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Abstract 
 

Cardiovascular diseases (CVDs) are the leading cause of morbidity and mortality worldwide. 

Affecting millions of people, Myocardial Infarction (MI) and Heart Failure (HF) are the major 

causes of death among CVDs. MI provokes the massive cardiomyocyte (CMs) loss in the 

infarcted zone followed by a progressive remodeling of left ventricle. CMs death triggers an 

inflammatory response followed by the proliferation of cardiac fibroblasts (CFs) in the ischemic 

region and their differentiation into cardiac myofibroblasts (MyoFs). These events lead to the 

extracellular matrix (ECM) components overdeposition and tissue stiffening, impairing cardiac 

function and resulting in cardiac fibrosis. Due to the limited regenerative capacity of native 

CMs, cardiac tissue cannot self-renew and restore its normal function after an injury. Currently 

heart functionality can only be restored by heart transplantation, which has been limited by the 

shortage of organ donors and potential side-effects post transplantation, such as implant 

rejection and infection. A variety of new therapies are being tested to regenerate infarcted 

myocardium and many approaches have been explored to engineer cardiac fibrosis in vitro. In 

vitro models can resemble specific physiological functions and be used in early stage research 

to investigate the efficiency and safety of therapeutic agents. They allow to replicate tissue 

specific architecture, although they do not mimic the complexity of the whole organ.  

The aim of this work was to design an in vitro model of human cardiac fibrotic tissue, able to 

mimic low thicknesses of early and late stage infarcted tissue, through bioartificial 2D scaffold 

with tailored  topographical cues. Polycaprolactone (PCL) nanofibrous scaffolds were 

fabricated by electrospinning,  with random and aligned morphology, mimicking the ECM 

architecture of early and late stage cardiac fibrotic tissue, respectively. Fibers had an average 

diameter of ~130 nm, uniform morphology and few defects.  

Many researchers have analysed the native cardiac ECM protein composition, quantifying the 

changes in protein relative amounts before and after MI. These analyses revealed increased 

amounts of Collagen type I and Fibronectin (10-fold) content after MI. Thus, to better mimic 

the fibrotic cardiac ECM, PCL scaffolds were coated with Collagen type I/Fibronectin 70/30 

wt/wt. The biomimetic coating was grafted on the scaffold surface by a two-step strategy: an 

adhesive pre-coating was deposited on the scaffold surface exploiting 3,4- Dihydroxy-D,L-

phenylalanine (DOPA) polymerization (PCL-polyDOPA) and then Collagen type I and 

Fibronectin were grafted on the polyDOPA coating (PCL-polyDOPA/Collagen type 
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I/Fibronectin). The effectiveness of the biomimetic surface functionalization was assessed by 

several characterization analyses, such as Quartz Crystal Microbalance with Dissipation 

monitoring (QCM-D), immunofluorescence staining, colorimetric assay (BCA kit) and SEM. 

Coating stability to 7 days incubation in physiological media was assessed. Preliminary cellular 

tests using viability (Cell Titer Blue) and cytotoxicity assays (CytoTox-ONE) validated the 

effectiveness of the functionalized scaffolds in supporting hCFs adhesion, proliferation and 

activation.  

Once completely validated, the proposed in vitro model will be used for preclinical drug 

screening and as a platform to reproduce cardiac fibrosis. 

The work was part of BIORECAR ERC project (772168). 
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1.Introduction 
 

1.1 Aim of the Work  
 

The aim of this thesis work is the design of an in vitro model of human cardiac fibrotic tissue 

in order to obtain a platform to test regenerative strategies, that would replace/reduce in vivo 

experimentation according to 3Rs principle. In vitro models are powerful tools for the study of 

pathologies and for drugs/therapies screening, since they overcame both ethical issues and low 

predictivity associated with animals in vivo experimentation. This thesis work is part of 

Biorecar ERC-CoG 2017 project, which aims to develop a new cell direct reprogramming 

strategy to induce phenotype change from cardiac fibroblasts to cardiomyocytes, in order to 

regenerate post-infarct myocardial tissue. The proposed in vitro model consists of electrospun 

bioartificial PCL-based scaffold  with random morphology, coated by a biomimetic protein 

coating based on human collagen type I and human fibronectin, on which Human Cardiac 

Fibroblasts (HCFs) are cultured. PCL-based scaffolds are fabricated by electrospinning in order 

to mimic the architecture of the pathological cardiac ECM. Random nanofibers are chosen as 

their morphology mimic the early stage of cardiac fibrosis. The scaffold must enable cell 

attachment, growth and proliferation and give proper topographical and biological stimuli to 

HCFs. In order to make the scaffold biomimetic and thus to promote cell adhesion, a protein 

biomimetic coating, based on collagen type I and fibronectin, was designed. The surface 

modification will involve two steps, the deposition of an adhesive polyDOPA pre-coating and 

the subsequent grafting of Collagen type I/Fibronectin. The design of the biomimetic coating 

was based on a detailed study of the composition of the extracellular matrix (ECM) of the 

pathological cardiac tissue, in order to properly mimic the pathological ECM and to sustain 

long-term HCFs cultures. The effectiveness of the surface functionalization will be assessed by 

several physic-chemical characterization (QCM-D, BCA kit, immunofluorescence staining). 

Finally,  preliminary cell adhesion tests will be performed in order to validate the proposed  

cardiac fibrosis in vitro model.   
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1.2 Heart Failure 
 

Heart failure (HF) is a growing epidemic worldwide, associated with significant morbidity, 

mortality and health care costs.  Heart failure afflicts more than 10 million patients in the United 

States and western Europe alone, representing one of the most important health problems in 

these countries. In China, in 2000, the  prevalence of chronic heart failure was 0.9% in a 

population aged between 35 and 74 years[1], [2]. Prognosis is poor for Heart failure; 30 day 

all-cause readmission rates of 19% have been reported in the USA. 1-year all-cause mortality 

for patients with acute heart failure was 17% and stable or ambulatory was 7%, and 12-month 

hospitalization rates were 44% for patients who were readmitted to hospital and 32% for 

patients receiving ambulatory care, in Europe. Similar data have been reported in the Asian 

Sudden Cardiac Death in Heart Failure registry, showing that 19,2% of patients died or were 

hospitalized for heart failure within 1 year. The Sub- Saharan Africa Survey of Heart Failure 

reported an estimated 6-month mortality of 17,8%. The International Congestive Heart Failure 

study representing Africa, China, India, the Middle East, southeast Asia, and South America, 

reported an overall 1-year mortality of 16,5%, with substantial variation by region (34% in 

Africa, 23% in India, 15% in southeast Asia, 9% in South America, 9% in the Middle East, and 

7% in China [3].  Due to the high and increasing prevalence rates, HF constitutes an enormous 

economic burden for the healthcare systems in industrialized countries. For example, Europe 

and USA spent 1–2% of their annual healthcare budget on HF. The global economic burden of 

HF is estimated at $108 billons per annum, with $65 billons attributed to direct and $43 billons 

to indirect costs. The US is the biggest contributor to the global HF costs and is responsible for 

28.4% of total global HF spend. Europe accounts for 6.83% of total global HF costs [4]. 

Patients with end stage heart failure have a dismal prognosis and poor quality of life. Heart 

transplantation (HT) is the gold standard treatment for end-stage HF and it provides an effective 

treatment for a subset of these patients. HT significantly increases survival, exercise capacity, 

quality of life and return to work compared with conventional treatment.  Apart from the 

shortage of donor hearts, the main challenges in transplantation are the consequences of the 

limited effectiveness and complications of immunosuppressive therapy in the long term (i.e. 

antibody-mediated rejection, infection, hypertension, renal failure, malignancy and coronary 

artery vasculopathy).  In 2018, 3408 heart transplantations were performed in the United States. 

For transplantations that occurred between 2008 and 2015, the 1-year survival rate was 90.5% 
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for males and 91.1% for females and the 5-year survival rates were 78.4% for males and 77.7% 

for females [5]. After HT, patients may develop graft dysfunction, leading to native heart failure 

(HF). Despite advances in immunosuppressive agents, acute rejection and chronic rejection 

remain the major causes of graft failure (GF) after heart transplantation (HT). Graft rejection 

involves immune responses and inflammation. In acute rejection, expression of adhesion 

molecules by graft endothelial cells is increased, and inflammatory cells, including T cells and 

macrophages, infiltrate into the allografts and produce various cytokines and chemokines.  In 

chronic rejection, graft vasculopathy is characterized by intimal thickening resulting from 

infiltration of inflammatory cells, proliferation of smooth muscle cells (SMCs), and 

accumulation of extracellular matrix. Due to the imbalance between demand for organs and 

supply of organ donors and medical contraindications to heart transplantation mentioned above, 

mechanical circulatory support (MCS) such as left ventricular assist devices (LVAD) have 

shown to be very beneficial as a bridge to transplantation and a big therapeutic opening, which 

will save lives.  

Heart failure is a chronic, progressive condition consisting in heart’s pumping efficiency 

impairment and it is caused by a variety of diseases, including ischemic heart disease, 

hypertensive heart disease, valvular heart disease and primary myocardial disease [6]. Risk 

factor such as coronary heart disease (CHD),  hypertension, diabetes mellitus (DM), obesity 

and smoking are responsible for 52% incident HF cases in the population.[5] Patients affected 

with HF experiences a series of symptoms worsening their quality of life, including dyspnea, 

fatigue and weakness, oedema in lower limbs and rapid or irregular heartbeat.  Cardiac fibrosis 

after myocardial infarction (MI) plays a key role in regulating heart function in the development 

of heart failure. It can determine the size, shape and wall thickness of ventricles.  

Many factors limited the development of antifibrotic therapies for patients affected by 

cardiovascular diseases (CVD). First, adult human heart has a weak endogenous regenerative 

potential since cardiomyocytes (CMs) terminally differentiated cells with a poor proliferative 

capacity. This restricts therapies that aim to inhibit fibrosis entirely as the native CMs are unable 

to replace lost muscle tissue, thus increasing risk of cardiac rupture. Second, the molecular 

mechanisms driving cardiac fibrosis are complex and not fully understood. Moreover, the 

injured heart, after myocardial infarction (MI), is an hostile microenvironment that may hinder 

the efficacy of delivering antifibrotic therapies [7]. The goals of treatment in patients with HF 

are to improve their clinical status, functional capacity and quality of life, prevent 

hospitalization and reduce mortality.  Traditional treatments aim to suppress symptoms deriving 
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from excessive electrical and biochemical remodeling, latest therapies, instead, focus on 

redirecting the scarring mechanism  into a regenerative one.  

Current available pharmacological treatments of cardiac fibrosis aims to reduce the workload, 

using diuretics and nitrates, and to inhibit the effects of toxic humoral factors overexpressed in 

HF, using β-blockers, angiotensin-converting enzyme inhibitors (ACEIs), Angiotensin receptor 

neprilysin inhibitors (ARNIs)  and mineralocorticoid/aldosterone receptor antagonists (MRAs). 

ACEIs and receptor blockers act on renin-angiotensin-aldosterone system (RAAS) thereby they 

can alleviate cardiac fibrosis by reducing cardiac myofibroblasts number. Another alternative 

is to use hormonal targeting: Angiotensin II type I receptor blockers (ARBs), such as 

candesartan and valsartan, are used to inhibit remodeling. An alternative to pharmacological 

treatment is the use of non-surgical devices, in particular the implantation of cardioverter-

defibrillator (ICDS) or the implantation of a pacemaker for the cardiac resynchronization 

therapy (CRT). Unfortunately, both drugs and interventional therapies cannot control disease 

progression to the end stage [8]. 

1.3 Myocardial Infarction 
 

Myocardial infarction is a major cause of death and disability worldwide, it causes the death of 

billions of cardiomyocytes in the infarcted zone followed by a progressive pathological 

remodeling of the left ventricle (LV). In fact, during a myocardial infarction, sudden 

cardiomyocytes death  triggers an acute, but transient, inflammatory response, led by circulating 

bone marrow–derived blood cells (BMCs), which is followed by the mobilization of cardiac 

fibroblasts (CFs) in the ischemic region. 

 Repair of the infarcted myocardium can be described in three overlapping phases: the 

inflammatory phase, the proliferative phase and the maturation phase. Approximately 3 days 

after MI, the infarct area is infiltrated by macrophages and phenotypically modified fibroblasts 

(myofibroblasts) that form granulation tissue in which ECM-degrading proteases of the matrix 

metalloproteinase (MMP) family and pro-angiogenic molecules such as vascular endothelial 

growth factor (VEGF) are up-regulated. The proliferative stage of remodeling is characterized 

by the clearance of dead cells, the breakdown of ECM and stimulation of angiogenesis to 

revascularize the ischemic tissue. Matrix degradation can increase inflammation by producing 

matrix fragments, such as matrikines along with proteolytic activation of TNF-α. The transition 

from the inflammatory phase to the fibrotic stage of remodeling (“maturation”) typically occurs 

3–7 days post-MI and appears to be mediated by increased production of anti-inflammatory and 
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profibrotic factors such as transforming growth factor-ß (TGFß) and IL-10, derived from both 

infiltrating immune cells and myocardial cells. In response to such factors, myofibroblasts 

synthesize increased amounts of structural ECM proteins, particularly type I and III fibrillar 

collagens, to facilitate scar formation. This response is essential to replace the dead 

cardiomyocytes and prevent the myocardial wall rupture. Balanced ECM remodeling is crucial, 

since inadequate strength of the myocardial wall will lead to cardiac dilation, while excessive 

or prolonged ECM accumulation can result in fibrosis. While cardiac dilation primarily affects 

systolic function, fibrosis stiffens the myocardium and mainly obstruct the diastolic filling 

phase. Apoptosis of the majority of reparative cells marks the end of the proliferative phase, as 

the infarct matures and a scar comprised of cross-linked collagen is formed leading, over time, 

to a condition of cardiac fibrosis, that impairs the mechano-electric coupling of cardiomyocytes. 

