Scaffold Morphology Analysis  

Morphological analysis of the scaffolds was performed with a scanning electron microscope (SEM) 

(Hitachi S-4800 II FE-SEM) after scaffolds were coated with gold/platinum (Au/Pt) using a Hummer VI 

sputtering system. The scaffold’s fiber diameter and alignment were measured with ImageJ (n=120) using 

the SEM scale bar as a reference. The fiber orientation histogram and normalized curve were calculated in 

Excel with the imported angles from ImageJ (n=120). Scaffold shrinkage was performed by immersion of 

samples (8 mm diameter, n = 5) in PBS for 24 hours in a 37 °C incubator. The scaffold size was measured 

using a caliper to quantify shrink. Scaffolds were freeze-dried, and morphological analysis was performed 

as described above.  

2.2.5.3 Contact Angle 

The surface hydrophilicity was quantified with a custom-built instrument controlled by FTA32 

software. Scaffold samples 3 cm × 1 cm (n = 2) were mounted with double-sided tape to glass slides and 

placed on the instrument platform with a camera positioned to view the scaffolds from a side view. A 5 µL 
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DI water droplet was applied to the sample with a micro-pipette. Droplet placement was repeated three 

times, with the droplets applied 1 cm apart for a total of n = 6 for each group. Images were captured at 15, 

30, 60, 90, and 120 seconds after droplet application. The contact angle was calculated by placing points 

following the curve of the droplet using the FTA32 software. 

2.2.5.4 In vitro Enzymatic Degradation 

Weighed polymer scaffolds (W0) were submerged in 2 mL lipase/PBS solution (100 U/mL, enzymatic 

degradation) at 37 °C. The PBS solution was replaced every three days. Samples on days 3, 7, and 14 were 

weighed (W1) after a deionized water rinse and freeze dried (n = 3 for each sample at each time point). The 

mass remaining was calculated as with the following equation: 

% 𝐷𝑒𝑔𝑟𝑎𝑑𝑎𝑡𝑖𝑜𝑛 =
𝑊1

𝑊0
 × 100       [1] 

2.2.5.5 Mechanical Testing 

2.2.5.5.1 Uniaxial Mechanical Testing 

A universal testing system performed uniaxial mechanical testing on the fabricated scaffolds and native 

tissue (n = 5) (Test Resources, MN). Scaffolds were cut into 5 mm × 30 mm strips, aligned with the fibers, 

and perpendicular to the fiber’s directions. The LV of the porcine hearts were cut to 1-2 mm thick strips (5 

mm × 30 mm) containing both epicardium and myocardium. Scaffolds were soaked in PBS at 37°C for 24 

hours before uniaxial testing. Native tissue samples were tested at room temperature. With 10 ~15 mm 

between grips, samples were loaded for testing. Tests performed were stress-relaxation, creep, cyclic 

loading and unloading, and failure tests (20 samples/second). The target load for stress relaxation and creep 

was 100 g with a jogging rate of 10 mm/minutes. Cyclic testing was done using a rate of 10 mm/min and 

pulled until 30% strain was reached for ten cycles. Test to failure was measured at a 10 mm/min speed until 

the sample broke and testing was stopped. 
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2.2.5.5.2 Biaxial Mechanical Testing 

Biaxial mechanical testing was performed on fabricated scaffolds and native tissue (n = 3). Samples 

were cut into 1 cm × 1 cm squares and marked to know fiber direction. Native tissue samples were collected 

by dissecting a 1-2 mm thick square (1 cm × 1 cm) sheet of the epicardium and myocardium. All samples 

were tested when at room temperature. A black tape was used to track deformation; samples were marked 

using a custom biaxial machine with a LabView program. Loading was set to 60 N/m:60 N/m, and data 

were processed using Excel. 

2.2.6 Cell Compatibility and Behavior 

Scaffolds tested in HL-1 cell studies were PU, PU-5%ECM, PU-10%ECM, and PU-20%ECM with a 

control group on a tissue culture polystyrene (TCP). Studies using neonatal rat cardiomyocytes (NNRCM) 

only used PU, PU-10%ECM, PU-20%ECM, and the control TCP. 

2.2.6.1 In vitro Culture of HL-1 Cells on Scaffolds 

Scaffolding for each group of samples was cut into 15 mm × 15 mm squares, taped onto glass cover 

slides, placed on a 24-well plate, pressed with stainless steel rings, and sterilized via UV for 60 minutes 

on each side. Electrospun scaffolds were washed with PBS thrice at 15 min intervals to remove any residual 

solvent and then soaked in Claycomb media before seeding for 2 hours. The proliferation and 

differentiation of HL-1 cells were seeded with a density of 3 × 104 and 5 × 105 cells/well, respectively. 

Cells were cultured in the same media in both proliferation and differentiation studies. Scaffolds were 

incubated for seven days at 37°C with 95% air and 5% CO2 at high humidity for growth studies. Media 

was replaced every other day. For differentiation studies, the cells were cultured for 14 days. The media 

used was Claycomb media supplemented with 10% fetal bovine serum (FBS), 0.1 mM norepinephrine, 

2mM L-glutamine, and 100 U/mL penicillin and streptomycin. 
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2.2.6.2 In vitro Culture of Rat Neonatal Cardiomyocyte on Scaffolds 

Neonatal rat cardiomyocytes (NNRCM) (Lonza, R-CM-561) were resuscitated two days before 

scaffold preparation and seeding and cultured in a T25 flask with rat cardiac myocyte growth media 

BulletKit™ (R GM) (Lonza,   -4515). RCGM BulletKit™ was composed of Rat  ardiac Myocyte Basal 

Medium (Lonza, CC-3275) and RCGM SingleQuots™ Kit (Lonza,   -4516). After four hours, 80% of the 

media was replaced with R GM  ulletKit™ supplemented with 200 µM bromodeoxyuridine (BrdU) 

(Lonza, CC-4519). Each group's scaffold was cut using a metal press to obtain circles with a diameter of 5 

mm (n=8). Scaffolds were subjected to UV light for an hour on each side before placement into a 96-well 

plate, with plastic rings used to hold the scaffolds down. Scaffolds were washed with PBS thrice at 15-

minute intervals before replacing with rat cardiac myocyte growth media BulletKit™ for 2 hours before 

seeding cells. A cell density of 1.0 × 105 cells/well was used for seeding, with scaffolds kept in an incubator 

for seven days at 37°C with 95% air and 5% CO2 at high humidity for the duration of the study, replacing 

50% media every 3 days with fresh R GM  ulletKit™ supplemented with 200 µM BrdU. At set time 

points, live/dead staining and CCK-8 were performed to determine the growth of cells on scaffolds, with 

immunofluorescent staining occurring on day 7. 

2.2.6.3 Live/Dead Staining 

Cell viability on nano-fibrous scaffolds was assessed on days 1, 4, and 7 of culture using a live/dead 

viability kit (Sigma). An inverted fluorescent microscope (Nikon Eclipse Ti) was used to observe cells. 

Live cells are stained green with calcein-AM, and dead cells are red with ethidium homodimer-1 (EthD-

1). Samples were washed with PBS twice after removal from the growth medium and then treated with 2 

µM calcein AM and 4 µM EthD-1 in  ulbecco’s modified eagle medium ( M M) for 30 minutes at 37° . 

2.2.6.4 CCK-8 

A cell counting kit, CCK-8 (Sigma), was used to help assess cell viability on scaffolds, performed on 

days 1, 4, and 7 of culture (n = 3). Cell media was removed from the wells and replaced with 100 µL of 

DMEM and 10 µL of CCK-8 solution before continued incubation, with one well used as a blank filled 
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with DMEM and CCK-8 solution with no cells. After one hour of incubation, the media was removed and 

placed in a new 96-well plate for plate reading, with the cell samples washed with PBS twice before 

replenished with the respective cell medium dependent on cell type. The harvested CCK-8 solution was 

read using a microplate reader (Tecan Spark 10M) at 450 nm and 650 nm wavelengths to measure the 

absorption. The OD was calculated by the measured absorption minus the blank for each well. 

2.2.6.5 Cell Morphology 

Cells seeded on the scaffold in differentiation media were fixed and imaged with SEM to characterize 

cell alignment on days 7 and 14 for HL-1 culture under differentiation conditions. Neonatal 

cardiomyocytes were fixed and imaged with SEM for morphology characterization on days 1, 4, and 7. 

The medium was removed from wells, and scaffolds were washed twice with PBS. Cells were then fixed 

using a 2.5% glutaraldehyde solution for 15 minutes, after which scaffolds were washed with PBS. 

Samples were dehydrated using increasing ethanol concentration solutions (50%, 70%, 80%, 90%, 95%, 

and 100%) for 5 minutes, except for 100% ethanol which was used twice for a total of 10 minutes. 

Scaffolds were then placed on a dry mat and left to air dry for 24 hours. After air-drying, samples were 

prepared for SEM using the same protocol described above. 

2.2.6.6 Immunofluorescence Staining 

Immunofluorescence staining was performed on cell-seeded scaffolds in differentiation conditions 

after 7 and 14 days for α-actinin and F-actin for Hl-1 cells. NNRCM had immunofluorescence staining 

only on day 7 for α-actinin and Cx-43. Media was removed from wells, and scaffolds were washed with 

PBS twice and fixed using 4% paraformaldehyde for 15 minutes. Scaffolds were then rewashed with PBS 

three times before permeabilized with a 0.3% Triton X-100 in PBS for 10 minutes under incubation. 

Scaffolds were washed with PBS three times before adding a 2% bovine serum album (BSA) in PBS 

solution for an hour. The BSA solution was removed and replaced with the primary antibodies 

(monoclonal anti-α-actinin (sarcomeric), 1:200, Santa Cruz; anti-connexin-43 rabbit antibody, 1:200, 

Santa Cruz) in 1% BSA solution incubated at 4°C overnight. Scaffolds were washed with PBS three times 
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before incubating with the secondary antibody (goat anti-mouse IgG (H+L) Highly Cross-Adsorbed 

Secondary Antibody, Alexa Fluor Plus™ 488, 1:1000 for α-actinin; Alexa Fluor™ 594 goat anti-rabbit 

IgG (H+L) for Cx-43) in 1% BSA solution for 1 hour in the dark at room temperature. After they were 

washed with PBS, F-actin staining was done using tetramethyl rhodamine isothiocyanate (TRITC) labeled 

phalloidin (1:400) in a 1% BSA solution. Scaffolds spent 20 minutes at room temperature in the dark with 

F-actin stain. 4’, 6 - Diamidino-2-Phenylindole (DAPI) (300nm) was used to counterstain the nuclei. 

Scaffolds were washed with PBS three more times before imaging. A confocal laser fluorescence 

microscope (Nikon A1R HD25 Confocal Microscope) was used to image cells. ImageJ was used to 

measure cell length, width, fluorescent intensity, sarcomere length, and Z-line length [234, 235]. Five 

representative images per sample were calculated and averaged. The following equations were used for 

calculation. 

𝐴𝑠𝑝𝑒𝑐𝑡 𝑅𝑎𝑡𝑖𝑜 =   
𝐿𝑒𝑛𝑔𝑡ℎ 𝑜𝑓 𝐶𝑒𝑙𝑙

𝑊𝑖𝑑𝑡ℎ 𝑜𝑓 𝐶𝑒𝑙𝑙
     [2] 

𝐹𝑙𝑢𝑜𝑟𝑒𝑠𝑐𝑒𝑛𝑡 𝐼𝑛𝑡𝑒𝑛𝑠𝑖𝑡𝑦 = 𝐶𝑒𝑙𝑙 𝑀𝑒𝑎𝑛 𝐼𝑛𝑡𝑒𝑛𝑠𝑖𝑡𝑦 − (𝐶𝑒𝑙𝑙 𝐴𝑟𝑒𝑎 × 𝐵𝑎𝑐𝑘𝑔𝑟𝑜𝑢𝑛𝑑)  [3] 

2.2.7 Statistical Analyses 

Experimental data were reported as mean ± standard deviation. For comparison between two groups, 

a two-tailed Student’s t-test was used; for more than two groups, a one-way analysis of variance (ANOVA) 

test was used for statistical significance when P-value was less than 0.05. A Tukey test was performed on 

ANOVA tests with significance to determine significance between all groups. All analyses were calculated 

using Excel. 
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2.3 Results  

2.3.1 Sample fabrication  

 

Figure 2.2: Electrospun PU, PU-5%ECM, PU-10%ECM, and PU-20%ECM scaffolds. PU was the 

smoothest. Roughness increased with ECM. 

PU scaffold had a silkier texture that felt rougher as ECM concentration increased (Figure 2.2). 

Scaffolds with higher concentrations of ECM also exhibited more noticeable bunching after releasing the 

circular tension when removed from the spinning mandrel. 
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2.3.2 ATR-FTIR Surface Characterization 

 

Figure 2.3: ATR-FTIR of PU, PU-5%ECM, PU-10%ECM, PU-20%ECM scaffolds, and digested ECM. 

The wavelength range was 4000-600 cm-1. 

The FTIR spectra obtained for the scaffolds showed the different characteristic peaks for PU and PU-

ECM scaffolds (Figure 2.3). PU spectra showed a small peak around 3300 cm-1, increasing peak visibility 

with increasing ECM concentration in the scaffold. The pure ECM spectrum displayed a prominent broad 

peak around 3300 cm-1, with a visible peak correlating to increased ECM content in the scaffold. 3300 cm-

1 is characteristic of the O-H function on alcohol functional groups, which are more present in the ECM. 

The broad peak of the pure ECM spans from around 3200 cm-1 to 3600 cm-1, representing C-H stretching, 

covering a wide range of C-H stretching from the ECM. Many peaks are overlapped due to PU and ECM 

containing similar functional groups. This overlapping could be why O-H presence is slightly more 

noticeable in higher concentrations of ECM due to the overlapping effect of the C-H stretching from the 

ECM. 
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2.3.3 Scaffold Morphology Analysis  

Table 2.1: Summary of shrinkage of PU, PU-5%ECM, PU-10%ECM, and PU-20%ECM after immersion 

in PBS at 37°C for 24 hours. 

 

 

Figure 2.4: A-D) PU, PU-5%ECM, PU-10%ECM, and PU-20%ECM SEM images before and E-H) after 

immersion in PBS. I) Summary of fiber analysis PU, PU-5%ECM, PU-10%ECM, and PU-20%ECM 

before immersion in PBS and J) after immersion in PBS at 37°C for 24 hours. Scale bar length is 10 µm. 
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Continuously aligned nanofibers were revealed with SEM. No beads were observed (Figure 2.4). PU 

and PU-ECM blends were all nano-sized. There was no increase in fiber diameter with the inclusion of 

ECM compared to the PU. The PU average fiber diameter was 784 ± 335 nm, while the PU-5%ECM, PU-

10%ECM, and PU-20%ECM were 553 ± 189 nm, 617 ± 184 nm, and 624 ± 218 nm, respectively. PU fiber 

diameter was significantly larger than PU-ECM scaffolds, with a p-value of < 0.01. PU-5%ECM exhibited 

the smallest fiber diameter with a p-value of < 0.01; statistically, PU-10%ECM and PU-20%ECM were the 

same. PU-20%ECM had micro-net structures which were not present in other scaffolds. Scaffolds exhibited 

similar distributions of fiber angle. PU had an average fiber angle of 83 ± 30°, while PU-5%ECM, PU-

10%ECM, and PU-20%ECM were 94 ± 30°, 87 ± 29°, and 86 ± 23°, respectively. ECM in the scaffold had 

no discernible effect on the alignment. Only PU-5%ECM had significantly different fiber angles than PU 

and PU-20%ECM, with a p-value of < 0.05. PU-5%ECM possibly had statistically different angles due to 

the slightly skewed orientation to the reference axis. Swelling from PBS immersion showed an increase in 

fiber size compared to non-immersed scaffolds (Figure 2.4J). Swollen PU measured an average fiber 

diameter of 820 ± 223 nm. PU-5%ECM, PU-10%ECM, and PU-20%ECM measured 980 ± 248 nm, 656 ± 

210 nm, and 791 ± 245 nm, respectively. PU and PU-20%ECM had significantly similar diameters. PU-

5%ECM and PU-10%ECM diameters were different from PU and PU-20%ECM with a p-value < 0.01. 

Fiber alignment of the swollen PU fibers was 89 ± 44°, while the PU-5%ECM, PU-10%ECM, and PU-

20%ECM was 77 ± 38°, 86 ± 41°, and 92 ± 31°, respectively. There were significant differences between 

PU and PU-5%ECM and differences between PU-5%ECM and PU-20%ECM, with a p-value < 0.05 and < 

0.01.   M didn’t contribute significantly to fiber swelling. Scaffold shrinkage is shown in Table 2.1. The 

scaffolding shrank unevenly based on fiber orientation in the scaffold—scaffolds in the PD shank 30~36% 

of the original size. The XD shrank 0.1~5% of its original size. Along the PD, there were significant 

differences between PU and PU-20%ECM, and between PU-10%ECM and PU-20%ECM, with a p-value 

< 0.05. The only significant difference for the XD was between PU-10%ECM and PU-20%ECM, with a p-

value < 0.05. 
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2.3.4 Contact Angle  

 

Figure 2.5: A) PU, PU-5%ECM, PU-10%ECM, and PU-20%ECM contact angle images at time points of 

15, 30, 60, 90, and 120 seconds after water droplet application B) Dynamic contact angle for PU, PU-

5%ECM, PU-10%ECM, and PU-20%ECM. C) Summary of contact angles for PU, PU-5%ECM, PU-

10%ECM, and PU-20%ECM at each time point. 

PU and PU-ECM scaffolds are intended for implantation for cardiac tissue regenerations and need to 

have hydrophilicity investigated due to exposure to body fluids. The contact angle of the PU scaffold was 

107 ± 9°, following a trend of decreasing contact angle with increasing ECM content (Figure 2.5). The 

contact angle of PU-5%ECM, PU-10%ECM, and PU-20%ECM was 80 ± 8°, 75 ± 8°, and 70 ± 8°, 

respectively, after 15 seconds of droplet placement. As shown in Figure 2.5B, an apparent increase in 

hydrophilicity is noted with an increase in ECM concentration in the scaffold. There was a faster decrease 

in contact angle over 120 seconds in scaffolds with higher amounts of ECM. In some cases, the higher 

concentrations of ECM (10% and 20%) absorbed the droplet before the two minutes of testing was 

completed. PU was significantly higher at all time points than all ECM-containing scaffolds, with a p-value 

< 0.05. 
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2.3.5 In Vitro Enzymatic Degradation 

 

Figure 2.6: In vitro Enzymatic Degradation of PU, PU-5%ECM, PU-10%ECM, and PU-20%ECM. A) % 

remaining weight over the 14-day study. B) Summary of % remaining weight at each time point. The 

degradation solution was composed of PBS and 100 U/mL lipase; samples were incubated with the 

solution for 14 days. 

Degradation of the scaffold due to enzymatic activity within the body causes morphological changes 

and weakens the scaffold's structural integrity. A 100 U/mL lipase in PBS solution replicated the body's 

enzymatic activity to determine the degradation rate within the body. Figure 2.6A depicts the decrease in 

mass over the study. The PU scaffold retained 54.8 ± 7.3% of its initial weight over 2 weeks when incubated 

with the lipase solution. PU-5%ECM, PU-10%ECM, and PU-20%ECM retained 48.8 ± 4.5%, 37.8 ± 2.4%, 

and 34.2 ± 2.8%, weight respectively (Figure 2.6B). Statistical difference between groups at each time 

point was indicated via ANOVA testing, with PU statistically different than all scaffolds on day 3 and only 

statistically different from the PU-20%ECM on day 14. 
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2.3.6 Mechanical Testing 

2.3.6.1 Stress-relaxation Behavior 

 

Figure 2.7: A) Stress relaxation in PD for PU, PU-5%ECM, PU-10%ECM, PU-20%ECM, and LV 

porcine wall B) Stress relaxation in XD for PU, PU-5%ECM, PU-10%ECM, PU-20%ECM, and LV 

porcine wall C) Stress relaxation summary PU, PU-5%ECM, PU-10%ECM, PU-20%ECM, and LV 

porcine wall. 