Although fibrosis of the scar is an important and necessary response to injury, fibrosis remote 

to the scar, in the viable non-infarcted myocardium, contributes adversely to tissue structure 

and function, causing myocardial stiffness, cardiac dysfunction, and, ultimately, heart failure 

[9]–[11]. 

1.4 Myocardium morphology and physiology 
 

Myocardium is a highly organized structure that consists of several cell types, such as 

cardiomyocytes, fibroblasts, endothelial cells (ECs), macrophages, and vascular and neuronal 

networks. Interspersed between these elements, the interstitium comprises a complex 

extracellular matrix (ECM) of structural, adhesive and matricellular proteins and cell-surface 

receptors (integrins) within a hydrated proteoglycan and glycosaminoglycan-rich milieu. The 

collagen proteins present in the myocardium include types I,III, IV, V and VI. Among these 

collagen type I is the predominant component ( >70%) [12]. Cardiomyocytes occupy from 70% 

to 85% of the volume of the mammalian heart and they are the cells responsible for generating 

contractile force in the intact heart and they undergo enlargement (hypertrophy) in response to 

chronic demand for increased contractile force leading to insufficient output for demands of the 

whole organism (heart failure). Although non-myocytes occupy a relatively small volume 

fraction, they are essential for normal heart homeostasis, providing the extracellular matrix, 

intercellular communication and vascular supply needed for efficient cardiomyocytes 

contraction and long-term survival [13], [14]. Cardiac myocytes make up the bulk of the 

myocardial volume, but  the cardiac fibroblasts (CFs) are the most numerous cell type in the 

heart, accounting about two-third of the cells. Under normal physiological conditions, CFs are 
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relatively inert cells that maintain myocardial ECM homeostasis. However, in response to 

cardiac injury or stress, they can adopt a specialized myofibroblasts phenotype that enables the 

cell to respond more effectively to environmental stimuli. Many studies showed that CFs are 

involved in the synthesis and remodeling of heart ECM and they are intricately involved in 

myocardial development and pathologies characterized by changes in the ECM, including 

hypertension and myocardial infarction [9], [15].  

The ECM is the acellular components of the heart, it includes interstitial collagens, 

proteoglycans, glycoproteins, cytokines, growth factors, matrikines, and proteases. The 

extracellular matrix serves multiple purposes, because it forms an organizational network that 

surrounds and interconnects cells and provides a scaffold for cardiac cell populations. In 

addition, the ECM helps to distribute mechanical forces throughout the myocardium, convey 

mechanical signals to individual cells via cell surface ECM receptors, and participate in fluid 

movement in the extracellular environment [16]. The ECM components are also of key 

importance for preserving myocardial function under pathological conditions. A number of 

ECM proteins bind growth factors released during myocardial damage. Moreover, the products 

of ECM degradation subsequent to myocardial damage  bind receptors for various growth 

factors and activate many signaling pathways. The interaction between the ECM and cells 

represents the essential moderator of adaptive and reparative changes of the myocardium as a 

reaction to various types of damage. This is enabled by a change in the cell phenotype as well 

as changes in the number, proportion and composition of ECM proteins [17]. 

1.4.1 Cardiac Fibroblasts 

 

Cardiac fibroblasts (CFs) are the most abundant cell type in the mammalian heart and comprise 

approximately two-thirds of the total number of cardiac cell types. At the cellular level, the 

normal adult human heart comprises 30% cardiomyocytes and 70% non-myocytes, of which 

the majority are CFs. Cardiac Fibroblasts are mesenchymal cells, morphologically spindle-

shaped and they are unique among other cell types since they lack a basement membrane. CFs 

are arranged in sheets and strands that run in parallel with muscle fibers and maintain continuity 

between cells in the different layers of the myocardium.[18] In the heart,  myocytes are arranged 

in laminae that are organized into layers of myocytes approximately two to five cells thick. 

These layers of myocytes are surrounded by an endomysial collagen network, where cardiac 

fibroblasts interconnect with myocytes, and endothelial cells and vascular smooth muscle cells 
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are largely confined to the coronary vasculature. This arrangement of fibroblasts in vivo allows 

the fibroblasts to contract the endomysial collagen, exerting force on the myocytes. Importantly, 

the intercellular connections of fibroblasts appear to be via at least two different types of cell-

cell molecules: connexins and cadherins [15]. CFs are involved in many aspects of cardiac 

functions, such as homeostasis and remodeling of the cardiac ECM, cell–cell communication 

with cardiomyocytes, electrical activity, production of growth factors and cytokines, and 

intercellular signaling with other CFs, endothelial or smooth muscle cells that can impact 

cellular events such as angiogenesis, cell proliferation, cardiomyocyte hypertrophy or apoptosis 

(Figure 1). CFs are connected with CMs via gap junctions, particularly connexin 45, which is 

essential in maintaining an optimal electrical conduction in the heart, while they form 

intercellular gap junctions through connexin 40. Another major function of CF is to synthesize 

a variety of bioactive molecules and secrete them into the myocardial interstitium. These 

molecules include cytokines (TNFα, interleukins and TGFβ), active peptides (angiotensin II, 

endothelin 1) and growth factors, which function in the myocardium in autocrine and/or 

paracrine fashions. CFs are the key cell type responsible for ECM homeostasis in health and its 

remodeling in heart disease. They synthesize the ECM proteins while also producing the 

enzymes that degrade these proteins, and inhibitors of these enzymes [19]. CFs are involved in 

the mechanism of cardiac fibrosis, in response to fibrotic stimuli, they differentiate into an 

activated state, myofibroblasts (MyoFs), secreting higher quantities of matrix proteins and 

exhibiting higher migration and contractility.  

 

                          

 

 

Figure 1. Cardiac fibroblasts impact different aspects of cardiac structure and function. 
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1.4.2 Bioactivity and Homeostasis of the Extracellular Matrix 
 

The ECM is a highly dynamic noncellular 3-dimensional network that is present in all tissues 

and plays a critical role in homeostasis and disease. The ECM not only preserves structural and 

mechanical integrity, but also works as a signaling hub that transduces critical cascades for cell 

function, and as a reservoir of growth factors that can be released following injury to modulate 

cell behavior and to activate a reparative program [20]. An appropriate balance of extracellular 

matrix synthesis and degradation is required for normal morphogenesis and maintenance of 

tissue architecture. A disbalance in the extracellular matrix turnover either by decreased matrix 

synthesis and/or increased degradation leads to less than normal extracellular matrix in the 

leading to cardiac dilatation or even rupture [21]. 

Myocardial ECM can be broadly divided into three components: (i) the fibrillar structure that 

is comprised of structural proteins (primarily collagen types I and III); (ii) the basement 

membrane that forms an interface between the cardiomyocytes and the interstitial space; and 

(iii) the nonstructural proteins such as proteoglycans [22]. Human cardiac ECM is composed 

by the 70% of fibrillar collagens, mainly collagen types I and V. The basement membrane 

represents the 20%, mainly composed of collagen IV, but with additional proteins such as 

laminin. Structural ECM comprises 4% of cardiac ECM, which include mainly proteoglycans 

and fibrous glycoproteins. Matricellular components represents the 3% of cardiac ECM, 

including collagen VI and fibronectin [23]. Collagen is an essential component of cardiac ECM. 

Collagen type I is the major collagen representing >85% of total collagen, whereas collagen 

type III represents 6-11%. A small proportion is represented by collagen type V (2-3%) [24]. 

The myocardium collagen content is normally ~2–4% from morphometric assessment and the 

rate of collagen turnover in the normal heart is ~5% per day [25]. During physiological turnover, 

ECM proteins are degraded by the proteolytic function of matrix metalloproteinases (MMPs) 

and are replaced by newly synthesized proteins. The function of MMPs is kept under check by 

their inhibitors, predominantly tissue inhibitor of metalloproteinases (TIMPs). A tightly 

controlled balance in the function of these two groups of proteins is essential in maintaining the 

integrity of ECM structure [22]. In response to MI, the process of cardiac remodeling includes 

angiogenesis, myocyte hypertrophy and fibroblast (CFs) proliferation, which results in 

increased collagen deposition and alterations in ECM proteins and intracellular hormones, 

cytokines, matrikines and growth factors. These factors include IL-6, TGF-ß, endothelian-1, 

TNF-α, fibroblast growth factor (FGF) and angiotensin II (Ang II) [26].  
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 In the fibrotic activities of CFs, the mechanical stretch is transmitted by ECM to the integrins 

on CFs, which causes the release of active TGF-ß and initiates pro-fibrotic cascades. In fact, 

the ECM can respond to mechanical stretch by activation of TGF-ß in the absence of cells. In 

addition, ECM-derived molecules named danger-associated molecular patterns (DAMPs) can 

activate CFs through toll-like receptors (TLRs) in response to pressure overload, which 

ultimately causes pro-fibrotic gene expression in CFs. Lastly, matrix stiffening can increase 

CFs spreading and smooth muscle actin fiber formation and cause an increase in collagen I/III 

ratio. The change in ECM modifies the signals that cardiac cells receive from their scaffolding 

environment, leading to changes in gene and protein expression associated with myocyte 

hypertrophy and contractile dysfunction [25]. 

 

1.4.3 Development of Cardiac Fibrosis 
 
Following MI, up to 1 billion cardiac cells die in response to ischemia. The adult mammalian 

heart has a negligible regenerative capacity after injury and the lost cells are replaced by a 

fibrotic scar. This is followed by remodeling of the surrounding myocardium and eventually 

cardiac function impairment. The remodeling process includes thickening (hypertrophy) and 

stiffening (fibrosis) of the left ventricular wall. Cardiac fibrosis results from the excessive 

synthesis and accumulation of extracellular matrix (ECM) components (e.g., collagen, 

fibronectin);  it is caused by the activation and the proliferation of CFs and MyoFs, leading to 

an increase of left ventricle stiffness, impairing contraction, relaxation of the heart and 

mechano-electric coupling. MyoFs are cells that exhibit characteristics of  both fibroblasts and 

smooth muscle cells and they are not present in healthy myocardium. The most remarkable 

characteristic of MyoFs is their migratory and contracting phenotype, which results from the 

expression of contractile proteins such as α-smooth muscle actin (α-SMA) and non-muscle 

myosin, allowing them to exercise stress on the infarcted area. In the short-term outlook, these 

pro-fibrotic processes can prevent dilatation and laceration of the ventricular wall, resulting 

beneficial for cardiac efficiency. However, prolonged activity of MyoFs results in excessive 

fibrosis and tissue stiffening, impairing cardiac function, increasing the risk of arrhythmia and 

leading to heart failure (HF) (Figure 2) [27]. 
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The fibrotic response after MI can be classified into two types, namely replacement and reactive 

fibrosis, both of which are mediated by CF and MyoFs. Replacement fibrosis, i.e., scar 

formation, is an essential process to prevent rupturing of the ventricular wall after an ischemic 

insult. Nevertheless, the increased mechanical stress post-MI, added to hormonal and paracrine 

mediator, induces the expansion of connective tissue in areas remote to the infarction. This 

reactive fibrosis in the infarct border zone and in the remote uninjured myocardium leads to 

altered chamber compliance and increased ventricular stiffness, compromising cardiac output 

[27], [28]. The cellular response to infarction can be divided in three overlapping phases: the 

inflammatory, the proliferative and the maturation phase (Figure 3). The initial inflammatory 

phase is triggered by massive necrotic cell death in the infarct area. Marked increases in the 

cardiac expression of proinflammatory cytokines, namely tumor necrosis factor (TNF-α), 

interleukin 1 β (IL-1β) and interleukin 6 (IL-6) activate and increase the inflammation. The pro-

inflammatory extracellular environment induces cardiac fibroblasts to increase the production 

of MMP that degrade the ECM allowing immune cell migration into the injured area. Tissue 

injury activates immune signaling and secretion of chemokines induces leukocyte infiltration 

into the injured area. The CXC chemokines are known to recruit primarily neutrophils, whereas 

chemokines from the CC family play a role in recruiting macrophages. These inflammatory 

cells clear the dead cells and ECM fragments from the infarcted area allowing its repopulation 

with migrating and proliferating immune cells and, in the latter phase, myofibroblasts. 

Repression of inflammation, through the increased production of anti-inflammatory mediators 

such as IL-10 and TGF- β, during the transition from the inflammatory phase to the proliferative 

phase is associated with the activation of “stop signals” that inhibit inflammation promoting 

Figure 2. Comparison between healthy and fibrotic tissue morphologies. 
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tissue deposition and angiogenesis. Differentiation and activation of macrophages may 

stimulate transdifferentiation of MyoFs, the key effector cells in scar formation and the main 

source of ECM proteins in the healing infarct. At the same time, activation of angiogenic 

pathways results in the formation of a rich microvascular network necessary to provide oxygen 

and nutrients to the reparative cells. The end of the proliferative phase may be associated with 

activation of anti-fibrotic signals, in order to prevent uncontrolled fibrosis. Transition to the 

maturation phase follows, as extracellular matrix proteins in the infarct are cross-linked, while 

most fibroblasts and vascular cells in the scar undergo apoptosis. As the scar matures, increased 

expression of lysyl-oxidase induces cross-linking of the matrix in the infarcted myocardium. 

Matricellular proteins are cleared and the mature scar, comprised of dense cross-linked 

collagen, enhances tensile strength of the infarct, increasing passive stiffness and contributing 

to diastolic dysfunction. In the mature scar, deprivation of growth factors, stress-shielding and 

removal of matricellular proteins result in apoptotic death of most MyoFs and vascular cells 

[28], [29].  

 
 

 
1.4.4 Cardiac Fibroblasts Differentiation into Myofibroblasts 
 

Myofibroblasts (MyoFs) are phenotypically modulated fibroblasts that accumulate in sites of 

injury and combine ultrastructural and phenotypic characteristics of smooth muscle cells, 

acquired through formation of contractile stress fibers, with an extensive endoplasmic 

reticulum, a feature of synthetically active fibroblasts. Myofibroblasts derive from multiple 

sources (Figure 4). In addition to pre-existing local fibroblasts that can differentiate into 

Figure 3. Central pro-fibrotic signaling factors. 
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myofibroblasts, epithelial and endothelial cells can adopt a myofibroblasts phenotype through 

the processes of epithelial-mesenchymal transition and endothelial-mesenchymal transition, 

respectively.  

 

 

 

Quiescent cardiac fibroblasts don’t exhibit actin-associated cell-cell and cell-matrix contacts 

and don’t secrete significant amounts of matrix proteins. Cardiac fibroblasts differentiation into 

myofibroblasts is a hallmark of the cardiac fibrotic response; incorporation of α-SMA into the 

stress fibers is a characteristic of differentiated myofibroblasts and significantly increases 

fibroblasts contractile activity. An important stimulus for the phenotypic transition of a 

fibroblast to a myofibroblast is a change in the mechanical microenvironment. In an uninjured 

tissue, fibroblasts are generally protected from stress by the crosslinked ECM framework. As a 

consequence of Cardiac injury there is  a loss of architectural integrity and fibroblasts exposed 

to mechanical stress become proto-myofibroblasts. Proto-myofibroblasts are characterized by 

the presence of stress fibers that contain cytoplasmic β-actin and γ-actin. Subsequent exposure 

to TFG-β1, mainly produced by cardiac fibroblasts, and the ED-A splice variant of fibronectin 

result in the differentiation of proto-myofibroblasts into myofibroblasts (Figure 5). When the 

damaged ECM has been reconstructed, the repaired tissue may be able to partially take over the 

mechanical load. although the myofibroblasts may persist for many years, some myofibroblasts 

may be removed by apoptosis. The from mechanical stress is a potent promoter of 

myofibroblast apoptosis.  Nevertheless, activation of fibroblasts and inflammatory cells may 

Figure 4. Myofibroblasts precursors and characteristics 
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persist in the infarct border zone and in the remote remodeling myocardium, as pressure and 

volume loads may provide stimulatory signals, causing the progression of pathological cardiac 

fibrosis [12], [29], [30]. 

                

1.4.5 Myocardial Repair 
 

The human heart cannot regenerate significantly because adult cardiac myocytes are terminally 

differentiated and cannot replicate after injury. Cell-based cardiac repair aims to correct the 

cause of heart failure’s symptoms, that is the injured heart’s inability to adequately pump blood 

due to insufficient muscle mass. Many strategies have been pursued to restore heart function 

involve repopulating the heart with exogenously delivered cells, either by direct injection or 

intravascular delivery. The first approach focuses on repopulation of the injured myocardium 

by transplantation of healthy cells. Several cell types were tested to replace necrotic tissue, such 

as fetal cardiomyocytes and skeletal myoblasts. These cells shown limited success in restoring 

damaged tissues and improving cardiac function because of cell death occurring after 

engraftment and inability of engrafted cells to differentiate and integrate within the host 

myocardium; hence, electromechanical coupling doesn’t occur after in vivo grafting. An 

Figure 5. Myofibroblasts precursors and characteristics. 
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alternative different approach includes mobilization of progenitor or stem cells to the damaged 

area or stimulation of a regenerative program within the organ. According to some studies, the 

use of bone marrow mononuclear stem cells can improve the condition of injured heart by 

regeneration of the cells, it was found that 68% of the cells had regenerated thus showing the 

usefulness of bone marrow derived stem cells. The benefit of using bone marrow derived stem 

cells is that they can be derived from the patient, eliminating the possibility of immune 

response. Embryonic stem cells are used due to their potential to develop into many specialized 

cell types. However, their application is limited due to ethical and legal issues, but mainly due 

to the high risk of teratoma formation.  Another alternative to repair the infarcted heart is the 

use of cardiac resident stem cells, they can be induced to develop into cardiac muscle and 

vascular tissue [31]–[33]. 

1.5 Tissue Engineering 
 

Tissue engineering is an emerging interdisciplinary field that applies the knowledge of 

bioengineering, the life sciences, and the clinical sciences in solving the critical medical 

problems of tissue loss and organ failure. The goal of tissue engineering is to repair or replace 

the damaged organ or tissue by delivering functional cells, supporting scaffolds, growth factors   

and signal molecules or DNA encoding these molecules to injured tissues. It applies the 

principles of bioengineering and  life sciences to investigate structure-function relationships in 

normal and pathological tissues and to develop biological constructs in order to restore, 

maintain or enhance tissue and organ function [34]. Engineered tissues have the potential to 

reduce the need for organ replacement and could support the development of new drugs for 

many diseases. Biologic tissues consist of cells, extracellular matrix (ECM), and the signaling 

system. The engineered tissue is a triad mimicking the three basic components of the biological 

tissues (Figure 6) .In order to engineer living tissues in vitro, cultured cells are coaxed to grow 

in three-dimensional (3D)  bioactive degradable scaffolds that provide physical and chemical 

stimuli to guide cells differentiation and assembly into 3D tissues. To achieve successful 

regeneration of damaged organs or tissues several critical elements should be considered, 

including the biomaterial scaffold for 3D culture, a relevant selection of cells,  that can be 

differentiated into specific cell types and the presence of appropriate signals, such as 

biophysical cues and chemical mediators that coordinate cellular activities. There are three 

principal therapeutic strategies to treat injured tissues in patients: (i) implantation of freshly 

isolated or cultured cells; (ii) implantation of tissues assembled in vitro from cells and scaffolds 
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( in vitro tissue engineering) ; and (iii) in situ tissue regeneration (in vivo tissue engineering).                                

Focusing on cardiac tissue engineering, cardiac cell–polymer constructs could be used as a 3D 

model for in vitro physiological and pharmacological studies and eventually to repair damaged 

heart tissue in vivo. In vivo cardiac tissue engineering strategies includes cell seeded scaffold 

implantation, unseeded scaffold implantation and recruiting endogenous cells, injectable 

scaffold with or without cells or promotion healing and self-repair by delivery of active 

molecules. Another valid alternative is represented by the cell–polymer–bioreactor model 

system that allows control over in vitro culture conditions. In vitro strategies include 

engineering cardiac grafts development from cell-seeded scaffold or biomaterial gel, or creation 

of cell films from cardiac cells and biomaterial sheet. Although in vitro approaches provides 

good control on construct shape, size, cell sources and development, it is limited by the ability 

to create robust constructs and the risk of tissue necrosis after transplantation. On the other 

hand, in vivo approach aims to create replacement tissue in the natural milieu, it is simpler but 

poor control on graft development is one of the most important limiting factors. In conclusion, 

the increasingly intimate combination of engineering and biology offers the prospect of 

sophisticated physiological in vitro models of many different human tissues. These 

physiological surrogates will ultimately allow major advances in prevention, diagnosis, and 

molecular treatment of diseases [31], [35], [36]. 

 

 

 

Figure 6. The tissue engineering Triad [37]. 
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1.6 In vitro models for cardiac tissue engineering  
 

For decades, the ultimate goal of biomedical research has been to understand the molecular 

basis of human disease in order to develop new and more effective models of diagnosis, 

prevention or therapeutic intervention. Most commonly, animals, such as transgenic mice, are 

used as models of human disease. Although many of these animal models reconstitute disease 

manifestations and phenotypes that are similar to those observed in humans, the underlying 

molecular mechanisms can differ greatly between mice and humans. For this reason, a range of 

new in vitro applications, such as safety pharmacology and creating disease models suitable for 

drug discovery, are being considered, with the goal of translating the laboratory research to 

treatments for patients. In this case, the engineered tissue is not a medicinal product, but the 

vehicle for testing treatments. In this application of tissue engineering, the tissues are small 

enough to avoid diffusional constraints for oxygen supply and the  regulatory requirements are 

minimal. The three-dimensional (3D) tissue models are expected to respond exactly as a native 

tissue. Moreover, such models can recapitulate certain physiological functions and be used in 

early-stage research to investigate the efficiency, safety and mood of action of therapeutic 

agents. Instead of attempting to mimic the complexity of the whole organ, the goal is to replicate 

the tissue specific architecture so that it recapitulates a subset of most relevant physiological 

function of the tissue of interest (Figure 7) [37], [38]. 

 

 

 
Figure 7. Myocardial tissue engineering for modeling disease and high-throughput platforms for 

screening of drugs and therapeutic targets. 
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 A range of innovative in vitro 3D-culture systems for cardiac disease modeling have been 

developed  and have been utilized for drug testing and pharmacology studies. In this field, tissue 

engineered models of cardiac fibrosis are indispensable for advancements in the field of anti-

fibrotic therapeutics in order to treat heart failure after myocardial infarction. Although 

conventional monolayer (2D) cell culture methods have provided valuable insight into cardiac 

tissue physiology, they don’t adequately represent the human in vivo (3D) myocardial tissue. 

Conventional cell culture strategies are associated with major differences in structural and 

functional properties compared to native myocardium. These differences are mostly 

characterized by (i) the lack of native-like biochemical, electrophysiological, and mechanical 

cell–ECM and cell–cell interactions, (ii) the differences in dynamic in vivo like conditions such 

as fluid flow and shear stress, and (iii) variations in molecular expression profiles, cell 

morphology and structural microarchitecture. On the other hand, 3D models are characterized 

by establishment of adhesion complexes and tissue polarity and by changes in cytoskeletal 

structure and cell volume that are significantly different from those found in cells cultured as 

monolayers [39], [40]. Several studies have been focused on modeling healthy and infarcted 

myocardium,  culturing cardiac cells on different scaffolds. French et al. demonstrated elevated 

gene expression of early and late cardiomyocyte markers in cardiac progenitor cells on porcine 

myocardial matrix . They found that proliferation, viability and adhesion also increased. These 

shifts were not produced on adipose ECM coatings, suggesting the tissue specific ECM 

provided a more ideal cell environment. Greater gene expression of ECM, MMPs and adhesion 

proteins also suggested induced remodeling of the microenvironment. Sullivan et al. utilized 

rat myocardial matrix-polyacrylamide gels mimicking the healthy and infarct cardiac 

microenvironment in order to investigate the effects on the mesenchymal stem cells phenotype. 

Conditions representative of the diseased conditions, shifted expression of early cardiac 

markers and secretion of certain growth factors was increased, supporting hypotheses that 

therapeutic effects of stem cell treatment are achieved by a reparative paracrine mechanism 

[41]. In hybrid porcine myocardial matrix-collagen scaffolds, Duan et al. encapsulated human 

embryonic stem cells (hESCs) embryoid bodies and compared their differentiation toward a 

cardiomyocyte phenotype to protocols with pure collagen gels and additives mimicking early 

cardiac factors patterns. Gels with higher percentages of ECM had both significantly greater 

and more prolonged gene expression of cardiomyocyte markers compared to both growth factor 

regimens and pure collagen gels. Beating populations, contraction amplitudes, and gap junction 

organization were also increased [42]. Basing on the idea that a hydrogel perfectly mimics 

native cardiac ECM and provides a physiological microenvironment for the cells, Freytes et al. 
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described a method for making 3D hydrogels scaffolds from decellularized cardiac ECM with 

additional collagen type I. They found that native cardiac ECM has a positive effect on the 

differentiation and maturation of hESC to CMs. Hydrogels with high cardiac ECM content 

showed an elevated expression of cardiac markers and it was observed an improvement in 

contractile function and maturation of the cardiac differentiated cells. Although this platform 

was created by using only hESCs, it could potentially be used to create a 3D model with both 

CMs and CFs to study MyoFs differentiation in the presence of differentiated and contractile 

CMs [39]. Hjortnaes et al. proposed a hydrogel platform composed of photo-crosslinkable 

versions of native valvular extracellular matrix components (HAMA and GelMA) as a 3D 

culture system to study valvular interstitial cell (VIC) phenotypic changes. Their results showed 

that VIC myofibroblast-like differentiation occurs spontaneously in mechanically soft GelMA 

hydrogels, but in HAMA-GelMA hybrid hydrogels it requires exogenous delivery of TGF-β1. 