Fatigue, elasticity, and failure are some of the cardiac scaffolds' most important material characteristics 

due to the constant mechanical action and pressure on the heart. Stress-relaxation is a good measure of how 

efficiently the scaffolds can release the applied load (Figure 2.7). Native tissue in the PD direction could 

release 63 ± 5.6% of the stress applied over 15 minutes, while the PD of PU with a stress decay at 30.7 ± 

5.4%. The composite scaffolds were roughly like PU with stress decay at 29.7 ± 3.6%, 31.4 ± 2.7%, and 

29.2 ± 2.3% for PU-5%ECM, PU-10%ECM, and PU-20%ECM, respectively. All scaffolds were 

significantly different than the native tissue, with p values < 0.001. When looking at the XD direction, the 

native tissue released 56.2 ± 33% of stress while the PU released 34.1 ± 1.9% of the applied stress in the 

XD. The stress decay of PU-ECM scaffolds in the XD increased with the increasing ECM concentration. 

The PU-5%ECM, PU-10%ECM, and PU-20%ECM had a stress decay at 37.0 ± 1.2%, 36.8 ± 0.8%, and 

42.9 ± 1.6%, respectively. PU-20%ECM exhibited significantly higher stress decay than the other scaffolds, 
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with a p-value < 0.01. Native tissue’s ability to release stress was significantly higher than all other 

scaffolds, with a p-value < 0.01. 

2.3.6.2 Creep 

 

Figure 2.8: A) PD Creep for PU, PU-5%ECM, PU-10%ECM, PU-20%ECM, and LV porcine wall B) 

XD creep for PU, PU-5%ECM, PU-10%ECM, PU-20%ECM, and LV porcine wall C) Summary of creep 

values for PU, PU-5%ECM, PU-10%ECM, PU-20%ECM, and LV porcine wall. 

Continuing deformation of material along with time under a persistent load is measured by creep; in 

other words, the creep testing can track how much the scaffold can keep deforming along with time under 

a constant load (Figure 2.8). Native tissue in the PD direction had the second-largest creep under constant 

stress, stretching 17.4 ± 6.0% of its original length over the 15 minutes. PD PU scaffolds stretched to 20.4 

± 9.3% of their original length, which was the largest creep. The PU-5%ECM, PU-10%ECM, and PU-

20%ECM had 9.8 ± 1.6%, 9.0 ± 1.1%, and 10.2 ± 4.3% respectively. There were only significant differences 

between the native tissue and the PU-5%ECM and PU-10%ECM, with p values < 0.05. The native tissue 

stretched to 9.1 ± 2.9% in the XD direction, comparatively less than in the PD direction. The XD PU 

stretched to 16.4 ± 3.9% of its original length. The PU-5%ECM, PU-10%ECM, and PU-20%ECM stretched 
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18.3 ± 2.6%, 16.8 ± 2.3%, and 18.2 ± 3.1% respectively. There were no statistical differences between all 

scaffolds. The only significant difference was between the native tissue and all scaffolds, with p values < 

0.05. 

2.3.6.3 Failure Testing 

 

Figure 2.9: A) PD failure testing for PU, PU-5%ECM, PU-10%ECM, PU-20%ECM, and LV porcine 

wall B) XD failure testing for PU, PU-5%ECM, PU-10%ECM, PU-20%ECM, and LV porcine wall. C) 

Failure stress and strain values for PU, PU-5%ECM, PU-10%ECM, PU-20%ECM, and LV porcine wall. 

Failure testing of scaffolds was done to measure the failure stress and strain of the scaffolds and how 

digested ECM affected these stresses and strains (Figure 2.9). Pull to failure indicated the maximum stress 

the scaffolds withstood and determined if it is comparable to native tissue. Native tissue in the PD direction 

failed around 0.36 ± 0.095 MPa, significantly lower than all tested scaffolds. The native tissue’s failure 

strain was around 2.09 ± 0.22. The PD PU had a failure stress of 15.2 ± 1.3 MPa and a strain of 2.73 ± 0.15. 

PD Scaffolds containing ECM exhibited failure stresses of 14.5 ± 2.3, 17.2 ± 4.2, and 15.0 ± 1.3 MPa for 

PU-5%ECM, PU-10%ECM, and PU-20%ECM, respectively. Failure strains were 1.99 ± 0.08, 2.16 ± 0.18, 

and 2.20 ± 0.13 of the original lengths. Including digested ECM into the scaffolds did not affect the failure 

stress across all ECM concentrations while increasing the failure stress for the 10%ECM scaffold. Failure 
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strains of all PD PU-ECM scaffolds greatly decreased compared to the PU samples, with a p-value < 0.05. 

PD PU had the highest stain across all scaffolds and native tissue, with a p-value < 0.05. When looking at 

the XD direction of the native tissue, the failure stress was 0.21 ± 0.06 MPa, while the failure strain was 

2.13 ± 0.15. The XD PU had a failure stress of 1.00 ± 0.08 MPa, and the strain was 3.02 ± 0.50. The XD 

PU-5%ECM, PU-10%ECM, and PU-20%ECM had failure stresses of 1.03 ± 0.14, 1.33 ± 0.07, and 1.38 ± 

0.05 MPa, respectively, failure strains were 3.40 ± 0.51, 3.24 ± 0.35, and 3.00 ± 0.20, respectively. ECM 

increased the XD failure stress of scaffolds, while the failure strain increased at the lower ECM 

concentration and slightly decreased at higher concentrations. XD PU had significantly lower failure stress 

than PU-10%ECM and PU-20%ECM, with a p-value < 0.01. All scaffolds exhibited significantly higher 

failure stresses than the native tissue, with a p-value < 0.001. The only significant difference between 

scaffolds in failure strains was PU-10%ECM and PU-20%, with a p-value < 0.05. All scaffolds exhibited 

significantly higher failure strains than the native tissue, with p values < 0.01. There was a significant 

increase in initial modulus in PD and XD with the inclusion of ECM. The native tissue exhibited the 

significantly lowest initial modulus. 
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2.3.6.4 Cyclic Testing 

 

Figure 2.10: Cyclic test to 30% strain over 10 cycles for A) PU B) PU-5%ECM C) PU-10%ECM D) PU 

20%.  The darker coloration denotes later cycles of testing, with the darkest representing the tenth cycle. 

Examining the scaffold's mechanical response to the cyclic test is a good indicator of scaffold 

pseudoelasticity. After the first testing cycle, all scaffolds quickly exhibited repetitive loading and 

unloading curves. All scaffolds exhibited similar trends when undergoing a cyclic strain of 30% of their 

original length (Figure 2.10). 
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2.3.6.5 Biaxial Mechanical Testing 

 

Figure 2.11: A) PD and XD biaxial testing of PU, PU-5%ECM, PU-10%ECM, PU-20%ECM, and B) LV 

porcine wall in the PD and XD direction. Scaffolds and LV porcine walls exhibited apparent anisotropic 

properties. 

Biaxial testing of samples was performed to determine if the scaffolds exhibited anisotropic behavior 

(Figure 2.11). Native tissue in the PD direction had less extensibility than in the XD direction. Results were 

indicative of nonlinear anisotropic behavior. Scaffolds had nonlinear behavior in the XD and a more linear 

trend in the PD. PU and all scaffolds with varying ECM concentrations exhibited similar trends anisotropic 

trends. 
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2.3.7 In vitro Cell Compatibility and Behavior 

2.3.7.1 HL-1 in vitro Studies 

 

Figure 2.12: A) Live/Dead Staining of HL-1 cells on scaffolds on days 1, 4, and 7 for PU, PU-5%ECM, 

PU-10%ECM, PU-20%ECM, and B) Cell count from CCK-8 of HL-1 cells on days 1, 4, and 7 for PU, 

PU-5%ECM, PU-10%ECM, PU-20%ECM 

 

 

Figure 2.13: HL-1 cell morphology at 500x, 1000x, 2000x, and 5000x on days 7 and 14 of culture on PU, 

PU-5%ECM, PU-10%ECM, and PU-20%ECM obtained by SEM. 
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Figure 2.14: Immunofluorescence staining for α-actinin, F-actin, DAPI, and the merged images at day 7 

of differentiation of HL-1 cells seeded on PU, PU-5%ECM, PU-10%ECM, and PU-20%ECM. 

 

Figure 2.15: Immunofluorescence Staining for α-actinin, F-actin, DAPI, and the merged images at day 14 

of differentiation of HL-1 cells seeded on PU, PU-5%ECM, PU-10%ECM, and PU-20%ECM. 
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Figure 2.16: A) Aspect ratio and immunofluorescence intensity of B) α-actinin and C) F-actin of HL-1 

cells on TCP, PU, PU-5%ECM, PU-10%ECM, and PU-20%ECM. 

Culturing HL-1 cells on all scaffolds was successful, with cells capable of growing on all scaffolds. 

From live dead staining (Figure 2.12), all scaffolds showed little cell death over the seven days. Cells were 

aligned along the fibers, with apparent alignment occurring on the first day. Cell alignment was maintained 

throughout the seven days. On day four, cells were densely packed on the PU-10%ECM scaffold and PU-

20%ECM scaffold. All scaffolds on day 7 showed similar trends of dense growth and a good dispersal of 

cells. 

Cell alignment was evident on all scaffolds on days 7 and 14 of the culture with SEM (Figure 2.13). 

All scaffolds exhibited similar morphologies for α-actinin and F-actin (Figure 2.14, 2.15). The aspect ratio 

of HL-1 cells on aligned scaffolds had enhanced cell elongation compared to the TCP control (Figure 2.16). 

Fluorescence intensity of α-actinin and F- actin quantified cytoskeletal protein production, PU-20%ECM 

scaffolds had a 2-to-3-fold increase compared to PU scaffolds on days 7 and 14 of the study. A trend of 

more remarkable fold changes with increasing ECM content in scaffolds was observed (Figure 2.16).  
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2.3.7.2 In vitro culture of Rat Neonatal Cardiomyocyte on scaffolds 

 

Figure 2.17: Cell viability of NNRCM on PU, PU-10%ECM, and PU-20%ECM, with A) Live/Dead 

staining and B) cell counting from CCK-8 results on days 1, 4, and 7. 

 

Figure 2.18: Morphology of NNRCM on PU, PU-10%ECM, and PU-20%ECM on days 1, 4, and 7. 

Variable magnifications of 500x, 1000x, and 2000x were used during SEM. 
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Figure 2.19: A) Immunofluorescence staining for α-actinin, Cx-43, and DAPI on PU and PU-5%ECM, 

PU-10%ECM, and PU-20%ECM on day 7. B) Table summary of sarcomere length, Z-line length, and 

aspect ratio of NNRCM on scaffolds. 

Culturing neonatal rat cardiomyocytes (NNRCM) on the tested scaffolds exhibited favorable growth of 

cells over the study. Notably, there was a significant increase in growth exhibited by the PU-20%ECM 

scaffold compared to the PU scaffold on day 4. Growth on PU-20%ECM significantly increased compared 

to PU and PU-10%ECM on day 7 (Figure 2.17B). Similarly, PU-10%ECM exhibited a significant increase 

in growth compared to  U on day 7. Across all time points’ precise alignment of cells was exhibited on all 

aligned scaffolds compared to the control TCP (Figure 2.17A). Cell elongation was noted after one day of 

culture on aligned scaffolds (Figure 2.18). All fibrous scaffolds exhibited striation of α-actinin on cells, 

with gap junction formation from Cx-43 expression (Figure 2.19A). There was an apparent increase in 

sarcomere length, Z-line length, and aspect ratio (Figure 2.19B).  

2.4 Discussion 

Fabrication of bio-hybridization synthesized polymers with tissue-derived polymers is an efficient, 

low-cost way to produce new potential biomaterials that harmonizes the strengths of synthetic polymers 

(mechanically robust properties) and tissue-derived polymers (native tissue composition and bioactive 

properties) [214]. Particularly in electrospinning fabrications, co-electrospinning, and concurrent 

electrospinning, its widely investigated nature provides proof of concept for its success [236, 237]. The 

researched methods of co-electrospinning with natural and synthetic polymers have failed to incorporate 

native cardiac ECM into its blends aimed at cardiac tissue engineering. Previously our group has 
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investigated incorporating ECM-based hydrogels into PU based scaffolding [214]. Hence, direct 

incorporation of ECM into PU scaffolding to measure the effects ECM has on PU’s properties is a novel 

investigation. 

Fiber morphology and hydrophilicity of the scaffold are essential in cardiac cell growth due to the 

physiological cues cardiac cells rely on to proliferate and differentiate appropriately. In contrast, 

hydrophilicity encourages cellular attachment to the scaffold [86]. Electrospinning is popular due to the 

degree of customization it offers a high degree of control over the scaffolding’s morphology is obtainable 

[238]. There was a decrease in fiber diameter compared to PU across all PU-ECM scaffolds. There was no 

discernible change in fiber diameter between PU-10%ECM and PU-20%ECM. This decrease in fiber 

diameter across all ECM concentrations with no difference between the higher concentrations allows for 

reasonable size control through modifying electrospinning parameters [86]. At the higher concentration of 

ECM inclusion, the formation of microstructures called ‘nanonets’ started to appear [239]. These net 

structures do little to impact the overall morphology and are thought to be caused by the increased presence 

of PBS from digested ECM forming complex molecules with components of ECM [239]. Saudi et al., 

investigating PCL-chitosan scaffolds, suggest that ionic salts can cause this [239]. Fiber swelling from PBS 

immersion was also examined to determine how the fibers would react to similar physiological conditions. 

The swelling was evident across all scaffolds; no trend was associated between swelling and ECM 

concentration. The alignment of fibrous scaffolds was unaffected by the swelling. Shrinkage of the 

scaffoldings was anisotropic, with shrinkage depending on fiber orientation. PU-20%ECM shrank the most 

in PD and XD compared to PU-10%ECM. The PD shrank significantly more than XD. As the fibers are 

stretched across the mandrel tension is built up in the fibers. As the fibers are heated during incubation the 

tension is released, causing shrinkage [240].  

The contact angle of the scaffolds indicated a stark change in hydrophilicity with the inclusion of ECM 

into scaffolds. When only 5%ECM was included, its initial drop in contact angle was comparable to the 

10% and 20% ECM concentrations. Native ECM contains lots of GAG, which are highly water absorbent 
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to provide lubrication for smoother muscle contraction [21]. With higher concentrations of ECM, the initial 

drop in the contact angle is more pronounced. When examining the dynamic contact angle, scaffolds with 

ECM showed an apparent decrease in contact angle due to water absorbance. The higher concentrations of 

ECM accelerated the reduction over the two minutes, with the PU scaffold maintaining a relatively 

unchanged over the two minutes. Studies have indicated that more hydrophilic scaffolding has improved 

cellular attachment [112, 241]. Considering relatively small amounts of ECM need to be included to 

improve the scaffolds' hydrophilicity drastically, a small amount of ECM is required to provide benefits for 

cells' biocompatibility [86].  

Scaffold degradability is essential in tissue engineering to maintain structural support and allow cells 

to grow without hindrance. Polymeric scaffolds, mainly synthetic, are less susceptible to degradation due 

to their resistance to degradation via hydrolysis to break their chemical bonds and enzyme degradation [68]. 

Incorporating natural polymers into scaffolds would increase the degradation due to the increased potential 

of hydrolysis acting on the susceptible natural polymers in the scaffolds [224]. Incorporating ECM into our 

scaffolds exhibited a similar trend, with the PU-20%ECM scaffold exhibiting the highest degree of 

degradation compared to all other scaffolds at each time point. Another critical aspect of scaffold 

degradation is the toxicity of the by-products through degradation; within the typical MI pathology, 

degradation of existing ECM around the area of defect releases pro-MMP factors attracting macrophages 

and neutrophils, which act as a conduit for cell migration [149, 242]. Incorporating ECM into our polymeric 

scaffold enables this aspect to be present within the scaffolding. Other ECM hydrogels documented the 

benefits of their gel degradation with cell viability [149, 243]. The degradation of our scaffold enables for 

degradation of the scaffold to pave the way for cell ingrowth and the release of pro-MMPs factors to attract 

host cells for integration. 

The mechanical properties of scaffolds for cardiac tissue engineering applications are fundamental due 

to the physical demands of the heart, and the mechanical cues myocytes depend on to promote proper 

differentiation and maturation [68, 214]. Scaffolds that are physiologically like native tissue provides an 
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optimal outlet for good cell growth and differentiation [64, 72]. Typically, synthetic scaffolds are much 

stiffer than the native tissue, which phenotypically inhibits the maintenance of cardiomyocytes, leading to 

impaired functions [214]. Brower et al. noted that the mechanics of infarct tissue demonstrated a stark 

increase in stiffness compared to the healthy native tissue [244]. Cardiac tissue scaffolds need to replace 

the defective tissue caused by the infarction, emphasizing the importance of physiological and 

biomechanical similarities. Comparisons to porcine heart tissue were performed due to the structural and 

mechanistic similarities between human and porcine hearts [245, 246]. Stress relaxation of the PD native 

LV wall showed a steep decrease in stress over 15 minutes, releasing 63 ± 5.6% of the stress. At the same 

time, all tested PD scaffolds could release around 30% of the applied stress, with a slight variation in stress 

between ECM concentrations. Most of the stress loss occurred within the first two minutes of the test. 

Native tissue ECM, compiled of GAGs and collagen networks, readily underwent conformational changes 

to compensate for sustained stress [247, 248]. The rigidity of polymeric scaffold structures limited 

conformational changes. Similar trends were exhibited in the XD for the scaffold and the XD native tissue. 

The XD PU-20%ECM demonstrated the most significant decrease, releasing 42.9 ± 1.6% of the stress, 

while the XD LV native tissue released 56.2 ± 3.3% of the stress. Increased ECM content improved the 

effectiveness of releasing stress in the XD. Creep testing is used to examine the continuing deformation of 

the material along with time under a constant load. Interestingly native tissue, like the scaffolds, exhibited 

an exponential increase in strain initially before transitioning into a slow linear growth, with indications of 

plateauing out near the end of the 15-minute test. Scaffolds exhibited a similar exponential increase in strain 

before rapidly transitioning to a shallow slope and plateauing characteristics. The initial trend of native 

tissue is most closely mimicked by the PU-20%ECM scaffold. The presence of collagen and other natural 

polymers in the ECM provides for potential conformational changes before the slower deformation of the 

elastic PU [247, 248]. The sizeable slow increase in strain for native tissue is due to the reorganization of 

collagen bundles from constant loading [247, 248]. At the same time, the polymeric scaffolds are incapable 

of undergoing extreme conformational changes past the initial straightening out of any wavy fibers. XD 

native tissue had less creep than all XD scaffolds. This drastic difference in creep is due to restrictions in 
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the possible conformational changes derived from its inherent anisotropic nature [246]. Scaffolding 

exhibited a significant initial increase in creep and later a slow increase and plateauing due to the time-

dependent kinematic adjustment of constitutive fibers. Failure tests of native tissue in PD and XD directions 

exhibited less failure stress than all scaffolds. The PD failure strains of scaffolds and native tissue were 

comparable for the ECM-containing scaffolding, while the PU exhibited a statistically higher failure strain. 

PD failure stresses across all scaffolds were statistically similar. The ECM containing scaffolds showed 

failure strains like native tissue. Similar strains are likely due to the reorganized collagen within the PU-

ECM scaffolds [247, 248]. XD PU-20%ECM had statistically higher failure stresses compared to all 

scaffolds except PU-10%ECM. XD failure strains were similar, with only PU-10%ECM and PU-20%ECM 

statistically different. Cyclic testing for scaffoldings exhibited similar trends of viscoelastic materials. 

Biaxial testing revealed similar non-linear anisotropic properties. Examining the mechanical properties, the 

most likely scaffold to match native tissue parameters is the PU-20%ECM scaffolding. The scaffold could 

replicate the initial responses in stress-relaxation and creep behavior while exhibiting a similar failure strain 

to native tissue. 