This study demonstrated that a hybrid hydrogel platform can be used to maintain a quiescent 

VIC phenotype [43]. A later study carried out by Gartner et al. suggested that HCF-laden GelMa 

is a suitable model to mimic cardiac fibrosis, thereby providing a platform for 

pathophysiological studies and drug testing. Using this model, they were able to demonstrate 

the anti-fibrotic effects of cardiac progenitor cells (CPC) in vitro, also revealing an important 

role for continuous cross-talk between CPC and HCF [40].  In their work, Saini et al developed 

3D cardiac microtissues embedded with the co-culture of CM and CF using GelMA hydrogel 

controlling precisely the geometrical features of the microtissues. They observed  enhanced 

cytoskeletal organization, specific cardiac protein expression, and synchronous contraction of 

the co-culture of the cells compared to the monoculture condition regardless of construct 

geometries. Furthermore among the co-culture conditions, increasing the number of CM 

resulted in a significantly enhanced beating frequency. These  findings can be used in 

engineering the next generation of cardiac tissue substitutes for regenerative medicine and 

disease modeling application [44]. In another study of Deng et al. a 3D CF tissue was 

engineered by encapsulating isolated rat adult CF in a collagen-based hydrogel. The aim of the 

study was to measure the effect of a thrombin receptor inhibitor (PAR1) on cardiac fibrosis. By 

adding thrombin, they observed that the tissue stiffness increased significantly, which then was 

reduced after incubation with PAR1 inhibitor. The study of Deng et al. indicates the importance 

of a cardiac fibrosis model in the identification of drug targets as well as the identification of 

pathophysiological processes that play a key role in cardiac fibrosis and ventricular remodeling 

[39]. All the models cited above have in common the use of natural polymers as constituent, on 

the contrary the last work presented make use of a synthetic polymer as building constituent of 
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the model. Poobalarahi et al. developed a 3D culture system using primary cardiac fibroblasts 

seeded into a nylon mesh (3DTC) that allows to interconvert between myofibroblast and 

fibroblast phenotypes. They have found that CF in 3DTC convert to MyoFs through interaction 

with the scaffold and that stretch induces phenotypic conversion to fibroblasts with a 

concomitant reduction in collagen production [45]. 

1.6.1 Cell sources for in vitro cardiac tissue models 
 

An ideal in vitro cardiac tissue model should accurately recapitulate the physiological or 

pathological conditions of the human heart, including 3D anisotropic tissue structure, 

orientation of the ECM network, vascularization and circulation.  Human cardiovascular 

conditions in vitro can be achieved by developing engineered physiologically relevant 3D 

models by embedding cells in biomaterial matrices or microfabricated devices.  

In the adult human heart, CMs account for about 70% of the heart volume, but they represent 

only about the 30% of the total cell number. Therefore, identifying the optimal source of beating 

CMs is the first step in the development of an in vitro cardiac tissue model. Early cardiac tissue 

models depended on immortalized human cell lines or primary cells isolated from multiple 

species. Primary CMs isolated from embryonic chicken and neonatal mice and rats were the 

most common cell sources for cardiac models. The increased awareness that animal cell-based 

models cannot recapitulate  human physiology in a reliable way has led to the development of 

more sophisticated cells to build tissue models. The advancement of stem cell biology played a 

key role in the development of in vitro cardiac tissue models that employ differentiated 

pluripotent stem and progenitor cells. Originally, mesenchymal stem cells (MSCs) were used 

for cardiac tissue models to investigate their beneficial effects on damaged cardiac tissues, 

either through transdifferentiation or paracrine signaling. However, MSCs suboptimal 

capability for cardiac differentiation has limited their use in this field. For better recapitulation 

of heart’s physiology and pathology, nowadays in vitro cardiac models focus on human 

pluripotent stem cells, including human embryonic stem cells (hESCs), human pluripotent stem 

cells (hPSCs) and human induced pluripotent stem cells (hiPSCs). CMs differentiation in vitro 

differ considerably from cells isolated from a mature human heart, because of the absence of 

humoral factors and organized mechanical and electrical stress. In general, many of the features 

of hPSC-CMs are reminiscent of normal fetal cells. hPSC-CMs are spontaneously beating cells 

co-expressing atrial-, ventricular-, and nodal- markers, with unorganized sarcomeres, immature 

mitochondria and an expression profile different from adult CMs. Despite all the discussed 
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limitations, hPSC differentiation remains a powerful method to model in vitro cardiac disease 

because of the capacity of these cells to give rise to terminally differentiated stable cardiac cells 

[46]. In some studies, contracting CMs were generated from hiPSC through co-culture with 

mouse endoderm-like cells (END2). One key area of research that needs to be addressed prior 

to full-scale use of iPSCs for cardiac drug screening and development is the maturity of CMs. 

CM maturation in vivo is regulated by diverse factors, including topographical, electrical, 

mechanical, chemical and cellular interaction cues. However, hiPSC-CMs in vitro retain a 

relatively immature phenotype and exhibit relatively small size, reduced electrical excitability 

and impaired excitation-contraction coupling. Currently, efforts focus on dissecting the external 

cues (chemical, physical, electrical), deciphering signaling pathways and using this information 

to accelerate the maturation process. Engineering methods are playing a crucial role to stimulate 

the in vitro processing of hiPSC-CMs maturation by providing relevant environmental motifs, 

such as morphology, external electrical stimulation, mechanical loading and extracellular 

matrices [38], [47], [48]. Basing on all the advances cited above there are new possibilities for 

disease modeling of cardiac fibrosis providing high availability and relatively low cost 

compared to animal models. Most of the current in vitro models of cardiac tissue contain only 

CMs and lack other cell types found in the human heart. Therefore, there is a need for an in 

vitro human cardiac fibrosis model that possesses the physiological relevant cell combination 

and can mimic the 3D nature of native cardiac tissue. To this end Lee et al. found that using 

CMs and MSCs, both differentiated from the same hESC line, MSCs could provide a major 

precursor population to generate CF, which mediate scar formation during fibrosis [49]. In 

another study focused on hiPSCs, Zhang et al. demonstrated that it was possible to generate 

quiescent cardiac fibroblasts form hiPSCs,  that could recapitulate most of the fundamental 

biological features of primary CFs. They was further demonstrated that hiPSC-CFs could be 

used as an in vitro model to explore the underlying mechanism of cardiac fibrosis and to screen 

drugs with pro-or anti-fibrosis potential [50]. 

1.6.2 Biomaterials for in vitro cardiac tissue models 
 

Native heart matrix is a highly ordered anisotropic structure that supports densely packed CMs 

and supporting cells. Engineering a 3D cardiac tissue with physiologically relevant 

microenvironment and cell morphology presents a significant challenge for in vitro cardiac 

modeling. Biomaterials play a key role in creating 3D tissue models, scaffolds should provide 

a 3D environment for cells to attach, interact with each other, transmit load and conduct 
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electrical signals. A suitable scaffold for cardiac tissue engineering has the capacity to induce 

alignment and provide appropriate stiffness for the cells to generate physiological force. 

Moreover, highly ordered anisotropic layers within native myocardium are critical for 

alignment of CMs and the transduction of mechanical and electrical signals. For normal 

function, cardiac cells need a matrix with cardiac-like molecular composition, structure, and 

mechanical properties. Two broad classes of cardiac tissue engineering scaffolds are natural 

and synthetic materials. Natural materials include collagen, hyaluronic acid (HA), Matrigel, 

fibrin, elastin, gelatin, alginate and decellularized heart matrix. They have the advantage to 

provide signals to cells by surface receptor interactions, but they are difficult to process without 

disrupting important hierarchical structures. Hydrogels formed from natural materials are 

particularly suitable for cardiac tissue engineering applications because their mechanical 

properties are tunable and they can be adjusted to values inherent to native heart matrix. 

However, the poorly defined chemical composition and batch-to batch variability have limited 

the application of natural polymers in certain cases. In addition, their mechanical properties are 

not always sufficient to support many tissue types. Some attempts have been made in order to 

overcome such mechanical deficiency. For example, hybrid system were generated to enhance 

the mechanical properties of natural polymers: semi-interpenetrating networks of 

photocrosslinkable hyaluronic acid (MeHA) and collagen have been fabricated to achieve better 

mechanical properties than collagen or MeHA alone. Chemical modifications can also be 

considered in order to tune the mechanical strength of natural polymers. For example, the varied 

modification degree of methacryloyl-substituted gelatin (GelMA) can be used to obtain 

scaffolds with desired mechanical properties that are suitable for cardiac tissue engineering 

applications [39]. Several groups have used biological tissues ad scaffold, for example 

decellularized heart tissue. Decellularization of tissues removes all cellular elements, leaving 

an intact and functional ECM. Thin sheets of decellularized human heart matrix were an 

excellent substrate for in vitro cultivation of cardiac cells. Such scaffolds can provide a 

combination of local control and long-range signaling. Synthetic biomaterials provide an  

attractive alternative to natural materials, as it is possible to control the entire synthesis process 

as well as the materials mechanical properties, topography and structure. A number of synthetic 

polymers have been used to create 3D cardiac scaffold for in vitro models. Synthetic scaffolds 

must recapitulate the native 3D hierarchical fibrillar structure, possess biomimetic surface 

properties and demonstrate mechanical integrity. The most frequently used synthetic polymers 

for cardiac tissue engineering are polyurethane, poly-caprolactone (PCL), polylactic acid 

(PLA), polyglycolic acid (PGA) and their copolymers. Synthetic biomaterials can be readily 
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customized, but may be limited in functional cellular interaction and therefore they are often 

modified to incorporate adhesion peptides or release biological molecules. An excellent 

synthetic material for cardiac tissue engineering is the poly(glycerol sebacate) (PGS). PGS has 

been used in cardiac tissue applications because of its high and controllable elasticity and 

stiffness. This material was used to fabricate scaffold in the form of an honeycomb with 

anisotropic structure and biochemical properties of native cardiac muscle. It has been 

demonstrated that this type of scaffold induced cell alignment, coupling and a direction-

dependent contractile behavior. In general, cell alignment can be obtained with electrospun 

nanofiber-based scaffolds, which provide flexible matrices and topographic properties offering 

support and guidance for the CMs. Electrospun 3D scaffold with aligned nanofibers using 

synthetic polymers successfully mimic the structure and orientation of native ECM in the 

myocardium and help CMs self-organize with anisotropic structure. However, the micron scale 

porosity of these scaffold limits call infiltration into the matrix and thereby the creation of a 3D 

tissue.  

The scaffold is a key component of almost all tissue-engineered systems as it determines 

interactions between the cells and their environment. Specialized scaffolds are now available 

that guide cell alignment, improve mass transport and provide the mechanical properties 

necessary for the formation of cardiac tissues in vitro. These findings collectively suggest that 

3D tissue engineered models with defined cellular microenvironments hold great promise for 

high-content drug screening and cardiotoxicity testing [38], [47], [51]. 

1.6.3 In vitro stimulation 
 

Cardiac tissue is characterized by being dynamic and contractile, imparting the important role 

of biomechanical and biochemical cues in the regulation of physiological activity or 

pathological remodeling. The alteration of biochemical and biomechanical microenvironments 

in cardiac tissue determinates the fate of CFs fibrotic remodeling. Since the mechanism by 

which fibrosis occurs is unclear, clarifying the underlying crosstalk between biochemical and 

biomechanical cues is important for the development of new therapeutic strategies for cardiac 

fibrosis.  In terms of biochemical cues, many soluble cytokines such as TGF-β, angiotensin II, 

interleukin-6, endothelin-1 and basic fibroblast growth factor have been implicated in 

myofibroblast activation. Among which, TGF-β plays the major role in the activation of 

myofibroblasts promoting the expression of α-SMA and synthesis of extra domain-A (ED-A) 

fibronectin and it is often used as a unique triggering factor to mimic a fibrotic environment in 



25 
 

vitro. In addition, it is important to considerate many biomechanical factors, such as ECM 

stiffness and mechanical strain, that are crucial in the regulation of heart fibrosis and 

pathological remodeling. In vitro, fibroblast/myofibroblasts are cultured and regulated by 

controlled biomechanical conditions [52]. Many studies showed that substrate stiffness alone 

can regulate the fate of fibroblasts by mainly promoting fiber formation ( e.g. expression of 

stress fibers), while external mechanical stretching regulates instead expression of α-SMA and 

types I and II collagen deposition. However, in 2D culture environments, the effect of external 

static stretching depends on the chosen substrate stiffness and it seemed to induce fibrotic gene 

and protein expression only when a scar-like substrate (~30 kPa) is used. Starting from the 

muscle-like stiffness range (3–10 kPa), the effects of static mechanical stretching on pro-

fibrotic switch were less evident. Although 2D in vitro models of fibrosis offer a good control 

over culture substrate stiffness, they cannot mimic the complexity of the native 3D environment 

characterized by cell–cell and cell–matrix interactions. To this end, microfluidic technologies 

have been investigated to enable the development of advanced cardiac models by integrating 

key environmental features within cardiac cell culture systems, such as cyclic mechanical strain 

and the supplementation of specifical biochemical factors ( TGF-β1). The results of the use of 

microfluidic platforms showed that the supplementation of exogenous TGF-β1, both alone and 

in combination with cyclic mechanical stimulation, contributed to an increase in the final cell 

density within the model and in the fibroblast proliferative activity, However, also cyclic 

mechanical stimulation alone was shown to be capable of triggering fibroblast proliferation, if 

compared to the static control without TGF-β1 supplementation. Taken together, these 

observations suggested that both TGF-β1 supplementation and cyclic mechanical loading are 

effective in stimulating in vitro the recapitulation of the early proliferative stage of wound 

healing. In conclusion, integrating 3D culture, microfabrication and biomechanical cues 

regarding fibrotic progress could be useful to study the mechanical regulation of myofibroblast 

activation and fibrotic remodeling, especially to uncover the strain-response relationship of 

mechanical cues and CFs phenotypic remodeling  [52]–[54]. 

1.6.4 Biomimetic Coatings for in vitro cardiac fibrosis models 
 

Cardiac tissue engineering and regenerative medicine rely on biomaterial scaffolds to support 

cell attachment, proliferation, differentiation in vitro. Mimicking the best natural scaffold, the 

extracellular matrix (ECM), represents a good strategy to reproduce biochemical signals in a 

3D environment. Cells integrate with the ECM in vivo as a physiologic mechanism involving 
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bi-directional interaction between the intracellular environment and the surrounding ECM 

itself, through cell-surface receptors. These interactions induce specific behaviors and 

differentiation of individual cells. Recent strategies in the developing of tissue engineered  

biomaterials have focused on changes to the surface characteristics of the scaffolds to control 

cell response. Scaffold of aliphatic polyesters such as poly(L-lactic acid) (PLA), poly(L-lactic-

co-glycolic acid) (PLGA) and poly(ε-caprolactone) (PCL) are often used in tissue engineering 

because they provide tunable properties such as ease of manufacturing, good mechanical 

properties and non-toxic degradation products. However, cell-surface interactions are limited 

on these materials by their smooth post-fabrication surfaces, hydrophobicity and lack of 

biochemical binding sites. To overcome these limits, biomimetic surface modification 

techniques have been developed to unite the consistency and the mechanical properties of 

synthetic polymers with the cell-signaling potential found in native tissues [55], [56]. In the 

field of cardiac tissue engineering, many researches have used ECM proteins to make coatings 

on synthetic polymers in order to provide a more in vivo like environment. For instance, PGA 

scaffolds coated with laminin were found to increase cell size and induce a change in the 

electrical properties of a membrane populated with cardiomyocytes. Other studies demonstrated 

that laminin improves the adhesion and alignment of cardiomyocytes [51]. Schenke-Layland et 

al. used collagen type IV coatings to induce iPSCs to differentiate into functional cells of the 

cardiovascular and hematopoietic lineage [57]. Cardiomyocytes have many different surface 

integrins which allow attachment to various ECM proteins. A few studies have shown that 

cardiomyocytes have demonstrated good attachment to polymers modified with collagen type 

I , laminin or fibronectin and that they exhibit spontaneous contractility, suggesting that these 

coatings are able to promote cells adhesion in 2D cultures and to influence cardiac morphology 

[58], [59]. Moreover, scaffold surfaces, modified with ECM molecules, are shown to modulate 

cellular activities of fibroblasts that modulates myo-fibrillogenesis. For example, the coating of 

PLGA with ECM has been found to upregulate property of cardiac markers [60]. As an 

alternative strategy, decellularized matrix (DM) coatings were investigated to confer bioactivity 

to synthetic substrates through the addition of a complex, physiologically relevant ECM to 

biomaterial surfaces. DM coatings are produced by first culturing matrix-depositing cells on a 

substrate, followed by the removal of those cells such that the underlying matrix remains intact. 

Subsequently, cultured cell populations are then able to directly interact with residual ECMs. 

The successful application of DM coatings to 3D constructs currently requires customized 

perfusion flow bioreactors to minimize DM heterogeneity resulting from poor oxygen and 

nutrient diffusion to matrix-deposing cells. This technique may be costly and time consuming 
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in the eventual scale up of DM coatings to customized materials of differing geometries.  For 

this reason novel approaches are being investigated,  for example DMs deposited on standard 

tissue culture plastic (TCP) can be removed, solubilized and transferred to alternate substrates, 

while retaining cell-instructive properties [61]. 

1.7  Biomimetic Coatings Validation: Quartz Crystal Microbalance (QCM) 
 

The quartz crystal microbalance (QCM) is a nanogram sensitive technique that utilized acoustic 

waves generated by oscillating a piezoelectric, single crystal quartz plate to measure mass. The 

basis of QCM operation relates to quartz’s inherent property of piezoelectricity. By applying 

alternating electric fields to quartz an alternating expansion and contraction of the crystal lattice 

is induced. In the most common QCMs a circular piece of quartz is sandwiched between two 

metal electrodes. Resonance is excited when a sufficient AC voltage is applied with a frequency 

close to the resonant frequency (f0) of the particular crystal. The resonant condition of the QCM 

occurs when the standing wave produced by the alternating expansion and contraction is an odd 

integer of the thickness of the quartz plate. Resonant frequencies of typical QCMs are on the 

order of MHz and the tradeoff between frequency (relating to sensitivity) and the thickness ( 

relating to usability) of QCMs is that the higher the resonant frequency the thinner the crystal. 

QCM is used to observe and quantify real-time molecular absorption processes on a solid-liquid 

interfaces. The absorption of molecule or particles on the sensor surface causes a change in the 

resonant frequency (Δf) of the quartz crystal sensor. Frequency variation is detected using 

acoustic waves generated by the oscillation of a piezoelectric crystal, following the application 

of an alternating electric field (Figure 8). In addition, QCM-D provides information on the 

stiffness of an absorbed layer by monitoring dissipation (ΔD). Δf essentially measures changes 

in the mass attached to the sensor surface (generally golden sensor), while ΔD measures 

properties related to the viscoelastic properties of the adlayer [62]–[64]. 

 
Figure 8. Golden sensor schematic rapresentation. 
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When the deposited material is viscous or soft, it doesn’t follow the sensor oscillation perfectly, 

this leads to internal friction (due to deformation) in the adlayer and thus to dissipation. This 

mass is the dynamic mass and not the rest mass. The more viscous the material the more the 

oscillation will induce deformation and thus the coupled mass will deviate more and more form 

the rest  mass. Therefore, using the dissipation parameter it is possible to fully characterize the 

adsorption of viscoelastic materials. In practical biomolecular applications the dissipation 

parameters and the subsequently extracted viscoelastic parameters are critical for many 

applications, such as cellular adsorption applications. 

1.8 Direct reprogramming of cardiac fibroblasts into myocytes  
 

Heart disease is a leading cause of adult and childhood mortality worldwide. Because human 

hearts have low regenerative capacity following injury, all heart injuries heal by scar formation, 

potentially leading to cardiac remodeling and heart failure. Cardiac fibroblasts (CF) represent 

a significant fraction of the non-myocyte cell population in the heart and they are crucial in 

pathological cardiac remodeling, for this reason they are attractive therapeutic targets for 

cardiac repair. A major goal for the treatment of heart tissue damaged by cardiac injury is to 

develop strategies that restore healthy heart muscle through the regeneration and repair pf 

damaged myocardium. The discovery of induced pluripotent stem cells (iPSCs), in 2006, 

inspired new approaches for generating specific cell types by introducing combinations of 

lineage-specific transcription factors. Recent advances have established that CFs can be directly 

reprogrammed into cardiac myocytes by introducing combinations of lineage-significant 

transcription factors or microRNAs (miRNAs) without first becoming stem/progenitor cells.  

In the context of myocardial infarction (MI), researchers adopted an autologous  in vivo strategy 

consisting in the delivery of a cocktail of reprogramming mediators directly into the border 

zone adjacent to the injured myocardium and thereby inducing fibroblasts to reprogram into 

cardiac muscle. This approach would be expected to lead both a reduction on scar formation 

and an overall improvement in contractility (Figure 9) [65], [66]. 
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An important question for regenerative purposed is whether a direct reprogramming strategy 

can convert adult fibroblasts into fully functional cardiomyocytes. To address this, Song et al. 

determined the optimal combination of the cardiac transcription factors necessary and sufficient 

for reprogramming of tail-tip fibroblasts (TTFs) into functional cardiomyocytes. In addition, 

miRNAs have been widely investigated as such they have numerous targets related to signaling 

pathways, transcription factors and epigenetic regulation and play important roles in cell fate 

decisions. The four muscle-specific miRNAs—miR-1, miR-133, miR-208, and miR-499—are 

abundantly expressed in cardiomyocytes, where they regulate heart development and many 

aspects of cardiac biology. Jayawardena et al. reported that a combination of these four muscle-

specific miRNAs could convert neonatal mouse CFs into cardiomyocyte-like cells in vitro. The 

resulting induced cardiomyocytes (iCM) expressed cardiac proteins and sarcomeric structures 

and the results suggest that miRNA mimics may be applicable to cardiac reprogramming and 

may have advantages for clinical applications [66]. Analyzing all the experiments performed, 

it was found out that the reprogramming efficiencies achieved in vivo was higher than those 

achieved in vitro, suggesting that some elements of the microenvironment actively influence 

the process [67]. Comparing in vivo and in vitro reprogramming, in vivo-generated iCMs seem 

to be more fully reprogrammed, suggesting that secreted proteins, electrical and mechanical 

stimulation, and cell to cell contact may promote cardiac differentiation and reprogramming. 

Despite the huge potential of direct cardiac reprogramming technology, many challenges 

remain. The reprogramming process in vitro is inefficient and the molecular mechanism of 

direct reprogramming is still undefined. Given that the reprogramming factors identified in vitro 

Figure 9.  Direct reprogramming of cardiac fibroblasts into cardiomyocytes in situ. 
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can be applied in vivo,  in vitro studies can be used as  screening platforms for the identifications 

of key factors to further improve reprogramming efficiencies (Figure 10) [66]. 

 

 

1.9 Electrospinning  
 

Electrospinning is a unique and versatile technique that depends on the electrostatic repulsion 

between surface charges to constantly draw smooth nonwoven fibers from polymer solutions 

or melts. Considering all the Tissue Engineering techniques, electrospinning is the only method 

that allows mass production of nanofibers from various polymers, it is simple, cost-

effectiveness, versatile, scalable and reliable. [68], [69] Electrospun fibers diameters range from 

2 nm to several micrometers. Compared to standard fibers, they offer several advantages such 

as, an extremely high surface-to-volume ratio, tunable porosity and malleability to conform to 

a wide variety of size and shapes. Because of these advantages, electrospun nanofibers have 

been widely investigated in the past several years for use in various applications, such as 

filtration, optical and chemical sensor and biological scaffold for tissue engineering. An 

electrospinning system consists of three major components: a high voltage supply, a volumetric 

pump and a conductive grounded collector (usually a metal screen, plate or rotating mandrel) 

(Figure 11).Currently, there are two standard electrospinning setups, vertical and horizontal 

[70]. 

Figure 10. Direct cardiac reprogramming in vitro and in vivo. 
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Direct current (DC) power supplies are usually used for electrospinning although the use of 

alternating current (AC) potential is also feasible. The spinneret is connected to a syringe in 

which the polymer solution is hosted. With the use of a volumetric pump, the solution can be 

fed through the spinneret at a constant and controllable rate. When a high voltage is applied 

(usually in the range of 1 to 30 kV), the pendent drop of polymer solution at the nozzle of the 

spinneret will become highly electrified and the induced charges are distributed over the 

surface. As a result, the drop will experience two major types of electrostatic forces: the 

electrostatic repulsion between the surface charges and the Coulomb force exerted by the 

external electric field. Under the action of the electrostatic interactions, the drop will assume a 

conic shape, originating the Taylor cone. Once the strength of electric field has exceeded a 

critical value, the electrostatic forces can overcome the surface tension of the polymer solution 

and thus force the ejection of a liquid jet form the nuzzle. The electrified jet then undergoes a 

stretching process forming a thin wire. As the liquid jet is continuously elongated the solvent is 

evaporated and its diameters is reduced. The collector attracts the charged fiber, that it is often 

deposited as  randomly oriented [71]. The morphology and diameter of electrospun fibers 

depend on a number of processing parameters that include: (i) the intrinsic properties of the 

solution such as the type of polymer, the conformation of polymer chain, molecular weight, 

concentration, elasticity, electrical conductivity and the polarity and surface tension of the 

solvent; and (ii) the operational conditions such as applied voltage, the distance between 

spinneret and collector and the feeding rate for the polymer solution. In addition, ambient 

parameters, such as humidity and temperature of the electrospinning chamber may also play an 

important role. The polymer molecular weight influences solution viscosity, surface tension 

Figure 11. Schematic diagram of set up of  vertical 
electrospinning system. 
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and conductivity. In general, easily spinnable polymers have high molecular weight, while 

polymers with low molecular weight tend to form beads. It exists a minimum concentration 

below which an “electrospraying” process is stablished (it causes the deposition of particles 

instead of fibers) and a maximum concentration beyond which it the solution is too viscous to 

have a continuous process. Surface tension, more likely to be a function of solvent compositions 

of the solutions, plays a critical role in the electrospinning process and by reducing the surface 

tension of the solution, fibers can be obtained without beads Generally, the high surface tension 

inhibits the process because of instability of the jets.  Solution conductivity is mainly 

determined by the polymer type, solvent used, and the availability of ionizable salts. It has been 

found that with the increase of electrical conductivity of the solution, there is a significant 

decrease in the diameter of the electrospun nanofibers whereas with low conductivity of the 

solution, there results insufficient elongation of the jet to produce uniform fiber and beads 

formation may occur. The selection of the solvent is one of the key factors for the formation of 

smooth and beadless electrospun nanofiber. Usually, two things need to be considered before 

selecting the solvent. First, the polymer has to be completely soluble in the chosen solvent. 