Cell studies on scaffolds were largely promising, with cells capable of growing on the scaffold and 

aligning themselves with the fiber orientation. Cardiac function (contractibility and consistent contractions) 

can be heightened when the cells can grow in an aligned formation [249]. Cell count improved among all 

scaffolds over time. There was a 3-fold increase in α-actinin and f-actin fluorescent intensity on the PU-

20%ECM compared to PU. Wang et al. saw improvements in α-actinin and f-actin expression on their 

ECM-based scaffold [75]. Improvements to expression are likely due to biomolecules found within the 

incorporated ECM. Neonatal cardiomyocytes revealed improved cell morphologies with increasing ECM 

content, as shown by aspect ratio, sarcomere length, and Z-line length. Morris et al. showed that improved 

contraction strengths are associated with increased sarcomere and Z-line lengths [250]. The morphology of 

cells seeded on the aligned scaffolds reflects results obtained by Kai et al., confirming the effectiveness of 

our aligned nanofibrous scaffold at guiding cell development [89]. CCK-8 results demonstrate higher cell 
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counts of NNRCM PU-20%ECM scaffolds. Tamimi et al. demonstrated similar results with increased ECM 

content exhibiting superior cell counts compared to their polymeric scaffold [251]. Incorporating digested 

ECM into polymeric scaffolds improved hydrophilicity, directly affecting cell adhesion, with improved 

growth rates indicating higher cellular attachment.  Furthermore, the incorporation of ECM has been shown 

to improve functionality of cells [125, 251]. Improved aspect ratios and α-actinin structure demonstrated 

by sarcomere length and Z-line lengths reflect mature cell development [130]. Based on the mechanical 

and morphological characterizations of the scaffolds, PU-20%ECM scaffolding is most likely to be revealed 

as the most effective for cardiomyocyte cell growth and differentiation.  

Further exploration of higher ECM content scaffolds should be considered. Results obtained, while 

indicative of promising results, could express improved functionality from higher ECM concentrations. 

Mechanically the scaffolds weren’t compromised by high levels of   M content; further addition of ECM 

could be explored without compromising the mechanics. Similarly, improved in vitro parameters could be 

further improved if the trend continues. 

2.5 Conclusions 

An array of PU-ECM bio-hybrid nanofibrous scaffolds were synthesized via a co-electrospinning 

technique. The scaffolds morphology and mechanical properties were investigated via SEM, image 

analysis, uniaxial testing, and biaxial testing to optimize the scaffold to mechanically match the native tissue 

of porcine myocardium by altering ECM concentration. The scaffolding was morphological to native ECM 

structure with anisotropic properties. Including ECM could drastically improve the scaffolds' hydrophilicity 

and augment the scaffolds' mechanical properties to match that of native ECM. Further, in vitro studies of 

the optimized scaffolding indicate its feasibility as a cardiac scaffold. Studies with NNRCM confirm PU-

20%ECM scaffolds' favorable cell interactions. 

2.6 Outcomes 

Based on current results, the PU-20%ECM scaffolding was comparable to all in fiber size and 

morphology to all other scaffolds and exhibited the highest hydrophilicity of all the scaffolds, an essential 
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factor in cellular attachment and compatibility. The PU-20%ECM scaffold showed superior failure stresses 

and comparable failure strains to the LV tissue, exhibiting similar trends in creep testing as the LV tissue. 

These similar or excellent properties are attractive for cardiac applications, ensuring low chances for failure 

and providing similar physiological cues to cells. Cellular studies have indicated that HL-1’s growth is 

viable on all scaffolds with improved protein expression in PU-20%ECM scaffolds. Similarly, NNRCM 

cultures display similar improvements to CM maturity on PU-20% ECM scaffolds. Currently, more studies 

need to be performed to conclude whether PU-20%ECM provides the best environment for myocardium 

growth. This project was presented at a conference at BMES and SFB.  
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CHAPTER III: Electrospun Elastic Nanofiber Polyurethane Scaffold Incorporated with 

Conductive Reduced Graphene Oxide for Muscle Cell Culture 
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3.1 Introduction 

Electrical impulses generated by the sinoatrial node (SA) transmitted throughout the heart are needed 

for maintaining homeostasis within the myocardium and regular beating rhythms [252, 253]. The efficient 

transfer of these impulses from cardiomyocytes to surrounding cardiomyocytes enables the heart's well-

timed contractions for maximal blood flow. Cell singling of electrical signals is derived from the 

polarization between the membrane; this polarization is vital for many cell functions and phenotypes [254]. 

Cardiac tissue engineering scaffolds often comprise insulative polymers, inhibiting the proper transfer of 

these signals throughout the scaffold [255, 256]. Cells within the insulative scaffold do not receive 

appropriate electrical signaling impacting their differentiation and connection to the host. Efforts to 

overcome this weakness have been achieved in a myriad of ways. Incorporating semiconductive polymers 

like polypyrrole has shown promise with increased growth of cardiomyocytes and cardiac protein marker 

presence [189]. Another popular technique is doping scaffolds with conductive elements. One of the main 

doping agents investigated has been graphene and its derivatives graphene oxide (GO) and reduced 

graphene oxide (rGO). 

The advent of graphene and its derivatives, GO and rGO, revolutionized the material science field, 

leading to better sensors and high-performance transistors [257]. Graphene’s wide range of innovative 

properties has been quickly incorporated into the biomaterial field. The use of GO and rGO as doping agents 

to augment scaffolds' chemical and mechanical properties has been widely researched [175, 258, 259]. GO, 

and rGO have varying advantages; GO contains more hydroxyl and epoxide groups on the basal plane of 

the graphene sheet with edges containing carboxyl groups [260]. These oxygen groups cause GO to be 

more stable in aqueous solution, hydrophilic, and easy to functionalize [260]. Reduced graphene oxide is 

synthesized by reducing GO, lowering the number of oxygen groups on the carbon sheet. [260]. Reduction 

of GO makes rGO less stable in aqueous solutions, increasing difficulties in dispersal and lowering 

hydrophilicity; however, rGO regains its conductive properties and can be tuned depending on surface 

oxygen content [260]. Investigations have shown that the inclusion of GO and rGO stimulates the 

proliferation and maturation of neuronal and cardiac cells [184, 261]. The chemical mechanism for GO and 
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rGO stimulation of growth is not fully understood, requiring further investigation [261, 262]. Some rGO 

doped scaffolding experiments have shown increased angiogenetic factors stimulation [156, 263]. In 

various studies of scaffolds doped with GO and rGO, the mechanical properties of the construct were 

strengthened, indicating a structural re-enforcing property [184, 258, 259]. Conductive doping has been 

vastly explored with graphene oxide (GO) or reduced graphene oxide (rGO) [260, 264-270]. Park et al. 

investigated rGO’s effects on cardiac cell growth reporting stimulation of angiogenetic growth factor 

expression and increased gap junction protein from the mesenchymal stem, improving cardiac repair and 

function restoration [268]. An improvement in cell-to-cell communication was reported from growth on the 

rGO sheets due to the electrically conductive properties [263, 268]. 

As indicated in the literature, the plethora of benefits rGO has on tissue-engineered scaffolds leaves 

little doubt about its need for further exploration. Our group has extensive experience investigating 

biodegradable polyurethane (PU) as a tissue engineering scaffold due to its elasticity and mechanical 

properties [214, 233, 271]. Doping PU with rGO would create an extensible, structurally resilient, semi-

conductive scaffolding material, providing optimal conditions for cardiomyocyte cell growth. A prior study 

that incorporated PU and rGO used thermoplastic PU (TPU) and a shallow concentration of rGO  (0.025% 

(w/w)) in their scaffolding [175]. No attempt at conductivity measurement was documented in this study, 

leaving room for further investigation into the PU/rGO blend. Nazari et al. investigated the incorporation 

of rGO into PU and used functionalized graphene-silver further to augment the physical and chemical 

properties [259]. Like the previous study, TPU was used and only explored two concentrations of rGO-Ag 

(1% and 2%). Both previous studies investigated a non-biodegradable-based PU. A systematic investigation 

of rGO’s effect on PUs mechanics and determining the optimal concentration to produce a conductive 

scaffold provides a deeper insight. Obtaining a complete understanding of the effects of rGO on myocardial 

cell growth helps validate rGO as an effective additive for cardiac tissue engineering. 

This study aims to fabricate a PU and rGO composite scaffold for cardiac tissue engineering 

applications. Based on prior investigations on rGO, we hypothesize that incorporating rGO into PU creates 

a biocompatible, conductive, elastic scaffold that can withstand the heart's physiological demands and 
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improve the seeded growth and differentiation cells. We focused on examining varying concentrations of 

rGO (w/w) compared to PU to fabricate a scaffold with optimal mechanical and biocompatible parameters. 

Characterizing the scaffold’s morphology and mechanical properties can determine the similarity to native 

tissue in its innate chemical and physical characteristics. In vitro cellular studies assess the scaffold's effects 

on C2C12 growth, differentiation, and gene expression, indicating if the scaffold would be a viable muscle 

scaffold. Studies with neonatal rat cardiomyocytes have been performed for viability, growth, and gene 

expression, investigating our scaffolds' effects on cardiac muscle development. 

3.2 Materials and Methods 

3.2.1 Materials 

Polycaprolactone diol (PCL, Mn = 2000) was dried in a vacuum oven at 60°C overnight. 

Hexamethylene diisocyanate (HDI) and putrescine were purified via distillation. Stannous octoate (Sn 

(Oct)2), isopropanol, 1,1,1,3,3,3-hexafluoro-2-propanol (HFIP, Oakwood Products), anhydrous dimethyl 

sulfone (DMSO), and reduced graphene oxide (rGO). All materials were obtained from Sigma unless stated 

otherwise. 

3.2.2 Biodegradable Polyurethane Synthesis 

Previously published literature was referenced to synthesize biodegradable PU [43]. Briefly, a three-

neck round bottom flask full of DMSO PCL diol (Mn = 2000) was dissolved under N2. HDI and 3 droplets 

of Sn(Oct)2 were stirred into the DMSO solution and heated to 70 °C for 3 hours. Putrescine dissolved in 

DMSO was stirred into the initial solution once it cooled to room temperature until a final molar ration of 

1:2:1 of PCL: HDI: putrescine was achieved. The mixture was left overnight at 70 °C, and DI water 

precipitated the polymer. Isopropanol was used to purify the polymer to remove unreacted monomers and 

oligomers. The PU was then placed to dry at 60 °C for three days in a vacuum oven. 
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3.2.3 Electrospun rGO Doped Scaffold Fabrication 

 

 

 

Figure 3.1: Schematic of aligned electrospinning setup 

Reduced graphene oxide doped scaffolds were fabricated using a standard electrospinning process 

with a rotating mandrel as the collection target (Figure 3.1). The steel rotating mandrel (D = 150 mm, L 

= 40 mm) was wrapped with aluminum foil before collection. To a vial HFIP (8 mL) and rGO (0.0032g, 

0.0064g, 0.0128, 0.256g) was added and stirred for 24 hours. The solution was then sonicated (25% amp) 

for 1 hour in an ice bath. After sonication PU (0.64g) was stirred into the solution overnight. It was 

sonicated once more for 1 hour in an ice bath before the solution was loaded into a 10 mL syringe, extruded 

at 1 ml/hour, from 15 cm, and 25 kV charge for 8 hours. The collection mandrel was kept at 2500 rpm 

with a -5 kV charge. After electrospinning finished, samples remained on the mandrel overnight. Samples 

were collected by cutting across the sheet and gently peeling off the aluminum foil. Samples were 

transferred to another aluminum sheet mandrel side down and stored until used. 
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3.2.4 Scaffold Characterization 

3.2.4.1 ATR-FTIR 

ATR-FTIR was performed for each fabricated scaffold using a Thermo Nicolet 6700 FTIR 

Spectrometer to record spectra with a wavelength range of 4000-600 cm-1. Spectrum peaks were found and 

recorded for comparisons between scaffolds. 

3.2.4.2 Scaffold Morphology Analysis 

A sputter coater (Hummer VI Sputtering system) coated scaffolds with a thin gold/platinum (Au/Pt) 

layer. A scanning electron microscope (SEM) (Hitachi S-4800 II FE-SEM) was then used for morphological 

analysis of the scaffolds. The software ImageJ was used to determine fiber diameter and the degree of fiber 

alignment (n=120). The SEM scale bar was used as the reference bar for ImageJ analysis. Fiber angle data 

were exported to Excel to form a histogram and normalized curve (n=120). Scaffold shrinkage was 

quantified by scaffold size measurement with calipers after immersion in PBS for 24 hours in a 37 °C 

incubator (8 mm diameter, n = 5). After immersed samples were freeze-dried and SEM analysis was 

performed as before on freeze-dried samples, effects of swelling on fiber diameter and alignment were 

determined. 

3.2.4.3 Contact Angle 

A custom-built instrument controlled by FTA32 software was used to quantify the surface 

hydrophilicity of scaffolds. Samples were cut into 3 cm × 1 cm (n = 2) and mounted on glass slides with 

double-sided tape. Slides were placed on the instrument platform and adjusted for the camera focus on the 

side of the scaffolds. A micropipette was positioned above the scaffold. 5 µL of DI water was applied to 

the sample. The scaffolds were slid over; a new droplet was applied to a dry area for new images to be 

taken. Photos of the droplet were taken at 15, 30, 60, 90, and 120 seconds after droplet application; this was 

repeated three times. Droplets were applied to each sample for a total of n = 6 for each group. The FTA32 

software was used to calculate the contact angle. Calculations occurred by outlining the edge of the droplet 

on the droplet picture. 
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3.2.4.4 In vitro Enzymatic Degradation 

Scaffold samples were cut and weighed (W0), with W0 at least 25 mg, and were then immersed in 2 mL 

of a lipase/PBS solution (100 U/mL) at 37 °C. Samples at days 3, 7, and 14 (n = 3 for each time point) after 

immersion, with the solution, refreshed every 3 days. After collection, samples were washed in DI water 

and freeze dried. The samples were then reweighed (W1), and % degradation was calculated using the 

following equation:  

 % 𝐷𝑒𝑔𝑟𝑎𝑑𝑎𝑡𝑖𝑜𝑛 =
𝑊1

𝑊0
 × 100    [1] 

3.2.4.5 Conductivity Measurement 

Films were produced using the same solution preparation method for electrospinning as above; 

however, solutions were poured into dishes. Dishes were covered with aluminum foil, poked with holes, 

and left overnight for evaporation. Films were cut into 8 mm diameter circle samples (n = 3) to perform 

conductivity testing. Scaffolds were placed on a glass slide and a 4-point probe (Four-Point Probe, Ossila) 

for measurement recording. The current was measured over a sweeping voltage of 0 to 10V; sheet resistance 

measurements were taken 100 times once the target current of 10 µamps was achieved. The software 

calculated the average conductivity and resistivity of the scaffolds. Testing was also performed on scaffolds 

after soaking in PBS at 37°C for 24 hours. Scaffolds had excess PBS removed by blotting with a paper 

towel before measurements were taken. 

3.2.4.6 Mechanical Testing 

3.2.4.6.1 Uniaxial Mechanical Testing 

Fabricated scaffolds and native tissue (n = 5) were cut into 5 mm × 30 mm strips to perform uniaxial 

testing (Test Resources, MN). Native tissue samples were harvested from the LV of porcine hearts. The LV 

wall composed of both epicardium and myocardium was cut into samples of 1-2 mm thick strips (5 mm × 

30 m). Scaffolds were cut in the PD and XD. Scaffolds were soaked in PBS at 37 °C for 24 hours before 

testing. LV tissue samples were tested when at room temperature. The grip-to-grip length of the loaded 

samples was about 10 – 15 mm. Stress relaxation, creep, cyclic, and test to failure testing were run on 
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samples with a sampling rate of 20 samples/second. For stress relaxation and creep, 100 g was used as the 

target load and a jogging speed of 10 mm/min, with each testing lasting for 15 minutes once the target load 

was achieved. Cyclic testing required samples to be stretched to 30% strain for ten cycles. Failure testing 

was ended once samples broke. Data was exported to Excel for stress and strain calculations and graphing. 

3.2.4.6.2 Biaxial Mechanical Testing 

Like uniaxial preparation of LV porcine wall, samples were cut into 1-2 mm thick squares (1 cm × 1 

cm) and tested at room temperature. Fabricated scaffold (n = 3) samples were cut into 1 cm × 1 cm squares 

and marked to know the orientation for biaxial testing. Four markers made of white tape were added to the 

samples to track deformation, and sutures were used to load samples into a custom biaxial instrument. The 

load was set to 60 N/m:60 N/m, and data was processed in Excel.  

3.2.5 Cell Compatibility and Behavior 

Scaffolds used in C2C12 studies consisted of PU, PU-1%rGO, PU-4%rGO, PU-10%rGO, and tissue 

culture plastic. Neonatal rat cardiomyocyte cultures occurred on PU, PU-4%rGO, PU-10%rGO, and tissue 

culture polystyrene (TCP). 

3.2.5.1 In vitro C2C12 Cell Culture on PU-rGO Scaffolds 

Investigating the impact scaffolds have on cell behavior was analyzed with the following groups: PU, 

PU-1%rGO, PU-4%rGO, PU-10%rGO, and tissue culture plastic (TCP). The samples were cut into 15 mm 

× 15 mm squares. They were taped onto circular glass cover slides. In a 24-well plate the samples were 

placed and held with stainless steel rings. They were sterilized via UV light for 60 minutes on both sides. 

Scaffolds were submerged in sterile PBS 3 times at 15-minute intervals to remove any residual solvent. 

DMEM is added to the wells and placed in the incubator for 2 hours before seeding cells. Scaffolds were 

prepared similarly for proliferation and differentiation, with a cell density of 5 × 104 and 1 × 105 cells/well, 

respectively. Differentiation studies began with growth media for the first 24 hours before shifting to the 

differentiation media till the end of the study. Cells cultured for growth studies remained in the growth 
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media the entire study. Cells were incubated for seven days at 37 °C with 95% air and 5% CO2 at high 

humidity. Growth media was composed of DMEM supplemented with 10% fetal bovine serum (FBS), 100 

U/mL penicillin and streptomycin, and two mM L-glutamine. Differentiation media consisted of DMEM 

supplemented with two mM L-glutamine, 100 U/mL penicillin and streptomycin, and 1% FBS. 

3.2.5.2 In vitro Culture of Neonatal Rat Cardiomyocytes on PU-rGO Scaffolds 

Ventricular neonatal rat cardiomyocytes (NNRCM) (Lonza, R-CM-561O were cultured for two days 

in a T25 flask before seeding on scaffolds. After resuscitating the cells, they were cultured in cardiac 

myocyte growth media (RCGM) BulletKit™ (Lonza,   -4515) for four hours before replacing 80% of the 

media with R GM  ulletKit™ supplemented with 200 µM bromodeoxyuridine (BrdU) (Lonza, CC-4519). 

Scaffolds (n = 8) were prepared by cutting the scaffolds into 5 mm diameter circles with a press cut, with 

UV sterilization lasting for 60 minutes on each side before affixing to the bottom of a 96 well plate with 

plastic holders. Scaffolds were washed with PBS thrice at 15-minute intervals and then incubated with 

R GM  ulletKit™ for two hours before seeding with CM. Cells were seeded with a 1 × 105 cells/well 

density in the R GM  ulletKit™ supplemented with 200µM BrdU, replacing 50% of the media every three 

days. Seeded scaffolds were incubated at 37°C with high humidity and 95% air and 5% CO2 for the seven-

day study. R GM  ulletkit™ is composed of rat cardiac myocyte basal medium (Lonza,   -3275) and 

R GM SingleQuots™ Kit (Lonza,   4516). 

3.2.5.3 Live/Dead Staining on PU-rGO Scaffolds 

Live/dead staining was performed on days 1, 4, and 7 of culture in growth media to assess the cell 

viability of cells on nanofibrous scaffolds. Cells were stained green with calcein-AM to indicate live cells, 

while ethidium homodimer-1 (EthD-1) was used to stain dead cells red. Samples were removed from the 

media and washed with PBS twice before treatment with two µM calcein AM and four µM EthD-1 in 

DMEM for 30 minutes at 37 °C. An inverted fluorescent microscope (Nikon Eclipse Ti) was utilized to 

capture images of cells. 
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3.2.5.4 CCK-8 Cell Counting on PU-rGO Scaffolds 

A cell counting kit, CCK-8 (Sigma), was used to measure cell viability. It was performed on days 1, 4, 

and 7. Briefly, cell media was removed from target wells and replaced with 100 µL of DMEM and 10 µL 

of CCK-8 solution, and one blank well was also filled with the same solution before they were placed in 

the incubator for 1 hour (n = 3). After incubation, the media was removed from wells and placed in a new 

96-well plate for microplate reading. The media-filled 96-well plate was placed in a microplate reader 

(Tecan Spark 10M) with a target wavelength of 450 nm and a reference wavelength of 650 nm. The cell-

laden wells were washed with PBS twice before filling with their required cell media for continued use in 

the study. Obtained absorption values from wells were used to calculate the OD by subtracting the blank 

absorbance from the obtained values. 