Second, the solvent should have a moderate boiling point. Its boiling point gives an idea about 

the volatility of a solvent. Generally volatile solvents are fancied as their high evaporation rates 

encourage the easy evaporation of the solvent from the nanofibers during their flight from the 

needle tip to collector. However, highly volatile solvents are mostly avoided because their low 

boiling points and high evaporation rates cause the drying of the jet at the needle tip. This drying 

will block the needle tip and hence will hinder the electrospinning process. Similarly, less 

volatile solvents are also avoided because their high boiling points prevent their drying during 

the nanofiber jet flight. As regard processing parameters, the applied voltage to the solution is 

a crucial element. A higher voltage caused greater stretching of the solution leading to a 

reduction in the fiber diameters and also to a rapid solvent evaporation from the fibers. The 

flow rate of the polymer is another important process parameter as it influences the jet velocity 

and the material transfer rate. A lower flow rate is suitable as the solvent will get enough time 

to evaporate. High flow rates result in beaded fibers as the solvent evaporation is uncomplete 

prior to reaching the collector. One important aspect of the electrospinning process is the type 

of collector used, it is possible to obtain a random mass of fibers, using a conductive flat plate 

or advanced collection systems can be used to obtain aligned fibers, such as the rotating 

cylinder, two parallel metal rods or two rings equidistant from the spinneret parallel to each 

other. The distance between the tip and the collector has been examined as another approach to 

control the fiber diameters and morphology. It has been found that a minimum distance is 
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required to give the fibers sufficient time to dry before reaching the collector, otherwise with 

lower distances beaded fibers can be observed. Apert from solution and processing parameters, 

it is important to consider the influence of ambient parameters. It has been found that with 

increase in temperature, there is a yield of fibers with decreased fiber diameter and this can be 

explained relating it with a decrease in the viscosity of the polymer solution at increased 

temperature (Table 1) [70], [72]. 

 

Electrospinning generates loosely connected 3D porous mats with high porosity and high 

surface area which can mimic extra cellular matrix structure and therefore makes itself an 

excellent candidate for use in tissue engineering. Myocardial tissue shows a hierarchical 

structure with aligned fibrous cells embedded into 3D honeycomb-like micro-patterns formed 

by both undulated perimysial collagen fibers and different proteins of the ECM. Thus, a scaffold 

with fibrous structure is crucial for cell organization, survival and function of the seeded cardiac 

cells. Particularly, nanofibrous electrospun scaffolds have been increasingly investigated for 

engineering functional cardiac tissue, since they mimic the ECM of native myocardium, they 

have excellent mechanical properties and fiber properties are easy to manipulate. More 

importantly, recent advances in electrospun scaffold fabrication with complex structures ( e.g., 

aligned, spring-like fiber) and compositions (e.g., biomolecules, nanoparticles) have made it 

versatile to endow then with extra properties for facilitating the organization and functionalities 

of the cardiac tissue. Several studies demonstrated that the presence of aligned surface 

facilitates the orientation and organization of CMs. For instance, aligned conductive 

electrospun polyaniline (PANi)/poly ( lactic-co-glycolic acid) (PLGA) scaffolds have been 

demonstrated to promote the organization and coupling of CM in cardiac tissues and their 

synchronous beating in response to electrical stimulation. Regarding to mechanical properties, 

several studies demonstrated that a suitable scaffold for cardiac tissue engineering should have 

Table 1 Electrospinning parameters effect on fiber morphology 
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a Young’s modulus up to 0.5 MPa and a tensile strength up to 15 kPa, to match the mechanical 

properties of human myocardium. Moreover, the electrospun scaffold should be biocompatible 

and its degradation rate should be comparable to the regeneration rate of the native ECM. More 

than 200 polymers have been investigated to create electrospun scaffold for cardiac tissue 

engineering, between them only those with excellent biocompatibility have been widely 

utilized, including both synthetic (e.g. polycaprolactone (PCL), poly-L-lactic acid (PLLA) and  

polyurethane (PU)) and natural (e.g. gelatin, collagen and silk fibroin) polymers. The results of 

the literature research revealed that the synthetic polymer of choice for most scientists is PCL. 

For example, Shin et al. have shown that PCL fiber meshes of 250 nm average fiber diameter 

suspended on a wire ring support attachment and contraction of neonatal rat CMs in vitro 

(Figure 12).CMs adhered, populated the entire scaffold mesh, and stained positively for cardio-

specific proteins. This highly porous non-woven PCL mesh functions as a temporary ECM that 

enables the cells to adhere, spread, proliferate and establish electrical communications between 

layers creating synchronized beating [73]. 

 
 

Nevertheless, the high stiffness and hydrophobicity of the PCL doesn’t provide significant cell 

attachment and proliferation in cardiac tissue engineering. Many studies have been carried out 

toward the improvement of PCL characteristics. Then combination of PCL with different 

natural polymers such as collagen, elastin and gelatin has revealed that electrospun PCL/gelatin 

scaffold showed a higher tensile strength compared to the other hybrid scaffolds [74], [75]. In 

another study, random and aligned PCL/gelatin composite nanofibrous scaffolds were 

electrospun to structurally mimic the oriented ECM. Results indicated that PCL/gelatin 

nanofibrous scaffolds possessed small fiber diameters, increased hydrophilicity and lower 

stiffness compared to electrospun PCL fibers. The aligned PCL/gelatin nanofibers showed 

anisotropic wetting characteristic and mechanical properties that closely match the 

Figure 12. SEM micrograph of mesh. 
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requirements of native cardiac anisotropy (Figure 13). Rabbit CMs were cultured on 

electrospun random and aligned nanofibers to asses biocompatibility and potential for cell 

guidance. It was found out that the aligned PCL/gelatin scaffold greatly promoted cell 

attachment and alignment because of the biological components and ordered topography of the 

scaffolds [76].  

 

 
 

 

 

 

 

 

 

 

 

 

Figure 13. SEM micrographs of electrospun (A) random 

PCL, (B) random PCL/gelatin, (C) aligned PCL, (D) 

aligned PCL/gelatin nanofibers. 
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2. Materials and Methods 
 

2.1 Polycaprolactone 
 

The electrospun scaffolds for the in vitro fibrotic cardiac model were fabricated using  

polycaprolactone (Mw 43000, Polysciences, PCL43). Polycaprolactone (PCL) is a 

semicrystalline aliphatic polyester produced by ring-opening polymerisation of epsilon-

caprolactone (Figure 14). PCL is a biodegradable, biocompatible and nontoxic polymer. It is 

highly hydrophobic and thus has longer degradation times than polyglycolide (PGA), polylactic 

acid (PLA), poly(lactic acid-co-glycolic acid) (PLGA) and its copolymers, which makes it 

suitable for applications where long degradation times are required.  PCL is degraded by 

hydrolysis of its ester linkages in physiological conditions and it has been subject of study for 

use as an implantable devices. Owing to its low melting temperature (59-64 °C) , PCL is easily 

processed by conventional melting techniques and can be filled with stiffer materials (particles 

or fibres) for better mechanical properties. The advantages of PCL for tissue engineering 

applications include tailorable degradation kinetics and mechanical properties, ease of shaping 

and manufacture enabling appropriate pore sizes conducive to tissue in-growth and the 

controlled delivery of drugs contained within their matrix . Functional groups could also be 

added to make the polymer more hydrophilic, adhesive or biocompatible which enabled 

favourable cell responses. 

 

 

 

 

 

Figure 14. PCL Formula. 
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2.2 Collagen type I 
 

The collagen subtypes I (Col I) and III (Col III) are essential components of the cardiac 

extracellular matrix (ECM) maintaining the functional integrity of the heart. In particular, 

collagen type I accounts for approximately 85% of total myocardial collagens and it is 

responsible for building thick fibers that endow its tensile strength. Collagen type I is by far the 

most abundant protein in all vertebrates. It assembles into fibers that form the structural and 

mechanical scaffold (matrix) of bone, skin, tendons, cornea, blood vessel walls, heart and other 

connective tissues. It  is synthesized as a procollagen precursor, which consists of an N-terminal 

propeptide, central collagen domain and C-terminal propeptide (Figure 15). The distinguishing 

feature of all collagens is a triple helix formed by three polypeptide chains with a glycine 

residue in every third position. The obligatory glycines are essential for the triple-helix 

formation.  Human Collagen type I ( Sigma Aldrich-Milano, stored at - 20°C) at 70 µg/mL was 

used as major component of a biomimetic coating realized on PCL scaffolds to mimic the 

fibrotic cardiac extracellular matrix. The original product was liquid at a concentration of 1 

mg/mL. The Collagen type I solution, at the desired concentration, was solubilized in phosphate 

saline buffer (PBS) (Life Technologies) under magnetic stirring for 2 h.  

 

 

 

 

 

 

Figure 15. Molecular structure of fibrillar collagen type I. 
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2.3 Fibronectin 
 

Fibronectin (Fn) is a glycoprotein that provides a scaffold for the infiltration of connective 

tissue and inflammatory cells. It exists as a protein dimer, consisting of two nearly 

identical monomers linked by a pair of disulfide bonds (Figure 16). The fibronectin protein is 

produced from a single gene, but alternative splicing of its pre-mRNA leads to the creation of 

several isoforms. Fn is expressed in the developing heart and is a minor component of the adult 

uninjured left ventricle.  It is induced in the adult heart in response to MI, produced mainly by 

fibroblasts and endothelial cells. The alternatively spliced extra domain A (EDA) of fibronectin 

acts as a pro-inflammatory agent. In addition, fibronectin increases more than 10-fold in the 

infarcted area at day 2 post-MI and is believed to contribute to an increase in mechanical 

strength  of the infarcted wall. 

Fibronectin from human plasma ( Sigma Aldrich-Milano, stored at +4 °C) at 30 µg/mL was 

mixed with collagen type I for biomimetic coating. The fibronectin stock solution was liquid at 

the concentration of 1 mg/ml. Thus, in order to obtain the desired concentration, the protein 

solution was solubilized in PBS (Life Technologies) under magnetic stirring for 2 h.  

 

 

 

 

 

 

 

Figure 16. Fibronectin structure. 

https://en.wikipedia.org/wiki/Protein_dimer
https://en.wikipedia.org/wiki/Monomers
https://en.wikipedia.org/wiki/Disulfide_bonds
https://en.wikipedia.org/wiki/Alternative_splicing
https://en.wikipedia.org/wiki/Pre-mRNA
https://en.wikipedia.org/wiki/Isoforms
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2.4 Biomimetic coating validation 
 

2.4.1 QCM-D 
 

QCM-D (Biolin, Finland) (Figure 17) was preliminarily used to evaluate the effectiveness of 

the protein biomimetic coating (polyDOPA/Collagen type I/ Fibronectin) grafting on the 

adhesive poly-DOPA pre-coating. This analysis allowed to establish the two-step surface 

functionalization protocol in terms of times and concentrations used.  

 

 

QCM-D was used in static configuration and the gold sensor was placed into the chamber. The 

temperature was set at 20 °C and an initialization procedure was performed. The initialization 

procedure involved the deposition of 300 µL of Tris/HCl solution on the sensor for 20 min. 

After this procedure, using a micropipette, DOPA solution (300 µL) was placed on the sensor 

and left for 7 h, in order to realize the adhesive pre-coating. Finally, the solution was removed 

and three 5 min washes with Tris/HCl were performed.  

2.4.1.1 QCM Collagen type I 
 

After the initialization procedure and  the deposition of the adhesive polyDOPA pre-coating on 

the golden sensor, described above, 300 µL of Collagen type I solution was placed on the 

sensor, using a micropipette, and left for 16 h. Finally, the solution was removed and  three 5 

min PBS washes where performed, followed by three 5 min bi-distilled water washes. This 

Figure 17. QCM-D equipement. 
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analysis was performed in order to analyse Collagen type I deposition in terms of mass 

deposited on the sensor and thickness of the protein coating.  