3.2.5.5 Cell Morphology on PU-rGO Scaffolds 

Differentiation cultures were fixed and imaged with SEM to assess cellular alignment on the scaffold 

on days 3 and 7. Wells had their differentiation media removed and replaced with PBS twice to wash 

scaffolds. A 2.5% glutaraldehyde solution was introduced for 15 minutes to fix the cells, after which it 

was washed with PBS. Ethanol solutions with increasing concentrations (50%, 70%, 80%, 90%, 95%, and 

100%) were added to the wells for 5 minutes, except for 100% ethanol which was done twice, to dehydrate 

the samples. Scaffolds were left to dry on a mat for 24 hours to air dry before SEM, following the same 

protocol previously described. 

3.2.5.6 Immunofluorescence Staining on PU-rGO Scaffolds 

C2C12 seeded on scaffolds in differentiation media after 3 and 7 days had immunofluorescence 

staining for myosin heavy chain (MHC) and F-actin. NNRCM seeded scaffolds stained on day 7 for α-

actinin and Cx-43. Scaffolds were washed with PBS twice before fixing with a 4% paraformaldehyde 

solution for 15 minutes. The 4% paraformaldehyde solution was washed off the scaffold using PBS before 

submerging in a 0.3% Triton X-100 in PBS to permeabilize cells for 10 minutes under incubation. A 2% 

bovine serum album (BSA) in PBS solution was introduced to the scaffolds at room temperature for 60 
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minutes before treatment with the primary antibody (Myosin Heavy Chain (MHC) antibody,1:50-1:100, 

Santa Cruz;  monoclonal anti-α-actinin (sarcomeric), 1:50-1:100, Santa Cruz; anti-connexin-43 rabbit 

antibody, 1:200, Santa Cruz)  in 1% BSA solution overnight at 4°C. Scaffolds were washed three times 

with PBS before treatment with the secondary antibody (goat anti-mouse IgG (H+L) Highly Cross-

Adsorbed Secondary Antibody, Alexa Fluor™ Plus 555, 1:1000 for α-actinin; Alexa Fluor™ 594 goat 

anti-rabbit IgG (H+L) for Cx-43) in a 1% BSA for 1 hour in the dark at room temperature. Scaffolds were 

treated with tetramethyl rhodamine isothiocyanate (TRITC) labeled phalloidin (1:400) in a 1% BSA 

solution for 20 minutes in the dark at room temperature; cells were also counterstained with 4’, 6-

diamidino-2-phenylindole (DAPI, 300nM) for the cell nuclei. Scaffolds were washed three times with PBS 

before imaging. A confocal laser fluorescence microscope (Nikon A1R HD25 Confocal Microscope) was 

used to take images of the cells. ImageJ was used to measure the cell length, width, sarcomere length, and 

Z-line length [234, 235]. Five representative images per sample were analyzed for calculations and 

averages. The following equations were used for image analysis: 

𝐴𝑠𝑝𝑒𝑐𝑡 𝑅𝑎𝑡𝑖𝑜 =   
𝐿𝑒𝑛𝑔𝑡ℎ 𝑜𝑓 𝐶𝑒𝑙𝑙

𝑊𝑖𝑑𝑡ℎ 𝑜𝑓 𝐶𝑒𝑙𝑙
    [2] 

 

3.2.6 Statistical Analyses 

Data obtained was reported as mean ± standard deviation. Comparisons between two groups used a 

two-tailed Student’s t-test to determine statistical significance. A statistical difference was indicated with a 

P-value less than 0.05. A one-way analysis of variance (ANOVA) test was used for comparisons between 

more than two groups. Similarly, when the P-value was less than 0.05, then statistical significance was 

indicated. A Tukey test was performed on ANOVA results which with statistical significance. Excel did 

the calculation for all analyses 
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3.3 Results 

3.3.1 Scaffold Fabrication 

 

Figure 3.2: Electrospun image of PU, PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, and PU-

10%rGO. Scaffolds retained a shine across all rGO concentrations and darker coloration with increasing 

rGO. 

All scaffolds were silky to the touch (Figure 3.2). Scaffolds took on a darker color with the increase in 

rGO concentration. When removed from the mandrel, bundling up from the release of circular stress was 

less noticeable with increasing rGO concentration.  

3.3.2 ATR-FTIR Surface Characterization 

 

Figure 3.3: ATR-FTIR spectra of PU, PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, PU-10%rGO 

scaffolds, and rGO flakes in the wavelength range of 4000-600 cm-1. 
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The FTIR spectra revealed chemical interactions between rGO and the functional groups found on the 

PU chain (Figure 3.3). There was a noticeable shift across all scaffolds with increased rGO concentration. 

The pure rGO spectra were relatively flat with no distinct peaks. A broad peak centered around 3300 cm-1 

displays more broadening with increasing rGO concentration. This peak corresponds to O-H bonds. 

3.3.3 Scaffold Morphology Analysis 

Table 3.1: Summary of shrinkage of PU, PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, and PU-

10%rGO after immersion in PBS at 37°C for 24 hours 

 

 

Figure 3.4: A-F) Images taken with SEM of PU, PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, 

and PU-10%rGO before and G-L) after immersion in PBS at 37°C for 24 hours. M) Fiber analysis table 

before and N) after immersion in PBS at 37°C for 24 hours for PU, PU-0.5%rGO, PU-1%rGO, PU-

2%rGO, PU-4%rGO, and PU-10%rGO and O) rGO flakes used in scaffold fabrication SEM image. Scale 

bar length is 10 µm. 
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Continuous highly aligned nanofibrous scaffolds were observed with no indication of beading between 

all blends of PU and rGO (Figure 3.4A-L). Some flakes of rGO were observable in the images, with more 

detectable flakes in the high concentrations of rGO scaffolds. The PU scaffold had an average fiber diameter 

of 464 ± 87 nm. The average fiber diameter of PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, and 

PU-10%rGO was 568 ± 166 nm, 425 ± 125 nm, 539 ± 158 nm, 444 ± 112 nm, and 689 ± 226 nm, 

respectively. PU-10%rGO had significantly larger fiber diameters than all other scaffolds, with p values < 

0.01. Comparatively, PU had the most petite fiber diameters compared to the other scaffolds, with p values 

< 0.01. There was no significant difference in diameter between PU and PU-1%rGO. Similarly, the fiber 

angle had no significant change between the PU and PU-rGO concentrations except PU-0.5%rGO, with a 

p-value < 0.01. PU scaffold exhibited a fiber angle of 87 ± 11°. Scaffolds with increasing amounts of rGO 

exhibited angles of 91 ± 7°, 86 ± 16°, 94 ± 10°, 90 ± 7°, and 92 ± 30° for PU-0.5%rGO, PU-1%rGO, PU-

2%rGO, PU-4%rGO, and PU-10%rGO, respectively. PU-0.5%rGO was significantly different in fiber 

alignment than PU, PU-1%rGO, and PU-4%rGO, with p values < 0.05. The rGO flakes imaged show 

multilayered flakes with various sizes between flakes. 

PU exhibited a fiber diameter of 651 ± 222 nm after 24 hours in PBS (Figure 3.4G-L). Scaffolds with 

increasing concentrations of rGO also exhibited swelling with PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-

4%rGO, and PU-10%rGO fiber diameters measured as 671 ± 245 nm, 701 ± 196 nm, 710 ± 264 nm, 639 ± 

195 nm, and 845 ± 255 nm, respectively. PU-10%rGO exhibited a significantly larger fiber diameter than 

other scaffolds, with p values < 0.001. The PBS immersed PU had a fiber angle of 88 ± 30°. Scaffolds with 

increasing amounts of rGO exhibited angles of 84 ± 94°, 87 ± 38°, 80 ± 35°, 81 ± 41°, and 86 ± 38° for PU-

0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, and PU-10%rGO, respectively. No difference was found 

between the fiber angle after swelling. 

Shrinkage of scaffolds exhibited anisotropic properties with variations in shrinkage depending on 

scaffold orientation (Table 3.1). The PD PU scaffold shrank 30.8 ± 1.2% of the original length. Scaffolds 

containing rGO were 31.7 ± 1.1%, 33.1 ± 2.4%, 29.5 ± 2.1%, 23.6 ± 2.2%, and 21.0 ±2.3% for PU-



 

86 

 

0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, and PU-10%rGO, respectively. At lower concentrations 

of rGO, there was little to no impact on shrinkage effects; at higher concentrations (4% and 10%), the 

shrinkage decreased compared to the PU sample. PU-4%rGO and PU-10%rGO shrank significantly less 

than all other scaffolds, with p values < 0.01. Overall, PU-10%rGO shrank the least, significantly different 

from PU-4%rGO with a p-value < 0.05. The shrinkage of XD scaffolds was much less than the PD. XD PU 

shrank 6.2 ± 2.8% of its original size. The rGO containing scaffolds shrank 7.6 ± 2.4%, 13.2 ± 3.2%, 6.3 ± 

0.9%, and 10.2 ± 2.9%, and 3.6 ± 5.2% of their original size for PU-0.5%rGO, PU-1%rGO, PU-2%rGO, 

PU-4%rGO, and PU-10% rGO, respectively. There were no significant differences between XD scaffolds 

except between PU-1%rGO and PU-10%rGO, with a p-value < 0.05. 

3.3.4 Contact Angle  

 

Figure 3.5: A) Droplet at 15, 30, 60, 90, and 120 seconds after application for PU, PU-0.5%rGO, PU-

1%rGO, PU-2%rGO, PU-4%rGO, and PU-10%rGO B) Change of contact angle with time for PU, PU-

0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, and PU-10%rGO. C) Contact angle values over 120 

seconds for PU, PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, and PU-10%rGO. 
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The addition of rGO to scaffolds potentially impacts the overall hydrophilicity of the scaffold and 

affects the cell attachment and proliferation on the scaffold. PU scaffolds were observed to have a contact 

angle of 120 ± 7° 15 seconds after the droplet was placed. PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-

4%rGO, and PU-10%rGO had contact angles of 129 ± 6°, 126 ± 9°, 124 ± 6°, 129 ± 6°, and 132 ± 5° 

respectively. The contact angle of the scaffolds was measured over 120 seconds, with little change in the 

contact angle. The effect various concentrations of rGO have on the contact angle is shown in Figure 3.5. 

PU-10%rGO was significantly different from PU at all time points, with p values < 0.05. PU-10%rGO was 

also considerably different from PU-2%rGO at all periods except after 90 seconds, with p values < 0.05.  

3.3.5 In vitro Enzymatic Degradation 

 

Figure 3.6: A) % remaining weight of in vitro enzymatic degradation of PU, PU-1%rGO, PU-4%rGO, 

and PU-10%rGO over the course of the 14-day study. B) Summary of values for % remaining weight at 

each time point. The degradation solution was composed of PBS and 100 U/mL lipase; samples were 

incubated with the solution for 14 days. 

All scaffolds retained at least 20% of their weight by the end of the 14-day study (Figure 3.6). On day 

3, the PU-1%rGO (75.5 ± 5.1%) and PU-10%rGO (73.1 ± 3.5%) scaffold degraded significantly less than 

the PU scaffold (59.6 ± 1.8%). This trend continued on day 7, with PU-1%rGO (59.3 ± 2.0%) and PU-
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10%rGO (58.1 ± 6.2%) were still significantly different than PU (47.5 ± 0.9%). On day 14, the trend was 

broken, with PU-10%rGO exhibiting the highest amount of degradation, retaining only 22.0 ± 6.7% of the 

mass, with the only statistical difference between PU-1%rGO and PU-10%rGO, with a p-value < 0.05. 

3.3.6 Conductivity 

Table 3.2: Conductivity of PU, PU-1%rGO, PU-4%rGO, and PU-10%rGO film

 

Polymer composite films were used for conductivity measurement due to an inability to obtain readings 

using the fibrous scaffolds. At concentrations of rGO lower than 4%, no measurements were obtained, and 

any obtained were noise and inconsistent (data not shown). Table 3.2 shows the lower resistivity and higher 

conductivity due to increased rGO doping, with PU-10%rGO having significantly higher conductivity (p < 

.0001). Similarly, sheet resistance and resistivity decreased in response to increasing the amount of rGO in 

the films. Resistivity is inversely related to conductivity. Wet conductivity measurements exhibited lower 

conductivity when measuring using the same parameters compared to the dry conductivity measurements. 

The decrease in conductivity was thought to be due to the bulk conductivity measurement coming from the 

PBS. 

 

 

 

 

                                                                         

                         

      

                

     

                 

     

          

           

      

    

            

     

    

             

     

                                                

          

    

          

    

          

                                                

          

    

          

    

          

                                              

          

    

          

    

          

                                            

    

                

     



 

89 

 

3.3.7 Mechanical Testing 

3.3.7.1 Stress-relaxation Behavior 

 

Figure 3.7: A) PD stress-relaxation of PU, PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, PU-

10%rGO, and LV porcine wall B) XD stress-relaxation of PU, PU-0.5%rGO, PU-1%rGO, PU-2%rGO, 

PU-4%rGO, PU-10%rGO, and LV porcine wall C) Table of stress relaxation values of PU, PU-0.5%rGO, 

PU-1%rGO, PU-2%rGO, PU-4%rGO, and PU-10%rGO and LV porcine wall in the PD and XD. 

PD scaffolds were compared to PD native tissue (Figure 3.7A). Native tissue could release 45.6 ± 4.7% 

of the stress applied over the 15 minutes. The PD PU scaffold could release 31.3 ± 1.2% of the stress. PD 

PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, and PU-10%rGO had decreases in stress measuring 

25.6 ± 5.4%, 28.6 ± 0.7%, 32.8 ± 2.1%, 31.7 ± 3.2%, and 36.6 ± 2.6% respectively over a 15-minute period. 

PU-10%rGO released significantly more stress than the other scaffolds except for PU-2%rGO, with p 

values < 0.05. Native tissue was able to unload more stress than all scaffolds examined, with p values < 

0.05. In the XD native tissue, 56.2 ± 3.3% of the stress was released; comparatively, XD PU released 29.0 

± 1.9% of the stress. PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, and PU-10%rGO had decreases 

in stress measuring 36.5 ± 1.4%, 32.0 ± 3.4%, 36.3 ± 2.6%, 36.3 ± 2.9%, and 44.4 ± 5.2% respectively over 

a 15-minute period in the XD. When measuring the XD PU-10%rGO scaffolds, the target load had to be 

lowered due to the scaffold breaking. The ability of the fibrous scaffolds to release stress decreased slightly 
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at lower concentrations of rGO (0.5% and 1%) compared to the PU scaffold, with p values < 0.05. The PU-

10%rGO scaffold exhibited the best ability to release stress in the XD; however, this could be due to needing 

to lower the target load to obtain data. Native tissue was more efficient at releasing stress than all scaffolds 

tested, with p values < 0.05. 

3.3.7.2 Creep Behavior 

 

Figure 3.8: A) PD creep testing of PU, PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, PU-

10%rGO, and LV porcine wall B) XD creep testing of PU, PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-

4%rGO, PU-10%rGO, and LV porcine myocardium C) Summary table of creep testing values of PU, PU-

rGO scaffolds and LV porcine wall. 

The scaffolds' elasticity or stretchability and resistance to deformation were measured through creep 

testing, tracking how much the scaffold stretches under a constant load (Figure 3.8). Native tissue, with the 

load applied in the PD direction, stretched 4.1 ± 1.4% of its original length over the 15 minutes; 

comparatively, PD PU exhibited a 5.9 ± 0.7% increase in its original length. PD PU-0.5%rGO, PU-1%rGO, 

PU-2%rGO, PU-4%rGO, and PU-10%rGO stretched to 6.4 ± 0.4%, 6.6 ± 2.0%, 10.8 ± 3.1%, 6.9 ± 1.1%, 

and 8.7 ± 6.8% respectively. Native tissue exhibited significantly less creep than all scaffolds except PU-

10%rGO, with p values < 0.05. PU-2%rGO exhibited significantly different creep than PU, PU-0.5%rGO, 

and PU-4%rGO, with p values < 0.05. The XD native tissue had stretched 9.1 ± 2.9% of its original length. 
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In contrast, XD PU was 49.6 ± 36.1% of its original length. XD PU-0.5%rGO, PU-1%rGO, PU-2%rGO, 

PU-4%rGO, and PU-10%rGO exhibited 54.2 ± 33.0%, 27.7 ± 10.4%, 37.7 ± 6.7%, 33.6 ± 24.4%, and 40.1 

± 22.2% of their original lengths, respectively. When measuring the PU-10%rGO scaffolds, the target load 

had to be lowered due to the scaffold breaking in the XD. Outliers present in scaffold testing caused standard 

deviations to be high. All scaffolds except PU-4%rGO exhibited much higher stretching than the native 

tissue, with p values < 0.05. No significant differences were found. 

3.3.7.3 Failure Testing 

 

Figure 3.9: A) PD failure testing of PU, PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, PU-

10%rGO, and LV porcine wall B) XD failure testing of PU, PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-

4%rGO, PU-10%rGO, and LV porcine wall C) Table of failure stress and strain values for PU, PU-

0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, PU-10%rGO, and LV porcine wall in the PD and XD. 

The failure stress and strain of tissue and scaffolds were measured by pulling on the sample until it 

broke to test the effects rGO has on the scaffold’s mechanical properties and determine how comparable 

the scaffolds are to native tissue (Figure 3.9). The PD native tissue failed at 0.12 ± 0.06 MPa, and its failure 

strain was 1.57 ± 0.08; compared to all scaffolds, the native tissue had significantly lower failure stress. 
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Comparatively, PU failed at 16.2 ± 1.4 MPa with a failure strain of 2.20 ± 0.03 when a load was applied in 

the PD. While PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, and PU-10%rGO had failure stresses 

of 18.7 ± 0.9, 26.1 ± 4.6, 28.1 ± 8.14, 15.7 ± 3.5, and 7.2 ± 1.4 MPa respectively, with failure strains of 

3.02 ± 0.25, 3.55 ± 0.57, 2.54 ± 0.25, 2.98 ± 0.20, and 1.73 ± 0.06, respectively. PU-0.5%rGO, PU-1%rGO, 

and PU-2%rGO exhibited significantly higher failure stresses than PU, with p values < 0.03. All scaffolds 

exhibited significantly higher failure stresses than native tissue, with p values < 0.05. PU-10%rGO 

exhibited the lowest failure stress compared to the other scaffolds, with p values < 0.03. Failure strains were 

equally affected by rGO, with PU-10%rGO exhibiting the lowest failure strain compared to all scaffolds 

except PU-4%rGO, with p values < 0.03. PU-4%rGO and PU-10%rGO were the only scaffolds that did not 

have significantly different failure strains compared to native tissue. PU exhibited significantly different 

failure strains than all scaffolds except PU-4%rGO, with p values < 0.03. The failure stress and strain in 

the XD direction for the native tissue were 0.21 ± 0.06 MPa and 2.13 ± 0.15. The PU's XD failure stress 

and strain were 0.78 ± 0.33 MPa and 3.04 ± 0.16. PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, and 

PU-10%rGO had failure stresses of 1.42 ± 0.34, 1.62 ± 0.60, 1.57 ± 0.70, 0.99 ± 0.34, and 0.32 ± 0.06 MPa 

respectively, with failure strains of 4.69 ± 0.15, 3.85 ± 0.43, 3.28 ± 0.23, 3.07 ± 0.12, and 3.37 ± 1.18, 

respectively. In a similar trend to the PD, the XD failure stress increased with rGO content until PU-4%rGO, 

then there is a drastic drop in failure stress, with PU-10%rGO exhibiting the lowest failure stress of all 

tested scaffolds, with p values < 0.03. Native tissue exhibited the lowest failure stress compared to all 

scaffolds, with p values < 0.03. PU-2%rGO exhibited the highest failure stress but was not significantly 

different from PU-0.5%rGO and PU-1%rGO. Native tissue’s failure strain was significantly different from 

all scaffolds except PU-10%rGO, with p values < 0.01. Only PU-0.5%rGO had a significantly different 

failure strain from the PU scaffold, with a p-value < 0.01. The initial modulus increased in PD and XD up 

to 4%rGO, with a large drop in the PU-10%rGO scaffold compared to PU. All scaffolds initial modulus 

was significantly higher than the native tissue. 
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3.3.7.4 Cyclic Mechanical Testing 

 

Figure 3.10: Cyclic test to 30% strain over 10 cycles with the various scaffolds; A) PU B) PU-0.5%rGO 

C) PU-1%rGO D) PU-2%rGO E) PU-4%rGO F) PU-10%rGO 

Through cyclic loading of the scaffold and native tissue, the loading-unloading behavior of the scaffolds 

was measured (Figure 3.10). The stress borne by the scaffolds decreased with increasing concentrations of 

rGO until PU-10%rGO. All scaffolds exhibited pseudoelastic behaviors and quickly adjusted to repetitive 

cyclic stress-strain behavior by the second cycle. 

3.3.7.5 Biaxial Mechanical Testing 

 

Figure 3.11: A) Biaxial testing of PU, PU-0.5%rGO, PU-1%rGO, PU-2%rGO, PU-4%rGO, PU-

10%rGO, and B) LV porcine wall 
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Native cardiac tissue exhibited a stiffer behavior along the fiber-preferred direction than the cross fiber-

preferred direction, with similar trends occurring in PD and XD of all scaffolds (Figure 3.11). The XD 

showed a more nonlinear and extensible behavior, and the PD showed a stiffer behavior. PU scaffold 

exhibited the stiffest curves in both PD and XD directions. Overall, along the XD direction, the scaffolds 

were more extensible when the rGO concentration increased. The trend in PD direction, however, is not 

apparent. 

3.3.8 In vitro Cell Compatibility and Behavior 

3.3.8.1 In vitro Culture of C2C12 Cells on PU-rGO Scaffolds 

 

Figure 3.12: A) Live/Dead Staining of C2C12 cell seeded on PU, PU-1%rGO, PU-4%rGO, PU-

10%rGO, and TCP on days 1, 4, and 7, and B) cell count from CCK-8 of C2C12 Cells on PU, PU-

1%rGO, PU-4%rGO, PU-10%rGO on day 1, 4, and 7. 
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Figure 3.13: Images of C2C12 cell differentiation at 500x, 1000x, and 2000x magnification on days 3 

and 7 of culture for PU, PU-1%rGO, PU-4%rGO, PU-10%rGO taken with SEM. 

 

Figure 3.14: Immunofluorescence Staining for MHC, F-actin, DAPI, and the merged images on days 3 

and 7 of differentiation of C2C12 cells for PU, PU-1%rGO, PU-4%rGO, PU-10%rGO. 
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There was nominal growth of C2C12 on all scaffolds, with cells oriented along the direction of the fibers 

(Figure 3.12). Higher concentrations of rGO had a lower count of cells on day 1 due to the low cellular 

affinity of the hydrophobic nature of rGO. The morphology of differentiated cells had high degrees of 

alignment on days 3 and 7 across all scaffolds (Figure 3.13). Highly aligned cells indicate the scaffolds 

effectively cultivated cells that benefit from high degrees of structure. On day seven, a high degree of 

myosin heavy chain (MHC) was present in all scaffolds, with all forming highly interconnected cells. There 

was no indication of myotube formation (Figure 3.14). 

3.3.8.2 In vitro Neonatal Rat Cardiomyocyte Culture on PU-rGO Scaffolds 

 

Figure 3.15: Cell viability of NNRCM for PU, PU-4%rGO, PU-10%rGO, and TCP, A) Live/dead 

staining of NNRCM on PU, PU-4%rGO, 10%rGO, and TCP, B) Cell counting results from CCK-8 of PU, 

PU-4%rGO, and PU-10%rGO scaffolds. 
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Figure 3.16: NNRCM morphology on PU, PU-4%rGO, and PU-10%rGO scaffolds, at 500x, 1000x, and 

2000x magnification. Images were taken on days 1, 4, and 7 with SEM. 

 

Figure 3.17: A) Immunofluorescence staining of NNRCM for a-actinin, Cx-43, and DAPI on PU, PU-

4%rGO, PU-10%rGO, and TCP on day 7. B) Summary table of sarcomere length, Z-line length, and 

aspect ratio of NNRCM on scaffolds. 

All scaffolds exhibited good cell viability, with CCK-8 indicating superior cell count on conductive 

scaffolds compared to PU (Figure 3.15B). No results obtained from the CCK-8 were significant. However, 

a clear trend of increased cell count is present in the PU-10% rGO scaffold, though nonsignificant. 

Morphologically there were highly organized aligned cells along the preferred direction of the fibers 

(Figure 3.16). There was mature production of cytoskeletal structures forming on all scaffolds, with the α-

actinin forming distinct Z-lines (Figure 3.17). PU-10% rGO exhibited the most extensive sarcomere length 

and Z-line length, with a trend of lengths increasing correlating with rGO concentration (Figure 3.17B). 

Cell clusters on all scaffolds exhibited gap junction formation with Cx-43 expression on the peripheral of 
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the cells. There was more peripheral production of Cx-43 on rGO-containing scaffolds compared to TCP 

and PU. Cx-43 expression suggested that the conductive environment encouraged gap junction formation. 

3.4 Discussion 

Fabrication of electrically conductive scaffolds has been highly investigated for myriad tissue 

engineering applications (i.e., skeletal muscle, neuron, and cardiac) along with biosensors [257, 261, 272]. 

Rapid fabrication of these scaffolds has often used electrospinning to reply to doping agents or synthesize 

conductive polymers [270]. The blending of graphene and its derivatives into polymeric scaffolds has 

gained much popularity from the graphene’s potential mechanical augmentations and conductive properties 

[200, 217, 262, 269]. Although common, conductive doping agents in polymeric scaffolds still require vast 

exploration to identify an optimal agent and concentration for its intended purpose. Only one paper 

investigates polyurethane doped with reduced graphene oxide for cardiac tissue applications [175]. Their 

explored doping combination used thermoplastic polyurethane rather than a more biodegradable elastic 

type and analyzed shallow levels of rGO doping [175]. Systematic investigation of varying concentrations 

of rGO into polyurethane better fit for cardiac tissue engineering offers a unique insight into rGO’s effects 

on muscle and cardiac cell growth. 

Scaffolds were able to be produced with no bead formation, as evident by SEM analysis. All scaffolds 

were highly aligned, indicating that rGO content did not affect the overall morphology of the scaffolds. All 

scaffolds were nanofibrous regardless of rGO concentration, with PU-10%rGO exhibiting the largest fiber 

diameter. There were no discernable trends between diameter and rGO concentration. Post-PBS immersion 

showed a similar trend, with PU-10%rGO exhibiting the largest fiber diameter; other scaffolds exhibited 

similar diameters. Morphology was unchanged by PBS immersion; the shrink study showed how high 

concentrations of rGO lead to less shrinkage from the scaffold, causing less bunching of fibers within the 

scaffold. Both PU-4%rGO and PU-10%rGO exhibited significantly less shrink than other scaffolds. PU-

10%rGO showed substantially less shrinkage in the fiber preferred direction compared to PU-4%rGO. 

Contact angle measurements reinforce this trend. Typically, graphene oxide improves the hydrophilicity of 
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scaffolding because of oxygen-containing functional groups on the parallel plane of GO, allowing for more 

interaction with water molecules [260, 273]. Reduction removes some functional groups, making rGO more 

hydrophobic than GO [260, 273]. This increase in hydrophobic nature was evident by contact angle 

measurements, showing prolonged water absorption over the two-minute test. This hydrophobic property 

allowed scaffolds to minimize water absorption, shrinking less and maintaining their morphology more 

easily. PU-10%rGO exhibited a significantly higher contact angle to PU across all time points. The 

anisotropic nature of the aligned scaffolds confirmed asymmetric shrink and the aligned formation of the 

scaffolds. 

The conductivity of the scaffolds is a critical factor in the reasoning for the rGO doping of PU. A 

conductive environment has been shown to significantly increase cell-to-cell communication of electrically 

active cells and promote the growth and proliferation of these cells [184, 258]. Reported skeletal and 

ventricular cardiac muscle conductivity values range from 0.3-0.6 S/m [274]. Previous studies using rGO 

exhibited superior increases in conductivity with 4-8% rGO concentration [275, 276]. The rGO used in 

scaffold fabrication are flakes rather than monolayer sheets; this difference leads to the need for a high 

concentration of rGO to measure conductive effects. The flake aggregation diminishes the electrical 

charge's ability to be carried continuously throughout the film [156]. Methods to avoid aggregation of rGO 

rely on either post fabrication reduction of GO to rGO, leading to better dispersal due to GO having better 

stability in organic solvents [177, 263, 277]. Obtained conductive values fall well within the reported native 

tissue conductance [274]. Wet conductivity measurements exhibited an exciting result of significantly 

decreasing conductivity compared to the dry films. The proposed reason for the decrease in conductivity is 

because the PBS is responsible for the bulk conductivity [278]. Martins et al. experienced a similar decrease 

in their conductive scaffold for this reason [278]. Degradation of the scaffolds is an equally important study. 

Cell growth and penetration into the scaffold require a balanced degradation rate so new cells and ECM 

can replace the degrading scaffold [68]. For optimal tissue engineering applications of the scaffolds, a 

constant structural and electrical support of the cells ensures that the scaffolding failure does not occur once 
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implanted in the body. Results from degradation indicate that rGO-containing scaffolds initially retained 

more mass on days 3 and 7 of the study than PU. The PU-10%rGO scaffold was extremely delicate on day 

14. The rGO doesn’t contribute to maintaining the structure of the scaffold, allowing for various fragments 

to easily break off. 

The mechanical properties of the fabricated scaffolds were extensively compared to the native tissue of 

the LV of a porcine heart. Porcine hearts were used due to their mechanical and structural similarities to 

human hearts [245, 246]. Optimizing mechanical properties ensures proper structural support of the heart. 

At the same time, the matched mechanical properties allow appropriate mechanical cues to be applied to 

the cells for proliferation and differentiation. Compared to PU scaffolds, lower concentration graphene 

oxide addition was shown to reduce the stress relaxation, while higher concentration graphene oxide 

addition increased the stress relaxation. PU-0.5%rGO and PU-1%rGO exhibited significantly less stress 

release than the PU scaffold. The crystalline structure of PU might explain the alteration of stress relaxation. 

When lower concentrations of rGO are added, the rGO sheets can diffuse through the fiber network due to 

van der Waal’s forces, improving the fibrous interaction [279]. When in high concentrations, stacking of 

rGO sheets can occur, interfering with the crystalline structure of PU and decreasing its interaction [279]. 

PU-10%rGO was shown to have significantly higher stress decay than the other scaffolds except for PU-

2%rGO. The XD exhibits a less obvious trend with rGO concentration. The main significant differences 

were shown between PU and the PU-0.5%rGO and PU-1%rGO, further confirming that lower 

concentrations of rGO reduced the stress decay.  

The PD creep testing showed a similar trend, with low to medium concentrations of PU having superior 

mechanics. PU-2%rGO showed statistically highest creep compared to PU, PU-0.5%rGO, and PU-4%rGO. 

Creep testing exhibited no statistically significant differences in the XD across all scaffolds. It is important 

to note that the PU-10%rGO scaffold required a lower target load due to breakage, further adding to the 

idea that the scaffolds’ continuous internal structure was interrupted due to rGO saturation. Failure stresses 

and strains showed the same trend with increasing the failure stress and strain at the lower concentrations 
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and starting to decrease once over-saturated with rGO. In all failure testing cases, the PU-10%rGO scaffold 

was still mechanically superior to the native tissue, indicating that the weakening of the scaffold is not too 

extreme to prevent its use as a cardiac scaffold. Cyclic stretching showing the quick adjustment and 

resistance to cyclic stress indicates that the scaffold maintains its viscoelastic properties even with the 

stiffening from lower concentrations of rGO. Biaxial testing showed comparable anisotropic properties to 

a pig's LV myocardium. 

Cellular studies with skeletal muscle cells, a similarly electroactive tissue as cardiac tissue, indicated 

that cells could grow and form an aligned structure on all tested scaffolds. Low cellular attachments based 

on lower cell counts on the higher concentrations of rGO are reinforced by the alterations in hydrophilicity 

from the rGO particles [280]. SEM analysis of cells morphology showed a high degree of alignment of the 

cells at both time points, required for optimal skeletal muscle and cardiac tissue engineering. These results 

mimic other studies testing improved conductive scaffolds [281, 282], suggesting that the scaffolding and 

presence of rGO positively impact the cultured cells. PU-10%rGO fibrous scaffolds exhibited similar 

protein staining as PU-4%rGO. Studies using NNRCM on our scaffolds exhibited favorable growth and 

maturity across all scaffolds, with PU-10%rGO exhibiting the highest aspect ratio, sarcomere, and Z-line 

length. Live/dead staining across all scaffolds exhibited a low presence of dead cells; furthermore, CCK-8 

revealed an increasing amount of viable NNRCM with increased rGO concentration. Scaffolds containing 

rGO displayed higher presence of Cx-43 peripherally compared to TCP and PU. Increased expression of 

Cx-43 is tied to gap junction formation [283, 284]. The improved conductive environment promoted the 

formation of gap junctions between cells for better signaling action potentials [284]. 

3.5 Conclusions 

Various rGO doped PU nanofibrous scaffolds with anisotropic properties were fabricated using a co-

electrospinning technique. The scaffolds morphology and physical characteristics were investigated with 

SEM and contact angle to determine how it is affected by varying concentrations of rGO. Mechanical 

properties were determined with uniaxial and biaxial testing to compare with LV porcine tissue to determine 
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if the scaffolds could mimic the mechanical properties of cardiac tissue. Ongoing investigations into the 

degree rGO affect scaffolds' conductivity help determine optimal concentrations to balance its effects on 

the mechanical and conductive properties to be better suited for cardiac tissue engineering. Scaffolds 

exhibited promising results with skeletal muscle in vitro studies to understand rGO’s effects on electrically 

active cells. NNRCM seeded on PU-rGO scaffolds had positive signs of enhanced development with 

improved sarcomere lengths and Z-line lengths. 

3.6 Outcomes 

We have produced nanofibrous scaffolds that are all comparable in morphology regardless of rGO 

content. The hydrophilicity of scaffolds was shown to be impacted slightly by rGO concentration, with no 

significant difference between all scaffolds at all time points. Mechanically all scaffolds exhibited improved 

mechanical characteristics compared to native LV tissue. Considering the small changes shown from the 

PU-0.5%rGO, PU-1%rGO, and PU-2%rGO, future testing should not include PU-0.5%rGO and PU-

2%rGO. A diverse exploration into different methods to measure conductivity needs to be made from 

difficulties in testing conductivity. Preliminary cell studies using C2C12 cells have indicated the need for 

further studies with PU-4%rGO and PU-10%rGO before deciding the optimal scaffold. PU-rGO scaffolds' 

effects on NNRCM also provide promising results as a potential cardiac scaffold. PU-10%rGO scaffolds 

displayed the highest sarcomere, Z-line, and aspect ratio. Expression of Cx-43 was notably increased in 

rGO-containing scaffolds supporting the beneficial effects of conductive environments on CM 

development. This work has been presented at a conference for the SFB.  
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CHAPTER IV: Fabrication of an Elastic Conductive Bioactive Electrospun Nanofiber 

Scaffold for Cardiomyocyte Culture 
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4.1 Introduction 

Over the years, cardiac scaffold development has grown more complex to fulfill cardiac tissue 

engineering demands better. Synthesis of new complex biomaterials has shown great promise to be more 

bioactive or conductive through augmentation. The promise of these new biomaterials has been 

demonstrated that more complex biomaterials can even further improve treatment. Plenty of research has 

shown that the hybridization of synthetic polymers with natural polymers creates a biomaterial that 

incorporates the structural benefits of synthetic polymers while also improving biocompatibility by 

providing binding sites for cells that occur in nature [124, 212, 221]. Other studies have shown the benefits 

of incorporating electrically active components with synthetic polymers to create a mechanically sturdy 

scaffold that can efficiently deliver electrical impulses for cell singling [93, 213, 261, 264]. Creating more 

complex scaffolds that combine these bioactive and electrically active components stands to benefit from 

both aspects. The development of cardiac scaffolds that provide biochemical cues and are electrically 

conductive has indicated this [265]. [285]. Norahan et al. investigated a collagen scaffold doped with rGO 

exemplifying the benefits of these blends [258]. Scaffolds displayed high levels of biocompatibility due to 

collagen, with structural reinforcement from rGO, and exhibited a degree of electric activity. Tondnevis et 

al. investigated a PU/gelatin/carbon nanotube blend [286]. This blend was proven to be effective. Gelatin 

gave the scaffold softness, compensating for the stiffening carbon nanotubes caused. It was mechanically 

robust due to PU. Integrations with this variety of materials have shown complementary effects on the 

scaffolds, compensating for any potential downsides one material might exhibit because of the benefits 

another material provides. The tri-blended scaffold showed significantly increased cardiomyocyte 

proliferation compared to scaffolds containing PU/gelatin and PU/carbon nanotubes. Further proving these 

new complex materials are beneficial. 

Various investigations into decellularized porcine myocardium have promising therapeutic effects on 

cardiac regeneration [75]. Often these fabricated scaffolds are hydrogels, which, while showing favorable 

therapeutic effects lack proper mechanical support for more extensive treatment [68, 80]. These studies lack 

the incorporation of conductive properties into the PU hybridized scaffolds. Similarly, studies investigating 
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conductive additives such as rGO have shown promising results [184, 258, 259]. In contrast, they lack the 

incorporation of biologically relevant natural polymers or biomolecules. Using our group’s previous 

investigation into PU blends of PU-ECM and PU-rGO, an inquiry into a scaffold containing elements from 

both potential scaffolds reveals any potential additive benefits. Since no other group has been found to 

incorporate conductive additives, specifically rGO, into a PU based scaffold augmented by the addition of 

digested ECM, a novel biomaterial composition is proposed. 

This study aims to fabricate a PU-based scaffold incorporating the optimal blends of de-cellularized 

ECM and rGO to produce a bioactive and conductive scaffold. Based on literature search and prior 

investigations, we hypothesize that a conductive, bioactive, and mechanically comparable scaffold to native 

cardiac tissue should improve cardiac differentiation compared to individually blended scaffolds. We 

characterize a composite scaffold's morphology, hydrophilicity, mechanics, and cellular compatibility in 

this study. Through characterizations and comparisons to previously formed scaffolds and native tissue, we 

determine if this complex amalgamation is better suited as a potential cardiac scaffold. 

4.2 Material and Methods 

4.2.1 Materials 

Materials were obtained from Sigma unless stated otherwise. Polycaprolactone diol (PCL, Mn = 2000) 

was placed in a vacuum oven at 60°C overnight to be dried. Hexamethylene diisocyanate (HDI) and 

putrescine underwent distillation for purification. Stannous octoate (Sn(Oct)2), isopropanol, 1,1,1,3,3,3-

hexafluoro-2-propanol (HFIP, Oakwood Products), anhydrous dimethyl sulfone (DMSO), pepsin, porcine 

stomach mucosa (EMD Millipore Corp., USA), and reduced graphene oxide (rGO) were used as purchased. 

Hydrochloric acid (HCl, 35% solution) and sodium hydroxide (NaOH, 25% solution) were diluted to form 

a 0.01M and 0.1M solution for pepsin activation and neutralization. Porcine hearts were donated from a 

local butcher shop (Fischer Meat Market, Muenster, Texas). Lipase from Thermomyces lanuginosus 

(50mL) was diluted with PBS to achieve a 100 U/mL solution for degradation studies. 
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4.2.2 Biodegradable Polyurethane Synthesis 

The synthesis procedure for biodegradable polyurethane was found and replicated in the literature [43]. 

Briefly, PCL diol (Mn = 2000) was dissolved with DMSO in a three-neck round bottom flask under nitrogen 

protection. DHI and Sn (Oct)2 (3 drops) were added and stirred in the DMSO solution under heating (70°C) 

for 3 hours. Putrescine was first dissolved in DMSO before the solution was added to the three-neck round 

bottom flask once it reached room temperature to achieve a final molar ratio of 1:2:1 (PCL: HDI: 

putrescine). The mixture was then heated to 70°C and left overnight to react. Before it was transferred to 

isopropanol, DI water was used to precipitate the polymer to remove unreacted monomers and oligomers. 

PU was then dried via vacuum at 60°C for three days. 

4.2.3 ECM Extraction and Digestion 

Dissected left ventricle tissue from porcine hearts was used to make the decellularized ECM. Left 

ventricle tissue was thinly sliced and immersed in a 1% SDS with vigorous stirring. The SDS solution was 

removed after 6 hours, with the tissue retained using a filter before replenishing with a new SDS solution. 