2.4.1.2 QCM Fibronectin 
 

Once the initialization procedure and the deposition of the adhesive polyDOPA pre-coating on 

the golden sensor were performed, an analysis of the deposition of Fibronectin was carried out. 

The parameters considered were the protein mass deposited on the sensor and the thickness of 

the coating. In order to perform this analysis, 300 µL of Fibronectin solution were placed on 

the sensor and left for 16 h. At the end of the 16 h, the solution was removed and the sensor 

was washed three times for 5 min with PBS and three times for 5 min with bi-distilled water.  

2.4.1.3 QCM biomimetic coating 
 

The aim of this analysis is to evaluate the effectiveness of the protein biomimetic coating, taking 

into consideration the mass of the two proteins deposited on the sensor and the thickness of the 

mixed proteins coating. After the initialization procedure and the deposition of the adhesive 

polyDOPA pre-coating on the sensor, as mentioned above, 300 µL of Collagen type 

I/Fibronectin solution was introduced on the golden sensor and left for 16 h. Then the solution 

was removed and the sensor was washed three times with PBS ( 5 min per wash) and three 

times with bi-distilled water ( 5 min per wash).  

 

2.4.2 Immunofluorescence staining on golden QCM sensor 
 

Immunofluorescence staining (IF) is a type of immunohistochemistry technique that utilizes 

antibodies and fluorophores to visualize various cellular antigens such as proteins. This 

technique can be utilized to visualize the localization of various cellular components within 

cells, tissues as well as in 3D culture-derived cellular spherical structures. Fluorophores, 

compounds that emit light when exposed to a certain wavelength of light, are essential for IF. 

To detect protein expression, the biological sample is incubated with an antibody specific to the 

protein of interest; the antibody may be coupled to a fluorophore (direct fluorescence) or may 

be detected by a secondary antibody conjugated to a fluorophore (indirect fluorescence). The 

proteins or antigens can then be visualized with a fluorescence microscope. Immunostaining on 

golden QCM sensor, after the deposition of the proteins biomimetic coating, was performed 



41 
 

with the aim of detecting both Fibronectin and Collagen type I deposed on the sensor surface. 

The procedure was performed following the protocol reported below : 

1. cells were fixed in paraformaldehyde (PFA, ThermoFisher Scientific) 4% in PBS for 20 

min, followed by 2 washes in PBS. PFA is a cross-linking agent used to preserve and 

stabilize proteins architecture; 

2. samples are blocked with Bovine Serum Albumin (BSA, Sigma Aldrich) 1% in PBS for 

30 min. Blocking the sample surface is necessary to avoid non-specific antibody-

binding; 

3. rabbit anti-Fibronectin primary antibody (Sigma-Aldrich) and Mouse anti-Collagen 

type I primary antibody (Sigma-Aldrich) were diluted,  in BSA (Sigma-Aldrich) 1% in 

PBS at 1:400 and 1:500 respectively; 

4. sensor  was incubated with the primary antibodies solution for >1 h at room temperature, 

follows by 3 washes with PBS, 5 min each; 

5. Anti-rabbit secondary antibody, AlexaFluor488 (Life Technologies) and anti-mouse 

secondary antibody AlexaFluor555 (Life Technologies)  were diluted 1:500 in BSA 1%; 
6. the sensor was incubated with the secondary antibodies solution for 1 h at room 

temperature keeping the sensor in the dark to avoid fluorescence bleaching;  
7. the sensor was washed 3 times for 5 min with PBS to remove secondary antibody excess 

and stored at +4°C in PBS solution upon microscope visualization. 

The sensor was visualized and imaged with a fluorescence microscope (Nikon Ti2-E)  equipped 

with a digital camera ( Nikon Instrument). 

2.5 Electrospinning 
 

2.5.1 Optimization of the electrospinning process 
 

The polymeric solution was obtained dissolving polycaprolactone (PCL) in Chloroform/Formic 

Acid ( Sigma Aldrich-Milano) in order to obtain a solution with a final concentration of 20% 

w/v. The choice of the solvents was made in order to obtain electrospun fibers without defects: 

Chloroform was chosen because it is very volatile and thus it has a very fast evaporation rate 

and Formic Acid ( reagent ACS > 96%) is required to improve the conductivity of polymeric 

solution with the aim of increasing the spinnability of PCL, to obtain fibers with a smaller 

average diameter. The addition of Formic Acid is subsequent, first the PCL is dissolved in 

Chloroform (70 % v/v) for 4 hours under magnetic stirring and then Formic Acid (30% v/v)  is 
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added. Lastly, the solution is mixed at magnetic stirrer for 40 minutes at 200 rpm to facilitate 

Formic Acid dispersion. The electrospinning setting is vertical and the device used is the Nova 

Spider v5 electrospinning tool (Figure 18). The electrospinning device has several components: 

i. The high voltage power supply that allows to set a potential difference between 0 kV 

and 30 kV; 

ii. The high-precision volumetric pump that allows to extrude the solution applying a 

continuous pressure on the syringe; 

iii. The 5ml syringe with a 0.8 mm needle, that contains the polymeric solution. 

iv. The 190x190 mm flat collector, covered with an aluminium sheet for the deposition of 

random nanofibers; 

v. The 250 mm long x 70 mm of diameter and 4000 rpm drum collector, covered with an 

aluminium sheet for the deposition of aligned nanofibers; 

vi. The movement specification module with an axial velocity of 200 mm/s and an accuracy 

of 12.5 µm; 

vii. The atmosphere controller that allows to set a temperature between 15 and 50 °C and a 

humidity between 20-80% HR; 

viii. The touch screen interface to set the parameters and move the needle. 

 

 

 

 

Figure 18. Nova spider v5 electrospinning tool. 
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2.5.1.1 Random nanofibers 

For the optimization of random nanofibers obtainment, flat collector was used. The 

electrospinning module was assembled, the syringe containing the polymeric solution was 

arranged inside the pump, the tube was connected between the syringe and the needle, the 

positive output of the high voltage generator was interposed between the two and once the 

whole complex is placed inside the module, the cover is placed with three screws. The 

optimization step is focused on the optimization of voltage, flow rate and distance between the 

needle and the collector. Six different sets of parameter where tested (Table 2) to find the 

combination that allows the obtainment of electrospun nanofibers with small diameter and 

without defects. The optimization process focused only on the process parameters, as the 

solution parameters were identified in a previous protocol. 

                          

Table 2. Parameters for the optimization of electrospun random nanofiber fabrication protocol. 
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2.5.1.2 Aligned nanofibers 
 

For the optimization of  the protocol for the fabrication of aligned nanofibers, rotating drum 

collector was used. The electrospinning module was assembled  as described above. The 

optimization step is focused on the optimization of voltage, flow rate , distance  between needle 

and collector and collector speed (rpm). Two different sets of parameter where tested (Table 3) 

in order to choose the protocol that would allow the obtainment of  electrospun aligned 

nanofibers with small diameter and without defects. The optimization process focused only on 

the process parameters, as the solution parameters were identified in a previous protocol. 

 

Table 3. Parameters for the optimization of electrospun aligned nanofiber fabrication protocol. 
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2.5.2 Membranes fabrication 
 

Once an optimized protocol was established, random PCL electrospun membranes were 

fabricated setting the process parameters shown in Table 4. The produced membranes were 

used as scaffold for the cultivation of Cardiac Fibroblasts. 

 

Table 4. Parameters set for PCL membranes fabrication 

 

 

 

 

The flat collector was covered with an aluminium foil in order to make the surface conductive. 

Once the foil was fully covered, the membranes were detached from the aluminium foil and 

mounted on coverslips. 

2.6 Surface modification by polyDOPA and Collagen type I/Fibronectin  
 

The electrospun membranes surface was functionalized through biomolecules in order to make 

the scaffold surface biomimetic. In particular the protocol involves a two-step surface 

modification process. Fist an adhesive polyDOPA pre-coating and then a biomimetic Collagen 

type I/Fibronectin coating.                                                                        

To realize the adhesive coating, a slightly basic solution was prepared to induce the self-

polymerization of  3,4- Dihydroxy-DL-phenylalanine (DOPA). Inspired by mussel-adhesion 

phenomena in nature, Dopamine, a biomolecule which contains catechol and amine functional 

groups, can mimic the powerful adhesion exerted by mussels. Generally, under week alkaline 

aqueous conditions and in the presence of oxygen at room temperature, dopamine can self-

polymerize into polydopamine (pDA) (Figure 19), which spontaneously deposits a thin 

adherent coating onto various material surfaces. More importantly, these formed adherent 

polydopamine coatings have a surface containing ample active catechol and amine groups, able 

to serve as reductants, binding reagents and universal platforms for the secondary reactions. 

Process parameters 
Voltage: 16 kV 

Flow rate: 0.5 mL/h 
Distance: 13 cm 
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The basic buffer needed to induce the DOPA self-polymerization was produced dissolving 

tris(hydroxymethyl)aminomethane (ACS reagent, >=99.8%) 10 mM in double distilled water. 

After that, HCl (1M) was added in order to obtain a solution with pH equal to 8.5 ( Tris/HCl 

solution). The DOPA ( Sigma-Aldrich, 2 mg/mL) was solubilized in the Tris/HCl solution ( pH 

8.5).  To obtain the adhesive pre-coating, PCL membranes were dipped into the DOPA solution, 

once the polymerization had begun, which is when the solution had begun to turn brown. The 

membranes were left in immersion at room temperature for 7 hours. These parameters have 

been optimized by a previous protocol. After the 7 hours functionalization, the membranes were 

removed from the solution and 3 washes of 5 minutes in Tris/HCl solution were made to remove 

the polyDOPA excess not bonded to the surface [77] . 

The biomimetic coating was obtained mixing human Collagen type I and Fibronectin, with a 

percentage of 70% and 30% respectively. The two protein solution where dissolved in PBS 

(Life Technologies) under magnetic stirring for 2 hours. Finally, the PCL/DOPA electrospun 

membranes were dipped in the proteins solution in static conditions at room temperature for 16 

hours. Then, they were washed three times, for 5 minutes in PBS and finally a bi-distilled water 

final wash was performed.  

 

 

Figure 19. Mechanism for polydopamine formation. 
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2.7 PCL-based Scaffold characterization 
 

2.7.1 Scanning Electron Microscope (SEM) 
 

The PCL electrospun scaffolds were morphologically characterized using an electronic 

scanning microscope (SEM) ( ZEISS Supra 40 Field Emission Scanning Electron Microscopy)  

(Figure 20). In order to perform this analysis, the samples were first coated with a thin gold 

layer and then inserted in the SEM chamber.  

 

Figure 20. ZEISS Supra 40 Field Emission Scanning Electron Microscopy. 

Images were obtained at different magnifications ( 1000x, 2000x, 5000x, 10000x, 20000x, 

50000x) using a lens-sample distance of 10.3 mm and a beam voltage of 10 kV.  The SEM 

analysis was performed at the DISAT department of the Turin Polytechnic.  

 

2.7.2 ImageJ Software 
 

ImageJ digital image processing software (National Institute of Health, USA) was used to 

process SEM images of the produced electrospun membranes, in order to determine the 

distribution of fiber diameters and the porosity of the membranes. To determine the average 

diameter, the proper dimensional scale was set and  100 diameters were measured from an 

image with high magnification (5000X). Porosities were qualitatively determined from a SEM 

image at high magnification (5000X). The threshold parameters, both the lower and upper 

limits, were arbitrarily based on membrane morphology. The obtained data were processed with 

Excel software in order to calculate the average diameter, the average porosity in terms of area 
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(µm2) and theirs relative standard deviations. Subsequently the distribution graphs were 

obtained processing the results with GraphPad Prism 9.1.1 software. 

2.8 Surface modification characterization 
 

2.8.1 Immunofluorescence staining  
 

Immunofluorescence staining was performed on the functionalized PCL-based scaffold in order 

to analyse the biomimetic coating surface morphology and to visualize the distribution of 

Collagen type I and Fibronectin on the scaffold surface. The protocol used was the same of the 

immunofluorescence staining performed on the golden QCM sensor (Steps 1-7). Finally, 

sample was visualized and imaged with a fluorescence microscope (Nikon Ti2-E)  equipped 

with a digital camera. (Nikon Instrument). 

2.8.2 BCA protein assay kit 
  

The BCA Protein Assay Kit ( Thermo Scientific Pierce) provides a colorimetric method for 

detection and quantification of proteins. This method combines the reduction of Cu+2 to Cu+1 

by protein in an alkaline medium with the sensitive detection of the cuprous cation (Cu+1) using 

a unique reagent containing bicinchoninic acid (BCA). The presence of proteins causes a 

change in the colour of the solution, from green to purple. The purple-coloured reaction product 

is formed by the chelation of two molecules of BCA with one cuprous ion. The obtained water-

soluble product has a strong absorbance at 562 nm that is approximately linear as the protein 

concentration increases over a range between 20 and 2000 µg/ml. Mostly, protein 

concentrations are determined and reported with reference to standards of bovine serum 

albumin (BSA). Diluted albumin standards were prepared based on the working concentration 

range. Working Reagent was prepared mixing 50 parts of BCA reagent A with 1 part of BCA 

reagent B (50:1, Reagent A:B). 50 µL of each standard were mixed into a 24-multiwell plate 

with 400 µL of Working Reagent in order to obtain the calibration curve. Samples were placed 

in the multiwell plate and  treated with 50 µL of diluent (PBS) and 400 µL of Working Reagent. 