After 24 hours, the SDS solution was replaced every 48 hours until all tissue lost coloration. Samples were 

thoroughly washed with DI water before freeze-drying. Once fully dried (24-48 hours), the tissue was 

crushed into a fine powder with a mortar, pestle, and liquid nitrogen. For digestion, 150 mg of fine powder 

was weighed with 10 mg of pepsin and stirred in 10 mL of 0.01 HCl until the solution became gelatinous, 

and the powder was fully dissolved (48 to 72 hours). 1 mL of 0.1M NaOH was added to neutralize the 

solution and quickly mixed before it was freeze-dried until thoroughly dried (24 to 48 hours). Digested 

ECM was crushed into a fine powder in liquid nitrogen. The ECM powder was weighed out for their 

respective scaffolds before they were dissolved in HFIP for electrospinning. 
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4.2.4 Electrospun Conductive Hybrid Scaffold Fabrication 

 

Figure 4.1: Schematic of aligned electrospinning setup 

A standard aligned electrospinning process was used to fabricate the conductive hybrid scaffold 

(Figure 4.1). Before electrospinning, the steel rotating mandrel (D = 150 mm, L = 40 mm) target was 

wrapped with aluminum foil. In a vial, 8 mL of HFIP and rGO was added and sonicated with an ultrasonic 

tip for 1 hour in an ice bath for dispersal. After sonication, 4 mL of solution was removed to be used later 

to dissolve ECM. PU was added to the other 4 mL and left to dissolve with stirring overnight. One hour 

before electrospinning, the 4 mL solution of rGO is added to the vial of ECM to be dissolved. The 

rGO/ECM solution is added to the PU/rGO solution and mixed with sonication for 10 minutes. Once wholly 

integrated, the solution was loaded into a 10 mL syringe for electrospinning. Extrusion of solution occurred 

at 1 mL/hour, with needle tip 15 cm from mandrel, +25 kV charge on the needle for 8 hours. The mandrel 

was kept at a constant 2500 rpm, and a -5kV charge was applied. After electrospinning, fibrous scaffolds 

remained on the mandrel overnight in the fume hood for any residual solvent to evaporate. The scaffolds 

were removed from the mandrel by making one cut across the mat, gently peeling the scaffold free, and 

transferred to aluminum foil with the mandrel side facing down. Scaffolds were stored in the foil until used 

for characterization or cell studies. 
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4.2.5 Scaffold Characterization 

4.2.5.1 ATR-FTIR 

Attenuated total Fourier Transform Infrared spectroscopy (ATR-FTIR) was performed on each scaffold 

using a Thermo Nicolet 6700 FTIR Spectrometer. The wavelength range was 4000-600 cm -1. Spectrum 

peaks were found and compared between scaffolds. 

4.2.5.2 Scaffold Morphology Analysis 

The morphology of scaffolds was assessed with a scanning electron microscope (SEM) (Hitachi S-4800 

FE-SEM) after scaffolds were coated with gold/platinum (Au/Pt) with a Hummer VI sputtering system. 

Obtained images were analyzed with ImageJ to measure fiber diameter and angle to assess alignment (n = 

120). The scale bar from SEM images was used to calibrate the ImageJ pixel to µm ratio for analysis, with 

excel was used to calculate the fiber angle histogram and normalized curve. Shrinkage of scaffolds was 

obtained by immersing samples (8 mm diameter, n =5) for 24 hours in PBS at 37°C. The samples were 

removed and measured with a caliper to measure the lengths. Samples were then quickly washed with DI 

water before freeze-drying, to be analyzed by SEM following the same procedure to quantify scaffold 

swelling. 

4.2.5.3 Contact Angle 

The contact angle of samples was obtained using a custom-built instrument controlled by FTA32 

software. Scaffolds were cut into 3 cm × 1 cm (n = 2) and mounted to a glass microscope slide with double-

sided tape. Slides were placed on an adjustable platform. Once the side of the sample slide was in focus, a 

micropipette filled with DI water applied a 5 µL drop to the sample, with images were taken 15, 30, 60, 90, 

and 120 seconds after the drop was applied. The sample was then slid over 1 cm before the next reading 

was taken, for 3 drops per sample. Using the built-in software, the contact angle was calculated by outlining 

the droplets from the obtained images. There was a total of n = 6 for each scaffold group. 

4.2.5.4 In vitro Enzymatic Degradation 

Scaffolds were cut into samples that were weighed (W0, at least 25 mg), immersed in 2 mL (100 U/mL 

lipase/PBS solution) in physiological conditions (37°C). Every 3 days, the lipase solution was removed and 
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replenished with a new solution. At time points 3, 7, and 14 days ((n = 3) for each time point), scaffolds 

were removed from the lipase solution and thoroughly washed with DI water. Scaffolds were freeze-dried 

and weighed (W1) to calculate the % degradation using the following equation: 

% 𝐷𝑒𝑔𝑟𝑎𝑑𝑎𝑡𝑖𝑜𝑛 =
𝑊1

𝑊0
 × 100     [1] 

4.2.5.5 Conductivity 

Films were fabricated for conductivity testing. Sample solutions were prepared in the same method 

described above. Solutions were poured into a PTFE dish. The dishes were covered with aluminum foil that 

had holes in them and left to evaporate overnight. Samples (8 mm diameter, n =3) were placed on a glass 

slide for conductivity testing. The slide was placed on a 4-point probe stand (Four-Point Probe, Ossila), and 

the stand was moved until the probes were in contact with the sample. The current through the samples was 

measured over a sweeping voltage of 0 to 10V. Once the target current was measured, the sheet resistance 

measurements were taken 100 times. The software calculated the average resistivity and conductivity. The 

conductivity of scaffolds in wet conditions was also tested by submerging samples in PBS for 24 hours at 

37°C. Before testing excess, PBS was removed from scaffolds with paper towels. Measurements were then 

taken in the same manner as the dry samples. 

4.2.5.6 Mechanical Testing 

4.2.5.6.1 Uniaxial 

Native tissue and fabricated scaffolds (n = 5) were cut into 5 mm × 30 mm strips to perform uniaxial 

testing (Test Resources, MN), with samples from PD and the XD. The outer wall of a porcine LV was 

dissected and cut into 5 mm × 30 mm strips that were 1-2 mm thick. Polymer samples were soaked in PBS 

at 37°C for 24 hours before testing. LV tissue was tested when at room temperature. The samples were 

loaded in the grips, with the grip-to-grip length around 10 – 15 mm. Scaffolds have stress relaxation, creep, 

failure testing, and cyclic testing performed on them. Tests had 20 samples/second and 10 mm/min jogging 

rates. The target load for stress relaxation and creep testing was 100 g, after which 15 minutes of data was 

recorded. Cyclic testing lasted for 10 cycles with a target strain of 30%. Failure testing was conducted by 
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pulling the sample until it broke, after which the test ended. All data were exported to excel for calculations 

and to make the graphs. 

4.2.5.6.2 Biaxial 

Scaffolds and native tissue were cut into 1 cm × 1 cm squares and marked to indicate scaffold direction 

(n = 3). Dissected porcine LV outer walls were cut into 1 cm × 1 cm squares that were 1-2 mm thick. Four 

markers using white tape were applied to the sample and loaded into a custom biaxial machine controlled 

by a LabView program with sutures. Loading was set to 60 N/m at a jogging rate of 0.5 mm/second, and 

data processing was performed in Excel. 

4.2.6 Cell Compatibility and Behavior 

Scaffolds tested for cell studies were PU, PU-20%ECM, PU-10%rGO, and PU-20%ECM-10%rGO. A 

tissue culture polystyrene (TCP) was used as a control. 

4.2.6.1 Neonatal Cardiomyocyte Culture 

Nano-fibrous scaffolds for neonatal cardiomyocyte (Lonza, R-CM-561) culture were prepared by 

cutting 5 mm diameter circles with a steel cut press (n = 8), with sterilization with UV light occurring for 

60 minutes on each side before they were fixed to the bottom of a 96 well plate with plastic holders. 

Scaffolds were washed thrice in 15-minute intervals with PBS and then incubated for 2 hours in rat cardiac 

myocyte growth media  ulletKit™ (Lonza,   -4515) before seeding with CM. Two days before seeding 

scaffolds, cells were resuscitated and cultured in a T25 flask, with the initial 4 hours of culturing occurring 

in RCGM BulletKit™ before replacing 80% of the media with RCGM BulletKit™ supplemented with 200 

µM bromodeoxyuridine (BrdU) (Lonza, CC-4519). Cells were seeded with a density of 1 × 105 cells/well 

for 7 days, with 50% of the media replaced every three days with RCGM BulletKit™ supplemented with 

200 µM BrdU. RCGM BulletKit™ is composed of rat cardiac myocyte basal medium (Lonza, CC-3275) 

and RCGM SingleQuots™ (Lonza, CC-4519). Cell seeded scaffolds were incubated at 37°C with 95% air 

and 5% CO2 high humidity for the 7-day study.  
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4.2.6.2 Live/Dead Staining 

A live/dead viability kit (Sigma) assessed cell viability of scaffolds on days 1, 4, and 7 of culture in the 

growth media. Live cells were stained green with calcein-AM, while the dead cells were stained red with 

ethidium homodimer-1 (EthD-1). Samples were washed using PBS twice before treatment with 2 µM 

calcein AM and 4 µM EthD-1 in DMEM for 30 minutes in an incubator at 37°C. An inverted fluorescent 

microscope (Nikon Eclipse Ti) was used to take the images. 

4.2.6.3 CCK-8 

The use of a cell counting kit, CCK-8 (Sigma), helped assess cell viability on scaffolds, performed on 

days 1, 4, and 7 of the study (n = 3). Cell-laden wells had their media removed and replaced with 100 µL 

of DMEM and 10 µL of the CCK-8 kit solution, with one blank well plate filled with the solution. Cells 

were left to incubate for one hour after introducing the cell counting solution before transferring the media 

to a new 96-well plate to be used in a microplate reader. The new well plate was read in a microplate reader 

(Tecan Spark 10M) with a target wavelength of 450 nm and a reference wavelength of 650 nm. Obtained 

absorption values were subtracted by the blank to remove background noise to calculate the OD. Cells were 

washed with PBS twice before refilling with the necessary cell media for continued use in the study. 

4.2.6.4 Cell Morphology 

Neonatal cardiomyocytes fixed on days 1, 4, and 7 of the culture were imaged with SEM to characterize 

the morphology of cells on the scaffold. Scaffolds were washed with PBS twice before fixing with a 2.5% 

glutaraldehyde solution for 15 minutes. After the 15 minutes, scaffolds were washed twice with PBS before 

dehydration. To dehydrate the samples, they were submerged in increasing ethanol concentration solutions 

(50%, 70%, 80%, 90%, 95%, and 100%) for 5 minutes in each solution and twice for 5 minutes in the 100% 

solution. Scaffolds were placed on tissue paper to air dry for 24 hours. Samples were then prepared for 

viewing with SEM using the same protocol previously described. 

4.2.6.5 Immunofluorescence Staining 

Immunofluorescence staining was performed on differentiation cultures on day 7 for the neonatal 

cardiomyocytes. Scaffolds were stained for α-actinin, Cx-43, and DAPI. Before staining, scaffolds were 
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washed twice with PBS and fixed in a 4% paraformaldehyde solution. After 15 minutes, the scaffolds were 

rewashed with PBS before permeabilization in 0.3% Triton X-100 in PBS solution for 10 minutes in an 

incubator. After 10 minutes, samples were washed 3 times with PBS. A 2% bovine serum album (BSA) in 

PBS solution was added and left at room temperature. After an hour, the primary antibodies (Monoclonal 

anti-α-actinin (sarcomeric), 1:200, Santa Cruz; Anti-Connexin-43 antibody, 1:200, Santa Cruz) in 1% BSA 

solution were added to the scaffolds and left overnight at 4°C. The following day scaffolds were washed 

with PBS three times. The secondary antibodies (goat anti-mouse IgG (H+L) Highly Cross-Adsorbed 

Secondary Antibody, Alex Fluor™ Plus 488 for α-actinin; Alexa Fluor™ 594 goat anti-rabbit IgG (H+L) 

for Cx-43) in 1% BSA solution were added to the scaffolds in the dark at room temperature for 1 hour. 

Counter-stain 4’,6-diamidino-phenylindole (DAPI) was used to stain the nuclei. Scaffolds were then 

washed with PBS 3 times before imaging. A confocal laser fluorescence microscope (Nikon A1R HD25 

Confocal Microscope) imaged the cells. Images were processed through ImageJ to characterize the cells, 

using five representative images per sample. Cell length, width, sarcomere length, and Z-line length were 

measured with ImageJ. The aspect ratio was calculated using the following equation [234, 235]: 

𝐴𝑠𝑝𝑒𝑐𝑡 𝑅𝑎𝑡𝑖𝑜 =   
𝐿𝑒𝑛𝑔𝑡ℎ 𝑜𝑓 𝐶𝑒𝑙𝑙

𝑊𝑖𝑑𝑡ℎ 𝑜𝑓 𝐶𝑒𝑙𝑙
     [2] 

4.2.7 Statistical Analyses 

Reported experimental data was reported as the mean ± standard deviation. A two-tailed Student’s t-

test was used for two group comparisons. More than two group comparisons used a one-way analysis of 

variance (ANOVA) test, with statistical significance indicating if the P-value was less than 0.05. A Tukey-

Kramer test was performed on ANOVA results that returned statistical significance to find significance 

between each group. All analyses were calculated using Excel. 
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4.3 Results 

4.3.1 Scaffold Fabrication 

 

Figure 4.2: The obtained electrospun PU, PU-20%ECM, PU-10%rGO, and PU-20%ECM-10%rGO, with 

evident changes in color due to rGO and ECM inclusion. 

Including ECM in the scaffolds caused the scaffold to take on a rougher texture than PU and PU-

10%rGO (Figure 4.2). The inclusion of rGO darkened the scaffold. The PU-10%rGO scaffold was darker 

than the PU-20%ECM-10%rGO scaffold. The lighter color of PU-20%ECM-10%rGO compared to PU-

10%rGO was due to the inclusion of ECM. 
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4.3.2 ATR-FTIR 

 

Figure 4.3: ATR-FTIR Surface Characteristics of PU, PU-20%ECM, PU-10%rGO, and PU-20%ECM-

10%rGO scaffolds with pure ECM and rGO flakes in the wavelength range of 4000-600 cm-1. 

The ATR-FTIR spectra obtained for the scaffolds showed the different characteristic peaks for PU, PU-

20%ECM, PU-10%rGO, PU-20%ECM-10%rGO scaffolds, and pure ECM and rGO (Figure 4.3). The 

obtained spectra for PU-20%ECM-10%rGO are noticeably shifted down, with a more pronounced broad 

peak from 3200 – 3500 cm-1 (O-H) from the inclusion of ECM and rGO. 

4.3.3 Scaffold Morphology 

Table 4.1: Summary of shrinkage of PU, PU-20%ECM, PU-10%rGO, and PU-20%ECM-10%rGO after 

immersion in PBS at 37°C for 24 hours. 
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Figure 4.4: A-D) Images of PU, PU-20%ECM, PU-10%rGO, and PU-20%ECM-10%rGO before 

immersion and E-H) after submersion in PBS at 37°C for 24 hours taken with SEM. I) rGO flakes used in 

scaffold fabrication. J) Table of fiber analysis of PU, PU-20%ECM, PU-10%rGO, and PU-20%ECM-

10%rGO scaffolds before immersion in PBS and K) after submersion in PBS at 37°C for 24 hours. Scale 

bar length is 10 µm. 

 

All scaffolds contained continuously aligned nanofibers from SEM images; no beads were visible with 

all composite scaffolds (Figure 4.4). All composite blend scaffolds were nano-sized, with a decrease in 

fiber diameter and inclusion of ECM into the scaffolds compared to the PU and PU/rGO scaffolds. The PU 

average fiber diameter was 517 ± 199 nm, while the PU-20%ECM, PU-10%rGO, and PU-20%ECM-

10%rGO was 367 ± 155 nm, 572 ± 297 nm, and 438 ± 158 nm, respectively. PU fiber diameter was 

significantly larger than the PU-20%ECM and PU-20%ECM-10%rGO. PU-20%ECM exhibited the 

smallest fiber diameter; statistically, PU and PU-10%rGO were alike. For all samples, fiber alignment was 

maintained with similar distributions of fiber angle. PU was measured to have an average fiber angle of 88 

± 9°, while for PU-20%ECM, PU-10%rGO, and PU-20%ECM-10%rGO was 90 ± 12°, 87 ± 36°, and 88 ± 

17°, respectively. The inclusion of ECM into the scaffold had no discernible effect on the alignment, with 

the inclusion of rGO increasing the deviation of alignment. There were no statistical differences between 

all scaffolds in fiber alignment. Effects of swelling from PBS submersion were determined via SEM and 
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showed similar fiber diameter compared to non-submerged scaffolds (Figure 4.4K). PU measured an 

average fiber diameter of 512 ± 176 nm. PU-20%ECM, PU-10%rGO, and PU-20%ECM-10%rGO 

measured 424 ± 142 nm, 375 ± 87 nm, and 356 ± 110 nm, respectively. All scaffolds except PU-10%rGO 

and PU-20%ECM-10%rGO had significantly different sizes. Fiber alignment of the immersed PU scaffolds 

was 85 ± 13°, while the PU-20%ECM, PU-10%rGO, and PU-20%ECM-10%rGO was 91 ± 15°, 86 ± 30°, 

and 90 ± 19°, respectively. There was no statistical difference between any submerged scaffold fiber angles. 

Scaffold shrinkage in response to PBS immersion was recorded and shown in Table 4.1. The scaffolding 

shrank in an anisotropic nature, with the amount of shrinkage depending on the orientation of the fibers. 

Across all scaffolds, the PD shrinkage was around 17~22% of the original size. The XD remained much 

closer to the original length, with all shrinkages around 2~7% of their original size. In the PD, there were 

significant differences between non-rGO-containing scaffolds and rGO-containing scaffolds. The only 

significant difference for XD was between PU-20%ECM and rGO-containing scaffolds. Images of rGO 

flakes confirm a multilayer morphology with various sizes between flakes. 
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4.3.4 Contact Angle 

 

Figure 4.5: A) Contact angle images for PU, PU-20%ECM, PU-10%rGO, and PU-20%ECM-10%rGO 

scaffolds at time points of 15, 30, 60, 90, and 120 seconds after water droplet application B) Dynamic 

contact angle measurement for PU, PU-20%ECM, PU-10%rGO, and PU-20%ECM-10%rGO. C) Table of 

contact angles for PU, PU-20%ECM, PU-10%rGO, and PU-20%ECM-10%rGO at each time point. 

Surface hydrophilicity quantified by contact angle revealed a clear pattern of inclusion of ECM 

significantly improving hydrophilicity (Figure 4.5). The PU scaffold exhibited a contact angle of 118 ± 6°, 

with the PU-20% ECM scaffold exhibiting a 54 ± 14°. The PU-10%rGO scaffold exhibited a similar contact 

angle to the PU scaffold of 111 ± 6°, with the PU-20% ECM- 10% rGO exhibiting a significantly lower 

angle of 0 ± 0° compared to the PU and PU-10%rGO scaffolding. PU-20%ECM-10%rGO exhibited the 

best hydrophilicity, with the droplet absorbed within the first 15 seconds of placement. PU-20%ECM could 

also fully absorb the droplet within the first minute of placement. The ECM-containing scaffolds were 

statistically different from the PU and PU-10%rGO scaffolds. PU-20%ECM and PU-20%ECM-10%rGO 

were considered statistically similar after 60 seconds of droplet placement. 

 

 

             
      

      
      

      
      

      
      

      
       

                                     

                                            

                                            

                                         

                               

  

         

         

                

                                    
                         
             

  

 



 

118 

 

4.3.5 In vitro Enzymatic Degradation 

 

Figure 4.6: A) The % remaining weight of in vitro enzymatic degradation for PU, PU-20%ECM, PU-

10%rGO, and PU-20%ECM-10%rGO over the course of the 14-day study. B) Table of % remaining 

weight at each time point for PU, PU-20%ECM, PU-10%rGO, and PU-20%ECM-10%rGO. The 

degradation solution was composed of PBS and 100 U/mL lipase; samples were incubated with the 

solution for 14 days. 

A 100 U/mL lipase solution in PBS was used to investigate the scaffolds' response, recapitulating the 

enzymatic environment of the body. The PU scaffold retained 51.6 ± 7.0% of its initial weight over the 

two-week study, retaining significantly more mass than the composite scaffolds by the end of the study. 

The PU-20%ECM, PU-10%rGO, and PU-20%ECM-10%rGO retained only 30.8 ± 2.0%, 24.6 ± 13.1%, 

and 25.0 ± 0.8% mass at the end of the two-week study (Figure 4.6). Statistical analysis with ANOVA 

revealed that all scaffolds deviated from each other except for PU and PU-10%rGO, remaining statistically 

similar from the first time point. The second time point exhibited similar results; however, PU-20%ECM 

and PU-20%ECM-10%rGO were considered statistically similar along with PU and PU-10%rGO. 
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4.3.6 Conductivity 

Table 4.2: Conductivity of PU, PU-20%ECM, PU-10%rGO, and PU-20%ECM-10%rGO Films

 

The conductivity of composite films was measured rather than fibrous scaffolds due to an inability to 

obtain results (data not shown). Interestingly the PU-20%ECM-10%rGO film exhibited a 5-fold increase 

in conductivity compared to the PU-10%rGO film (Table 4.2). Similarly, the sheet resistance and resistivity 

of PU-20%ECM-20%rGO are 11 to 5 times lower than the PU-10%rGO counterpart. Wet conductivity 

measurements were significantly less than the dry film measurements. A possible reason for this decrease 

is the conductivity of the PBS masking the bulk conductivity measurement rather than the film. 
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4.3.7 Mechanical Testing 

4.3.7.1 Stress Relaxation Behavior 

 

Figure 4.7: A) PD stress-relaxation for PU, PU-20%ECM, PU-10%rGO, PU-20%ECM-10%rGO, and 

LV porcine wall B) XD stress-relaxation for PU, PU-20%ECM, PU-10%rGO, PU-20%ECM-10%rGO, 

and LV porcine wall C) Table of stress-relaxation values for PU, PU-20%ECM, PU-10%rGO, PU-

20%ECM-10%rGO, and LV porcine wall 

 The PD direction of the LV wall was able to release 60 ± 2.5% of the stress over 15 minutes, while the 

PU scaffold along the PD released 36.7 ± 2.6% (Figure 4.7). The composite scaffolds were roughly like 

PU, releasing 36 ± 4.3%, 35.6 ± 1.4%, and 34.3 ± 2.6% for PU-20%ECM, PU-10%rGO, and PU-20%ECM-

10%rGO, respectively. All scaffolds were significantly different than the native tissue. In the XD direction, 

the native tissue released 56.8 ± 8.4% of stress while the PU released 40.6 ± 3.9% of the applied stress in 

the XD. The PU-20%ECM, PU-10%rGO, and PU-20%ECM-10%rGO released 34.2 ± 2.2%, 37.9 ± 4.1%, 

and 36.3 ± 2.3%, respectively. All fabricated scaffolds released similar amounts of stress; the native tissue’s 

ability to release stress was significantly higher than all other scaffolds due to the higher amount of available 

conformational changes within the structure of the ECM. 
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4.3.7.2 Creep 

 

Figure 4.8: A) PD creep for PU, PU-20%ECM, PU-10%rGO, PU-20%ECM-10%rGO, and LV porcine 

wall B) XD creep for PU, PU-20%ECM, PU-10%rGO, PU-20%ECM-10%rGO, and LV porcine wall C) 

Table of creep values for PU, PU-20%ECM, PU-10%rGO, PU-20%ECM-10%rGO, and LV porcine wall 

 Native tissue in the PD direction had the lowest creep under constant stress, stretching 7.2 ± 2.8% of 

its original length over 15 minutes (Figure 4.8). PU scaffolds along the PD stretched to 28.3 ± 2.5% of 

their original length, which was the largest creep. The PU-20%ECM, PU-10%rGO, and PU-20%ECM-

10%rGO had 22.1 ± 2.4%, 13.2 ± 0.9%, and 9.2 ± 2.8% respectively. PU and PU-20%ECM samples had 

statistically higher creep over the 15 minutes than all other tested samples. rGO containing samples were 

statistically like the native LV tissue. In the XD direction, the native tissue stretched to 5.7 ± 6.2% of the 

original length. The XD PU stretched to 118.6 ± 46.2% of its original length. The XD PU-20%ECM, PU-

10%rGO, and PU-20%ECM-10%rGO stretched 15.4 ± 2.6%, 61.9 ± 12.9%, and 17.8 ± 4.0% respectively. 

Statistically, PU had the highest amount of creep in the XD, while all other scaffolds except PU-10%rGO 

were statistically like the XD native LV tissue. 
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4.3.7.3 Pull to Failure 

 

Figure 4.9: A) PD failure testing for PU, PU-20%ECM, PU-10%rGO, PU-20%ECM-10%rGO, and LV 

porcine wall B) PD failure testing for PU, PU-20%ECM, PU-10%rGO, PU-20%ECM-10%rGO, and LV 

porcine wall C) Table of failure stress and strain values for PU, PU-20%ECM, PU-10%rGO, PU-

20%ECM-10%rGO, and LV porcine wall 

Native tissue in the PD failed around 0.24 ± 0.097 MPa, significantly lower than all tested scaffolds 

(Figure 4.9). The native tissue had a failure strain of around 1.79 ± 0.15. The scaffold had a failure stress 

of 14.0 ± 3.95 MPa for PD PU and a failure strain of 2.27 ± 0.36. Scaffolds containing ECM and rGO 

exhibited failure stresses of 16.6 ± 3.3 MPa, 5.4 ± 0.9 MPa, and 5.4 ± 0.10 MPa for PD PU-20%ECM, PU-

10%rGO, and PU-20%ECM-10%rGO, respectively. Failure strains were 1.83 ± 0.09, 1.64 ± 0.06, and 1.66 

± 0.02 of the original lengths. The inclusion of ECM slightly improved the failure stress; however, it was 

statistically like PU. The inclusion of rGO significantly decreased the failure stress of the scaffold compared 

to both PU and PU-20%ECM. Failure strains of all composite scaffolds greatly decreased compared to the 

PU samples. PD PU had the highest stain across all scaffolds and native tissue. In the XD direction of the 
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native tissue, the failure stress was 0.50 ± 0.17 MPa, while the failure strain was 1.64 ± 0.37. The XD for 

PU had a failure stress of 0.96 ± 0.30 MPa, while the failure strain was 4.11 ± 0.90. The XD PU-20%ECM, 

PU-10%rGO, and PU-20%ECM-10%rGO had failure stresses of 1.78 ± 0.55 MPa, 0.38 ± 0.04 MPa, and 

0.48 ± 0.05 MPa, respectively, failure strains were 2.78 ± 0.67, 2.90 ± 0.41, and 2.07 ± 0.11, respectively. 

A noticeable trend of including ECM in the scaffold improved failure stresses. Inversely inclusion of rGO 

significantly decreased the failure stress. PU-20%ECM-10%rGO exhibited improved failure stress 

compared to PU-10%rGO. The only sample significantly different from the native LV tissue was PU-

20%ECM; all other samples were statistically the same. All scaffolds except PU-20%ECM-10%rGO had 

statistically higher failure strains than the native LV tissue. The composite scaffolds initial modulus was 

heavily influenced by the rGO, with the PU-10%rGO and PU-20%ECM-10%rGO exhibiting similar 

moduli in the PD and XD. 

4.3.7.4 Cyclic Stretching at 30% Strain 

 

Figure 4.10: Cyclic test to 30% strain over 10 cycles for A) PU B) PU-20%ECM C) PU-10%rGO D) PU-

20%ECM-10%rGO.  The darker coloration denotes later cycles of testing, with the darkest representing 

the tenth cycle. 
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All scaffolds quickly adjusted to the cyclic stress after two cycles, with later cycles overlapping (Figure 

4.10). All scaffolds exhibited similar max stresses over the testing, and all maintained a viscoelastic graph. 

4.3.7.5 Biaxial 

 

Figure 4.11: A) Biaxial testing in the PD and XD of PU, PU-20%ECM, PU-10%rGO, PU-20%ECM-

10%rGO, and B) the porcine left ventricle wall in PD and XD direction. 

The native tissue exhibited stiffer load curves in the PD than in the XD; similarly, scaffolds exhibited 

stiffer loading curves along the PD than in the XD. The trends obtained were indicative of anisotropic 

behavior (Figure 4.11). 
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4.3.8 In vitro Cell Compatibility and Behavior 

4.3.8.1 In vitro Culture of Neonatal Rat Cardiomyocyte on PU-ECM-rGO scaffolds 

 

Figure 4.12: Cell viability on PU, PU-20%ECM, PU-10%rGO, PU-20%ECM-10%rGO scaffolds, A) 

Live/Dead staining, and B) cell counting from CCK-8 on days 1, 4, and 7. 

 

Figure 4.13: NNRCM morphology on PU, PU-20%ECM, PU-10%rGO, PU-20%ECM-10%rGO 

scaffolds, at 500x, 1000x, and 2000x magnification taken with SEM. 



 

126 

 

 

Figure 4.14: A) Immunofluorescence staining of NNRCM for α-actinin, Cx-43, and DAPI on PU, PU-

20%ECM, PU-10%rGO, PU-20%ECM-10%rGO scaffolds on day 7. B) Summary table of sarcomere 

length, Z-line length, and aspect ratio of NNRCM on scaffolds. 

Cell viability on fibrous scaffolds exhibited good viability across all scaffolds (Figure 4.12A). There 

were no significant differences in cell count among scaffolds on days 1 and 4, with day 7 exhibiting a 

significant difference between PU and PU-10%rGO (Figure 4.12B). PU-20%ECM-10%rGO exhibited cell 

counts between PU-20%ECM and PU-10%rGO scaffolds on day 7. No noticeable trends can be inferred 

from the collected data. Across all scaffolds, NNRCM were organized mostly uniformly along the fibrous 

direction. Morphology results from SEM confirmed the alignment of cells, with evident elongation along 

the direction of the fibers (Figure 4.13). There was evident sarcomere striation and Z-line formation across 

all scaffolds (Figure 4.14A). PU-20%ECM-10%rGO exhibited superior sarcomere length to all scaffolds 

(Figure 4.14B). A similar trend was noted in Z-line length, with PU-20%ECM-10%rGO exhibiting 

significantly higher lengths than PU and PU-10%rGO. Improvements in these parameters suggest it 

improved development, with possible synergistic effects occurring from ECM and rGO influence on cells 

to improve sarcomere length. PU exhibited the most considerable aspect ratio, statistically more significant 

than PU-20%ECM and PU-20%ECM-10%rGO (Figure 4.14C). 

4.4 Discussion 

Bio-memetic biomaterials were investigated for cardiac tissue repair by including bioactive or 

conductive properties [114, 144, 177]. In many articles, improvements to potential tissue engineering 
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constructs have been found through the fabrication of new composite biomaterials, which capture 

bioactivity and conduciveness to recapitulate the native cell niche [102, 136, 272]. This work aims to build 

upon our works to pioneer new bioactive, conductive, and elastic scaffolding that may be useful in cardiac 

tissue engineering applications. Fabricating the PU-ECM composite scaffold doped with rGO offered a 

novel biomaterial composite as a gestalt, with each component’s weakness minimized when blended. 

Previous works exploring bioactive and conductive scaffolds conclude superior scaffold performance 

compared to scaffolds exhibiting only one of the properties [86, 100, 287]. Following in the footsteps of 

others, our novel PU-ECM-rGO scaffold offers superior properties compared to its base composites. 

The surface morphology of scaffolding directly impacts how cells grow and organize themselves, 

specifically with cardiomyocytes requiring a highly organized and hierarchal structure for effective 

contractions [9, 88, 204]. Obtained morphology of all composite scaffolds exhibited the desired highly 

aligned nanofibers, with no noticeable impact on alignment due to the inclusion of ECM, rGO, or both. 

Fiber diameter was significantly affected by additives, namely ECM, with the inclusion of ECM decreasing 

the diameter of the fibers compared to the PU, while there was a non-significant increase in fiber diameter 

due to the inclusion of rGO. The increased fiber diameter from rGO inclusion was likely due to the 

aggregation of rGO within the fibers. ECM effects on fiber diameter likely occurred from ECM molecules 

interacting with the trace ionic salts resulting in the formation of nano-nets, further spreading the polymer 

out and shrinking the fibers [239]. These effects were exhibited in the PU-20%ECM-10%rGO composite 

scaffold, with smaller fiber diameters than PU and PU-10%rGO but larger than PU-20%ECM; a proposed 

mechanism for this effect is the interactions between ECM and rGO, with ECM interacting with the trace 

amounts of oxygen groups on the rGO [239]. In response to PBS immersion, all scaffolds maintained their 

highly aligned organization. PU exhibited the largest fiber diameter; the PU-20%ECM were the second 

largest. PU-20%ECM exhibited minor swelling due to the presence of GAGs throughout the scaffold, acting 

as a storage place for water [288]. Interestingly, rGO-containing scaffolds exhibited smaller fiber sizes from 

swelling than PU and PU-20%ECM scaffolds. The PU-20%ECM-10%rGO exhibited the slightest swelling 
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but remained statically similar to PU-10%rGO. The rGO may act as pockets of highly hydrophobic pores 

within the scaffolding, shielding sections of PU from water exposure [257, 277]. The composite of both 

ECM and rGO have synergistic effects with reservoirs for water from GAGs and shielding PU from 

interacting with water due to rGO inclusion [268, 289, 290]. Shrinkage of fibrous scaffolds in PBS was 

noted, with an anisotropic shrinkage due to the alignment of the fiber. There was significantly more 

shrinkage in the PD than in the XD. Shrinkage or crimping of aligned electrospun scaffolds is a well-known 

occurrence originating from swelling, and the residual stress in the fibers stretched across the rotating 

mandrel [240]. In incubation, the residual stress can be released, causing crimping or shrinkage of the 

scaffolds, doping with rGO redirects some of the residual stress found within the scaffolds, decreasing the 

degree of shrinkage along the PD. In response to this redirection of residual stress in the XD experienced a 

higher degree of shrinkage, which is reflected by the observed data. 

Hydrophilicity is another crucial aspect of a successful TE scaffold due to a direct correlation between 

the degree of cell adhesion with how hydrophilic the scaffold is [241, 291]. Our previous investigation into 

our scaffolds showed a clear trend that including ECM into PU vastly enhanced the hydrophilicity, while 

the inclusion of rGO either has no impact or decreased hydrophilicity. This trend continued in this study. 

Interestingly, the composite scaffold of PU-20%ECM-10%rGO exhibited improved hydrophilicity despite 

including the hydrophobic rGO, with all droplets absorbed within 15 seconds of application. The possible 

mechanism behind this phenomenon is the scaffold's interaction between ECM and rGO. Literature 

indicates that the oxygen groups in GO interact with the ECM to improve its colloidal stability and 

hydrophilicity [289]. Similarly, the digested ECM interacts with the residual oxygen groups on the rGO 

flakes, improving in hydrophilicity of the composite scaffold. 

The longevity of the fibrous scaffolds within the host is an essential aspect of both mechanical support 

and integration. As cells mature and grow on the scaffold, their expansion and proliferation require more 

space to be made available. The slow degradation of the fibrous scaffolds allows the cells to proliferate and 

produce new ECM to replace the fibrous scaffold [127, 292]. Balancing the production of new ECM with 
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the degradation of scaffolds to maintain proper mechanical stability requires ample time to tune, with our 

experimentation focusing on the length of time the scaffolds can survive in the enzymatic environment 

found in the body. Degraded scaffolds revealed PU retained the most mass compared to all the composite 

scaffolds, matching previously obtained results from aims 1 and 2. PU-10%rGO exhibited similar 

degradation rates until day 14 when fragments of the scaffold broke off during collection. Similarly, PU-

20%ECM exhibited accelerated degradation, matching previously obtained results, while PU-20%ECM-

10%rGO exhibited an average degradation between the PU-20%ECM and PU-10%rGO, showing the 

retention of rGO and accelerated degradation of ECM carried over to the composite scaffold. 

Another critical aspect of the heart is the reliance on complex, timely electrical stimulation for 

coordinated contractions for efficient blood flow [133, 175, 263]. Integration of cell-laden scaffolding into 

this electrical stimulation necessitates conductive constructs to transmit unhindered signals to cells within 

the scaffold. The conductivity must be around the same conduciveness as the native heart, 0.03 – 0.6 S/m, 

or above to achieve optimal formulations of scaffolds [274, 293]. Tested films of our composite scaffolds 

exhibited either similar or superior conductivity in dry conditions, with the optimal composite, PU-

20%ECM-10%rGO, exhibiting 5-fold better conductivity than PU-10%rGO. It is essential to distinguish 

that the films are not the same as the fabricated fibrous scaffolds, with no reliable readings obtained with 

the fibrous scaffolds. The likely reason for this deficiency in data collection is from the means of data 

retrieval, with the 4-point probe measuring surface conductivity; due to such limitations, films were used 

to receive reasonable measurements. The higher conductivity from PU-20%ECM-10%rGO compared to 

PU-10%rGO is likely due to the interactions between functional groups found in the digested ECM and the 

residual oxygen groups on the rGO [268, 290]. The amphiphilic digested ECM may interact with the 

amphiphilic rGO flakes for better rGO dispersal [156]. GO is highly prone to protein absorption of many 

globular proteins and glycoproteins. The GAGs in the PU-20%ECM-10%rGO scaffold might interact with 

rGO to spread more effectively throughout the film enabling higher conductivity than the PU-10%rGO 

scaffold [290, 294]. Better dispersal of rGO flakes ensures continuous electrical signal transfer throughout 
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the film leading to higher conductivity measurements. Wet conductivity exhibited decreased conductivity 

compared to the measured dry membranes. A proposed reason for this decrease in conductance is the 

absorbed PBS masking the conductance of the film [278]. The liquid of the PBS heavily influences 

conductivity; the microscopic conductivity of the composite membrane would still be present on a cellular 

level [278]. 

The mechanical parameters of the tested scaffolding are essential indicators for its viability as a 

mechanically supportive wrap to diminish the adverse effects from LV remodeling post-MI. Cardiomyocyte 

maturity and growth are regulated through mechanical stimuli propagated by the surrounding ECM during 

development; mimicking these mechanical conditions promotes proper differentiation and maturation [64, 

214, 295]. The stark difference in stiffness between healthy and infarcted hearts illustrates the need for 

elastic ‘soft’ scaffolding [244]. With difficulty obtaining human hearts for mechanical comparison, often, 

porcine hearts are used as an alternative model due to the similarities both mechanically and structurally 

[245, 246]. For constant stress exposure, stress-relaxation models the scaffoldings' ability to adapt and 

minimize loaded stress over continuous load. Native tissue samples exhibited superior adaptability 

compared to all scaffold composites, with the ability to diminish stress by 55~60% in PD and XD, while 

tested scaffolds were only able to diminish stress by 35-40%. This stark difference in adaptability originates 

from the high degree of crimping and potential conformational adaptation the interconnected native ECM 

can undergo, whereas the polymeric fibers have less structural freedom for the extensive morphological 

changes to diminish similar degrees of load [247, 248]. The noted benefit of native tissue ECM 

reorganization is the negligible creep during prolonged stress exposure, with the collagen network forming 

stiffer bundles leading to the low degrees of creep exhibited from creep testing [247]. Scaffoldings 

containing rGO exhibited similar creep to native tissue in the PD, this change exhibited by the rGO-

containing scaffolds is noted in the literature and hypothesized to be caused by the interaction of rGO with 

the crystalline structure of the PU chains [279, 296]. Examining the XD, only PU-20%ECM and PU-

20%ECM-10%rGO exhibited similar creep to the native tissue. The inclusion of ECM stiffened the 
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scaffolds and allowed for side-to-side fiber interaction through the presence of the ‘micro-net’ structures. 

PU exhibited the highest degree of creep in PD and XD, owing to its elasticity and the lack of resistance to 

creep through either reorganization of polymer chains. Trends of failure stresses and strains followed 

similar patterns noted from the stress-relaxation and creep testing. PU exhibited the highest failure strain, 

with the doping or rGO and ECM inclusion stiffening the scaffold and lowering failure strains. The 

inclusion of ECM strengthened fibrous scaffolds by increasing the failure stress, with a statistically 

significant increase in stress in the XD, while the inclusion of rGO significantly decreased failure stresses. 

The addition of rGO particles throughout scaffolding would cause stark decreases in failure stress; however, 

rGO-containing scaffolds still exhibited similar or superior failure stresses compared to the native tissue, 

suggesting that the addition of rGO did not deteriorate the mechanical strength of scaffolds and the blends 

were feasible mechanically [279]. Cyclic testing of materials suggests the composite scaffolds can produce 

repetitive stress-strain curves, with a high degree of overlap occurring after 2 cycles, duplicating the 

pseudoelasticity of soft tissues. Further validation of mechanical similarities with native tissue from biaxial 

testing exhibited an apparent anisotropic behavior, with the PD exhibiting less strain than the XD, which 

was much more extensible. 

In vitro studies with NNRCM exhibited promising results for the composite scaffolds, and exploration 

of composite scaffolds demonstrated no detrimental effects on cell viability. The only notable difference 

from cell counting was between PU and PU-10%rGO. Integrating ECM and rGO in the PU-20%ECM-

10%rGO counteracted the possible detriment of rGO inclusion. Furthermore, sarcomere length was further 

improved compared to the stand compositions, and this may suggest synergistic signaling to the cells from 

the bioactivity and improved cell-to-cell communication derived from a conducive environment [112]. 

Smith et al. and Kharaziha et al. saw improved sarcomere lengths and Z-line formation with conductive 

and bioactive composite scaffolds, respectively [112, 283]. Z-line length in PU-20%ECM-10%rGO was 

comparable to PU-20%ECM while exhibiting superior lengths compared to PU and PU-10%rGO. There 

was a spread expression of Cx-43 throughout the cells and the peripherals in rGO-containing scaffolds. Cx-
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43 is a protein related to gap junction formation; peripheral expression allows for faster cell-to-cell electrical 

communication [156]. PU-20%ECM exhibited some peripheral expression. However, PU-20%ECM-

10%rGO expression appears like PU-10%rGO. 

4.5 Conclusions 

The fabrication of a novel biomaterial as a potential cardiac scaffold was successfully done with tunable 

characteristics depending on the fabrication procedure. The composite scaffold PU-20%ECM-10%rGO 

exhibited superior characteristics compared to the other fabricated scaffolds, exhibiting the unique 

interaction between digested ECM and rGO that was not seen in PU-20%ECM or PU-10%rGO scaffolds. 

Integration of bioactive and conductive aspects enabled closer mimicking of native tissue conditions. 

Preliminary in vitro studies with NNRCM demonstrated promising results, with PU-20%ECM-10%rGO 

cells having superior sarcomere lengths compared to PU-20%ECM and PU-10%rGO. Further optimization 

of scaffold fabrication with varied ECM and rGO content is promising for heart repair. 
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CHAPTER V: Summary and Future Studies 
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5.1 Summary 

Myocardial infarctions are the prevalent cause of death worldwide, causing many complications and 

making treatment equally tricky. Relying on the body's natural regeneration further exacerbates difficulties 

and the risk of death. Conventional treatment options for patients who suffer from MI cater to the prevention 

of future complications. To overcome the hurdles in MI treatments, innovation in cardiac tissue engineering 

must occur to fill the current gaps. This thesis seeks to develop new blends of biomaterials and process 

them into scaffolds targeted toward cardiac tissue applications. We modify existing polymers used in 

cardiac tissue engineering, focusing on providing biologically relevant cues and a conducive environment 

to make a biomaterial blend tailored to myocardium regeneration. Through the following chapters, 

modifications and optimizations of elastic biodegradable polyurethane were done to address these needs. 

5.1.1 Chapter II: Electrospun Elastic Polyurethane/Extracellular Matrix Nanofiber 
Scaffold for Cardiomyocyte Culture 

Throughout this chapter, we investigated the novel polymer blend of biodegradable polyurethane. 

Through investigations, we have determined the viability of hybridizing biodegradable polyurethane with 

decellularized ECM. We digested decellularized ECM from the left ventricle of a porcine heart to craft a 

mechanically robust scaffold containing biomolecules found in the native tissue. Nanofibrous scaffolds 

were consistently obtainable through electrospinning. Physical characterizations of the scaffolds revealed 

a consistent trend in improving hydrophilicity with increasing ECM content. The fibrous scaffolds were 

mechanically comparable to cardiac tissue, verified through various mechanical testing, at higher 

concentrations of ECM content. Good cell compatibility for HL-1 and neonatal rat cardiomyocytes on the 

scaffolds was noted. More α-actinin and F-actin were expressed based on fluorescent intensity on PU-

20%ECM scaffolds. Positive signs of improved development were noted in the higher ECM scaffolds. 

Neonatal rat cardiomyocytes provided promising results with improved maturity characteristics. PU-

20%ECM had significantly more viable counted cells after 7 days than other scaffolds. Sarcomere and Z-

line length maturity markers were significantly higher on PU-20%ECM scaffolds than on other scaffolds. 
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5.1.2 Chapter III: Electrospun Elastic Nanofiber Polyurethane Scaffold Incorporated with 
Conductive Reduced Graphene Oxide for Muscle Cell Culture 

Aiming to create a scaffold with conductive properties to improve cell signaling and growth, we doped 

biodegradable polyurethane with reduced graphene oxide. Exhaustive optimization of rGO concentrations 

in PU was performed to find a blend ideal for electrically active cells to grow. Morphological and chemical 

characterizations of scaffolds verified that rGO content had no significant effect on the morphology of 

electrospun scaffolds. Hydrophilicity tests indicated potential limitations of rGO, slightly increasing the 

hydrophobic nature of the scaffolding. Conductive quantification of scaffolding was performed and 

determined that 10% rGO exhibited several magnitudes of improved conductivity compared to PU-4%rGO. 

Mechanical characterizations displayed a clear shift in properties corresponding to rGO content, with lower 

concentrations strengthening the scaffolds and a steep decrease in mechanical strength at high 

concentrations. Despite the reduction in mechanical compliance at higher concentrations of rGO, the 

scaffolds maintained superior mechanics to the native tissue. Muscle cells had lower growth at higher 

concentrations of rGO, with enhanced expression of MHC. In vitro studies with neonatal rat 

cardiomyocytes indicated an improvement in cell maturity parameters (sarcomere, Z-line length, and aspect 

ratio). Staining of Cx-43 suggested enhanced expression of Cx-43 in rGO-containing scaffolds. 

5.1.3 Chapter IV: Fabrication of an Elastic Conductive Bioactive Electrospun Nanofiber 

Scaffold for Cardiomyocyte Culture 

In this chapter, we investigated the viability of combining the previous two chapters' works to fabricate 

a biologically active and conductive scaffold, providing a highly tailored biomaterial blend for cardiac 

tissue repair. A PU-20%ECM-10%rGO fibrous scaffold was successfully fabricated and characterized. PU-

20%ECM-10%rGO was compared to PU-20%ECM and PU-10%rGO to note any changes in morphology 

and physical properties. The addition of ECM counteracted the hydrophobic nature of rGO, and PU-

20%ECM-10%rGO scaffolds were more hydrophilic than PU-20%ECM scaffolds. Improved conductive 

effects may have resulted from the interaction between ECM and rGO. PU-20%ECM-10%rGOs' 

mechanical properties are superior or comparable to the native tissue. The ECM in the PU-20%ECM-
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10%rGO scaffold slightly improved the mechanics compared to the PU-10%rGO scaffold. Finally, ECM 

and rGO blends exhibited synergistic effects on NNRCM culture, increasing the expression of Cx-43 and 

maturity parameters like sarcomere and Z-line length. 

5.2 Limitations 

Throughout the studies, future works should address some limitations for improved results. Production 

of digested decellularized ECM from porcine hearts was all obtained from slaughterhouse-destined animals. 

Vecerek et al. noted cardiac pathoanatomical issues in about 7% of slaughterhouse-bound pigs [297]. 

Possible variations from various ECM batches would impact the effectiveness of scaffolding. A possible 

workaround would be sourcing porcine hearts from known vendors, with one large, produced ECM batch 

for all scaffold fabrication to minimize variation. Sourced rGO flakes were non-monolayer and required 

high concentrations to obtain noticeable effects on conductivity. Sourcing of monolayer rGO would 

overcome the decrease in mechanical strength from the aggregation of rGO. Improved conductivity 

characterization would be gained from the testing of fibrous scaffolds rather than films. Similarly, higher 

resolution 4-point probe instruments could test fibrous scaffolds or measure the voltage across the scaffolds 

when a known voltage is applied to calculate the resistivity of the scaffolds. Limited cell studies performed 

on scaffolds fail to characterize cell behavior effects completely. PCR would quantify gene expression for 

various muscle or cardiac markers. Targeting genes like Nkx2.5 and Gata4 would provide insight into the 

degree of early cardiac differentiation markers between scaffolds. Similarly, gene expression of TNNT2, 

Cx-43, and Actc1 would quantify the expression of proteins used in contractions, which can later be 

correlated with functionality evaluations to provide insight. Evaluating contraction strength, frequency of 

spontaneous contractions, conduction velocity, and calcium flux imaging would quantify how bioactive 

and conductive elements affected contraction behavior. 
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5.3 Future Works and Preliminary Study 

Promising results from our work in these studies offer a strong basis for further exploration and 

characterization of these scaffolds. Expanding upon these works would involve more intensive in vitro 

studies. Recommendations for future directions of research are suggested in the following sections below. 

5.3.1 In vitro Cell Functionality Quantification 

Involving extensive in vitro functional tests for cell-laden scaffolds would document the idiosyncratic 

differences between scaffold iteration on cell behavior. Early cardiac markers like Nkx2.5 and Gata4 

require quantification to indicate if seeded cells are predisposed to cardiac differentiation on composite 

scaffolds [298]. Nkx2.5 and Gata4 are essential in early heart development, regulating many cardiac-

specific proteins [299]. The expression of cardiac contraction-associated proteins and gap junction-

associated proteins like TNNT2, Cx-43, and Actc1 would give empirical data for the degree of expression 

[300, 301]. Increased gene expression correlates to improved CM maturity development [300, 301]. 

Similarly, functional tests like contraction strength on scaffolds would examine the direct effects the 

scaffolds have on function. Measured contraction strength would correlate α-Actinin striation and structure 

and its effects on the force [235]. Calcium flux imaging would quantify and visualize the transmittance of 

action potential between cardiomyocytes. Intracellular calcium (Ca2+) oscillation is characteristic of 

functional CM, tracking Ca2+ movement provides insight on contraction [302]. Correlating gap junction 

formation from immunostaining and conductance of cells would confirm if upregulation of Cx-43 improved 

electrical cell-to-cell coupling [303]. Examining the electrical coupling of cells would confirm if expressed 

Cx-43 are functional gap junctions or ineffective hemichannels [304]. Furthermore, the number of 

spontaneous contractions exhibited from cells on scaffolds would characterize cell behavior with little 

effort. Overall, evaluating the cell behavioral and functional response to their scaffold would provide much-

needed insight into scaffold effectiveness as a heart repair tool. 
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5.3.2 Mechanical and Electrical Stimulation Bioreactor 

 

 

Figure 5.1: Bioreactor capable of mechanical stretch and electronic stimulation. 

A bioreactor capable of performing mechanical and electrical stimulation was fabricated (Figure 5.1). 

A bioreactor, especially one that applies electrical stimulus, would help validate the effects a conductive 

scaffold has on cardiac cell differentiation [305]. Similarly, the continuous mechanical stimulation would 

simulate similar stresses scaffolds undergo to examine how scaffolds hold up under extended fatigue. 

Validation testing of loading scaffold samples into the reactor to undergo mechanical stretching has been 

explored to calibrate the Hz for the controller. To test the effectiveness of mechanical and electrical 

stimulation in vitro, studies utilizing muscle cells would provide good indicators of muscle cell growth due 

to their resilient nature as a cell line. Cell studies investigating the degree of contractibility cultured cells 

exhibit would provide valuable insight into the strength and uniformity of contractions on the scaffolds in 

response to mechanical and electrical stimulation.  
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5.3.3 Annealing of Aligned Electrospun Scaffolds 

 

Figure 5.2: A) Annealed PU and PU scaffolds with SEM images at 500x, 1000x, 2500x, and 5000x 

magnification. B) Comparison of PU to annealed PU scaffold shrinkage. C) Summary of % shrinkage for 

PU and annealed PU scaffolds. 

Diminishing shrinkage from aligned scaffolds has been explored through annealing [306]. Annealing 

can release the residual stress from aligned electrospinning by subjecting the scaffolds on the mandrel to 

heat to reach the Tm of PU (37°C, 24 hours). When removed from the mandrel, annealed fibrous scaffold 

had little to no shrinkage immediately after removal. Interestingly the edge of the fibrous sheet along the 

XD curled inwards (Figure 5.2). Morphological imaging with SEM (Figure 5.2A) showed that annealed 

scaffolds retained a high degree of alignment and are nanoscale. A shrink study by submersion in PBS at 

37°C exhibited less shrink than non-annealed scaffolds. Annealed scaffolds shrank 17.0 ± 1.6% of their 

length in the PD and 2.5 ± 3.3% in the XD. Non-annealed scaffolds in this study exhibited 22.4 ± 0.9% 

shrink in the PD. Although a significant decrease in shrinkage occurred from annealing, further 

optimization of the annealing process is planned. 

5.3.4 Increasing ECM Concentration in Hybrid Scaffolds 

A vital concern of the inclusion of soft materials like ECM is the relatively weak mechanical properties 

they can contribute to the overall strength of the scaffold [68, 307]. Based on the mechanical data collected 

in Aim 2, increasing the amount of ECM in the scaffolds is possible while maintaining structural strength. 

The cell data collected based on the PU-20%ECM could be further improved by using a scaffold of up to 

40-50% ECM [308]. Further testing with high concentrations of ECM could prove beneficial by increasing 
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the biocompatibility of the scaffolding. Functionality improvements to cardiomyocytes could be further 

promoted through a more viable bonding site for integrins on the seeded CMs. 

5.3.5 Exchanging Multilayer rGO Flakes for Monolayer rGO or Carbon Derivatives 

In chapter 3, conductive scaffolds fabricated with high concentrations of rGO displayed significantly 

reduced mechanics compared to PU. The main reason for needing to include such a high concentration of 

rGO was due to the multilayer nature of the used rGO. Monolayer rGO requires significantly fewer 

concentrations for noticeable improvements in conductivity [156, 260]. Fabricating scaffolds with 

monolayer rGO would improve conductivity without compromising mechanical strength. Similarly, using 

other carbon derivatives such as carbon nanotubes has improved conductivity and mechanics. Investigations 

into these alternatives would provide a better understanding of possible future biomaterial blends. 

5.3.6 Finite Element Analysis 

Finite element analysis (FEA) and simulation of scaffolds using the mechanical properties that have 

been characterized would offer a unique look at how the scaffold would react in various conditions, saving 

time and material from actual testing of scaffolds [309-311]. Through mathematical modeling, finite 

element analysis would also enable predictability of the mechanical properties for other untested blended 

scaffolds. Simulation of scaffold responses to mechanical forces should help optimize the desired 

mechanical characteristics and minimize the risk of potential failure of the scaffold due to mechanical 

failure. 

5.3.7 In vivo Evaluation of Cardiac Repair 

Animal models are extensively used to validate the efficacy of developing treatment. Implantation of 

the scaffold in an animal model would provide insight into scaffold behavior in a clinical setting. Well-

established protocols with Lewis rats investigating post-chronic infarction are numerous in the literature 

[125, 312]. Rat models are desirable compared to large animal models due to their time efficiency, lower 

material cost, and relatively cheap care costs [313]. The extensive validation from prior rat model protocols 
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for MI treatment further bolsters its usefulness. Post MI treatment models allow for assessment of cardiac 

function in later stage MI conditions and alterations in LV remodeling with treated groups. A previously 

established protocol will be used in in vivo models. Lewis rats will be induced for MI through artery 

ligation; after 2 weeks, scaffolds would be sutured to the defect area after light scrapping to remove any 

fibrotic tissue and residual pericardium [125, 127, 310]. The rats will be divided into the following treatment 

groups; healthy rats as control, no treatment as a negative control, acellular PU scaffold, and acellular 

composite PU scaffolds (PU-20%ECM, PU-10%rGO, and PU-20%ECM-10%rGO). Electrocardiography 

(ECG) readings will be used to record for heart function weekly during the study [314]. Before sacrificing, 

hemodynamic catheterization will be performed on all rats to determine various functional parameters such 

as mean LV pressure, heart rate, and systolic and diastolic function [125]. Animals would be sacrificed 4 

months after treatment for histological sampling. Histology samples will be analyzed with ImageJ to 

evaluate ECM composition between groups to determine if the composition is like the healthy control or 

no treatment. The area of defect, amount of fibrosis, and ventricle wall thickness will quantify the degree 

of remodeling between each treatment group [315]. Integration with the host will be measured by cell 

infiltration into the scaffold and if vascularization is present in the scaffold. Cells infiltrating the scaffold 

will be stained to identify cell types (macrophage, fibroblast, and myocyte). Angiogenesis will be detected 

by staining endothelial cell marker (CD31) and smooth muscle cell marker (α-SMA).  
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Abbreviations 

CVD  Cardiovascular Disease 

HF  Heart Failure 

MI  Myocardial Infarction 

CM  Cardiomyocytes 

ECM  Extracellular Matrix 

EMT  Epithelial to Mesenchymal Transition 

MMP  Metalloproteases 

HA  Hyaluronic Acid 

PG  Proteoglycans 

GAGs  Glycosaminoglycan’s 

NRG-1  Neuregulin-1 

IGF-1  Insulin-like Growth Factor 1 

Nf1  Neurofibromin 

FgFs  Fibroblast Growth Factors 

FGFR-1/2 Fibroblast Growth Factor Receptor ½ 

LV  Left Ventricle 

LAD  Left Anterior Descending Coronary Artery 

RAAS  Renin-Angiotensin-Aldosterone System 

ACE  Angiotensin-Converting Enzyme 
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AGT  Angiotensin 

PCL   oly (ε-Caprolactone) 

PLGA  Poly (Lactic-co-Glycolic acid) 

PGS  Poly (Glycerol Sebacate) 

PU  Polyurethane 

ROP  Ring-Opening Polymerization 

cTnT  Cardiac Troponin-T 

PAni  Polyaniline 

PLA  Poly (Lactic Acid) 

PGA  Poly (Glycolic Acid) 

FDA  US Food and Drug Administration 

Cx-43  Connexin-43 

cTnI  Cardiac Troponin I 

β-MHC  β-Myosin Heavy Chain 

PPy  Polypyrrole 

AT  Aniline Trimer 

PEUU  Poly (Ester Urethane Urea) 

PECUU Poly (Ester Carbonate Urethane) Urea 

PCUU  Poly (Carbonate Urethane) Urea 

PEG  Polyethylene Glycol 
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DMA  Dimethacrylate 

PLA  Poly (Lactic acid) 

MYH7  Myosin-7 

TNNT2  Troponin T2 Gene 

hCPCs  Human Cardiac Progenitor Cells 

MYH6  Myosin-6 

TCP  Tissue Culture Polystyrene 

ROS  Reactive Oxygen Species 

PU  Biodegradable Polyurethane 

GO  Graphene Oxide 

rGO  Reduced Graphene Oxide 

SEM  Scanning Electron Microscope 

ES  Electrospinning 

HDI  Hexamethylene Diisocyanate 

HFIP  1,1,1,3,3,3-Hexafluoro-2-Propanol 

DMSO  Anhydrous Dimethyl Sulfone 

HCl  Hydrochloric Acid 

NaOH  Sodium Hydroxide 

SDS  Sodium Dodecyl Sulfate 

PBS  Phosphate Buffer Saline 
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Au/Pt  Gold/Platinum 

FBS  Fetal Bovine Serum 

EthD-1  Ethidium Homodimer-1 

DMEM   ulbecco’s Modified  agle Medium 

TRITC  Tetramethyl Rhodamine Isothiocyanate 

DAPI  4’, 6 - Diamidino-2-Phenylindole 

ANOVA One-Way Analysis of Variance 

ATR-FTIR Attenuated Total Reflection - Fourier Transform Infrared Spectroscopy 

XD  Across Preferred Fiber Direction 

PD  Preferred Fiber Direction 

SA  Sinoatrial Node 

PCR  Polymerase Chain Reaction 

NNRCM Neonatal Rat Cardiomyocyte 

Ca2+  Calcium 

ECG  Echocardiography 
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