Plate was then incubated for 30 min at 37 °C and subsequently 100 µL were moved from each 

well and placed in a 96-multiwell plate. Finally the absorbance was measured at 562 nm on a 

plate reader (Synergy HTX Multi-Mode Microplate Reader, BioTek). 
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2.8.3 Coating stability test 
 

Coating stability at 7 days was assessed incubating the polyDOPA/Collagen type I/Fibronectin 

functionalized PCL scaffold in physiological media (Fibroblasts Growth Medium-3, 

PromoCell). After 24 hours and 7 days,  BCA protein kit assay was performed on the samples, 

in order to evaluate the quantity of proteins grafted on the surface, using the protocol reported 

above.  

2.9 Cell culture maintenance and analyses 
 

2.9.1 Human Cardiac Fibroblasts culture expansion 
 

The cell source chosen for the bidimensional in vitro model of cardiac fibrosis was Human 

Cardiac Fibroblasts (HCF) isolated from the ventricles of adult heart (PromoCell) (21). HCF 

were maintained in Fibroblasts Growth Medium-3 (PromoCell), containing Basal medium with 

the supplement of 10% Fetal Calf Serum, 1 ng/mL Basic Fibroblast Growth Factor 

(recombinant human) and 5 µg/ml Insulin (recombinant human).  

 

Figure 21. Human Cardiac Fibroblasts used in biological tests. 

During culture, they are maintained in an incubator at 37 °C and 5% CO2. In order to maintain 

cells healthy and allow them to proliferate, it is necessary to split them in a new plate during 

the culture period and to periodically replace the culture medium with fresh medium. Cell 

passage in a new plate is called trypsinization, consisting in cell dissociation using trypsin. 

Trypsin is a proteolytic enzyme which promotes membrane glycoprotein lysis responsible for 

cell adhesion, allowing to dissociate adherent cells from the dish in which they are being 

cultured. When the trypsinization process is complete, cells will be appear suspended and 
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rounded. This process is necessary in a confluent culture in order to avoid contact inhibition 

and accumulation of toxic product as results of a slowing down of cell metabolism.  

Trypsinization protocols involves several steps: 

1. evaluation of cell confluence through optical microscope (Leica Microsystems); 

2. removal of the culture medium, since fetal calf serum inhibits trypsin action; 

3. wash with 3 ml of PBS to remove dead cells, cells debris and medium residues; 

4. PBS removal; 

5. addition of a volume of Trypsin/EDTA (Life Technologies) based on the size of the 

culture dish; 

6. incubation at 37 °C for 3 min; 

7. evaluation of the effectiveness of the treatment in terms of cell detachment under the 

microscope; 

8. trypsin inactivation by adding a double volume of fresh medium; 

9. collect the cell suspension into a 15 mL tube; 

10. wash the plate with 3-4 mL of PBS; 

11. collection of PBS in the cell tube; 

12. centrifugation at 300g for 5 min to pellet cells; 

13. removal of the supernatant; 

14. re-suspension of the pellet in fresh medium. 

After this process, cells may be counted using the NEUBAUER improved counting chamber 

(Figure 22). When the chamber is observed under the optical microscope, the countering grid 

is composed of 9 big squares (1x1 mm). Among them, the four squares at the corners, delimited 

by triple lines, contain 16 medium sized squares each measuring 0.05 x 0.05 mm. The cells 

confined in the 4 corner squares plus those on two contiguous sides of each square are counted. 

40 µl of cell suspension were taken and loaded below the chamber cover glass and the grid is 

observed under the microscope. The total number of cells can be obtained with the following 

formula: 

- n. cells TOT = (𝐴+𝐵+𝐶+𝐷

4
) ∙  104 ∙ 𝑉 

Where A,B,C and D represent the four squares taken into consideration and V the final volume 

of the suspension.  Once the total number of cells is obtained it is possible to seed them in 
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variable number of culture dishes, depending on the desired number for the planned 

experiments. 

 

 

 

 

 

 
 
2.9.2 PCL electrospun membranes processing and cell seeding  
 

Glass slides coated with PCL membranes with polyDOPA/Collagen type I/Fibronectin grafting 

and glass slides coated with Gelatin as control were placed into a 24-multiwell. The slides with 

PCL membranes were previously disinfected by immersion in 70% v/v ethanol (EtOH) for 15 

min, followed by rinsing in sterile PBS. Then membranes were exposed to UV irradiation for 

30 min on each side and  incubated overnight in 2X antibiotic-antimycotic solution (Life 

Technologies) in PBS, followed by PBS rinsing, to decrease bacterial contamination risk. Each 

sample was seeded with 25000 cells in a volume of 30 µL. PBS was added in the empty volume 

between wells before placing the plate in the incubator, in order to minimize medium 

evaporation during cell attachment. After 1 h, 500 µL of medium were added in each well. 

Culture medium is replaced with fresh medium every 2-3 days in order to keep cell culture in 

optimal condition. Cells were analysed for viability and cytotoxicity with Cell Titer Blue Cell 

Viability assay (Promega) and CytoTox-ONETM  Homogeneous Membrane Integrity Assay 

(Promega), respectively, after day 1 and 7 of culture. In addition Phalloidin/DAPI staining was 

performed to evaluate cell morphology and cytoskeletal organization.  

2.9.3 Cell Titer Blue Cell Viability Assay  
 

The CellTiter-Blue Cell Viability Assay is used as a fluorometric method to evaluate the 

viability of cell and to estimate the number of viable cells on the PCL membranes coated with 

polyDOPA/Collagen type I/Fibronectin. The Reagent (Promega) contains highly purified 

resazurin, that is used as an indicator: in an oxidated environment resazurin is blue and it turns 

Figure 22. NEUBAUER cell counting chamber and grid. 
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purple in reduced environment. Viable cells are metabolically active and they are able to reduce 

resazurin into resorufin, that is highly fluorescent, while nonviable cells lose metabolic 

capacity, they can’t reduce resazurin and thus there is no fluorescent signal generation (Figure 

23).  

 

 

 

 

 

The CellTiter reagent is diluted 1:10  in Fibroblasts Growth Medium-3 (PromoCell). Each 

sample is placed into a multiwell plate and it is treated with 500 µL of solution and placed in 

incubator for 4 h. 100 µL are taken from each well and placed into a 96-well. The fluorescent 

emission of Resorufin is at 590 nm and it results from an excitation at 530 nm. The signal is 

read using a plate reader (Synergy HTX Multi-Mode Microplate Reader, BioTek) and its 

intensity is directly proportional to the number of viable cells. 

2.9.4 CytoTox-ONETM Homogeneous Membrane Integrity Assay 
 

Cytotoxicity is evaluated by CytoTox-ONETM Homogeneous Membrane Integrity Assay, that 

provides a homogeneous, fluorometric method to estimate the number of non-viable cells on 

the protein coated scaffold and on the control. Cell viability can be defined based on the 

integrity of  the cell membrane and can be measured observing the exclusion of vital dyes. 

CytoTOX-ONE assay is a 10 min coupled enzymatic assay consisting  in the measure of the 

release of lactate dehydrogenase (LHD) in the medium from cells with damaged membrane. 

The measure is based into the conversion of resazurin into resorufin, the generation of 

fluorescent resorufin product is proportional to the amount of LHD (Figure 24).   

Figure 23. Reduction of resazurin to resorufin by viable cells. 
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The product is supplied as a lyophilized Substrate Mix and it is reconstituted with assay buffer 

to obtain the CytoTOX-ONE reagent. The medium is taken from the multiwell plate and placed 

into a new one. Lysed cells are used as control. 100 µL of CytoTOX-ONE reagent is added to 

each well and incubated for 10 minutes. Then 50 µL of Stop Solution is added and the content 

of each well is moved into a 96-well. The fluorescent signal is measured using a plate reader 

(Synergy HTX Multi-Mode Microplate Reader, BioTek), using 530 nm as excitation 

wavelength and 590 nm as emission wavelength. The intensity of fluorescence produced is 

proportional to the number of lysed cells. 

2.9.5 Phalloidin Staining 
 

Phalloidin is a selective bicyclic peptide that is used for staining actin filaments (F-actin) as it 

binds to all variant of actin filaments in many different species of animals. Typically, it is used 

conjugated to a fluorescent dye, such as Rhodamine. Phalloidin is used on fixed samples, using 

PFA as fixative. In order to perform the staining, cells were seeded on PCL scaffold, PCL 

scaffold functionalized with polyDOPA and Collagen type I/Fibronectin and on coverslips 

coated with Gelatin and subsequently fixed at day 1, 3 and 7 of culture. The protocol used is 

reported below: 

1. cell fixing in paraformaldehyde (PFA, ThermoFisher Scientific) 4% in PBS, for 20 min, 

followed by 3 washes in PBS; 

2. cells permeabilization with Triton X-100 (Sigma-Aldrich) 0.5 % in PBS for 8 min, 

followed by 2 washes in PBS. Triton X-100 is used to increase cells permeability to 

favour antibodies penetration; 

Figure 24. Release of LDH from damaged cells. 
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3. samples incubation with Phalloidin-Rhodamine and DAPI, both diluted 1:1000 in BSA 

1%, for 45 min at room temperature, followed by 3 washes in PBS; 

4. samples storing in PBS at +4°C, upon microscope analysis.  
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3. Results 
 

This section shows all the results concerning the optimization and fabrication of PCL-based 

electrospun membranes. In addition, as a protein biomimetic coating has been grafted on the 

PCL membranes surface, the results about the validation and the characterization, confirming 

the functionalization, are also presented. In conclusion, all the results concerning the HCF 

cultures carried out on the functionalized scaffold, as biological validation, are reported.  

 

3.1 Biomimetic coating validation 
 

3.1.1 QCM-D 
 

3.2.1.1 QCM-D Collagen type I 
 

The quartz crystal microbalance with dissipation monitoring (QCM-D) allowed the recording 

of mass deposition. The two-steps deposition of polyDOPA/Collagen type I was monitored real 

time in order to quantify the amount of  grafted Collagen type I on polyDOPA adhesive pre-

coating.  

 

Figure 25. QCM-D of polyDOPA/Collagen type I deposition. Blue and red curves represent the frequency shift 
and the dissipation, respectively. 
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Figure 25 shows frequency shift and dissipation curves for polyDOPA and Collagen type I 

deposition. Considering the entire acquisition, it can be seen a decrease of frequency shift  from 

0 to about -120 Hz. This result demonstrates the successful mass deposition on the crystal. 

During the first 7 h, corresponding to polyDOPA functionalization step, the frequency shift 

decreases until -30 Hz , demonstrating the effective polyDOPA deposition. At the end of the 7 

h, polyDOPA solution was removed, the sensor was washed and Collagen type I solution was 

added by a micropipette. In correspondence of the washes, both frequency shift and dissipation 

curves show a noisy signal. When the Collagen type I is added there is a sudden drop in 

frequency shift and a corresponding increase of dissipation: such trend continues until the end 

of the acquisition. This result demonstrates Collagen type I deposition. Dissipation is related to 

the substrate mechanical properties and as polyDOPA is a rigid substrate, dissipation increase 

is negligible, while during Collagen type I deposition the increase is marked, as Collagen type 

I is a soft substate. Moreover, it is possible to observe that the deposition is more marked in the 

first hours but it stabilizes only at the end of the 16 h, therefore in defining the functionalization 

protocol timing for the future functionalization of the scaffolds, the scaffolds will be dipped for 

16 h in the Collagen type I solution. At the end of the acquisition, mass and thickness of the 

two layers deposited on the sensor were calculated in order to evaluate the effectiveness of 

Collagen type I grafting on polyDOPA (Figure 26 and Figure 27).  

 

Figure 26. Deposited Collagen type I  mass analysis. 
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Figure 27. Thickness of the deposited Collagen type I layer analysis. 

Figure 26 shows the trend over time of the mass deposited on the sensor. During the polyDOPA 

deposition  the mass increased from 0 to 0.4 µg /cm2  and at the end of the acquisition the mass 

deposited on the sensor was 1.6 µg/cm2. These results suggest the successful grafting of 

Collagen type I. Considering the surface area of the golden sensor (1.54 cm2), at the end of the 

acquisition the mass on the sensor was 2.47 µg. The quantity of polyDOPA deposited was 0.61 

µg, thus subtracting this quantity to the total mass on the sensor, it is possible to obtain the mass 

of Collagen type I deposited, that was 1.86 µg. In conclusion, the mass ratio of deposited 

Collagen type I to polyDOPA was around 3:1 (wt/wt).  

Figure 27 allows to calculate the thickness of the Collagen type I coating on the sensor. The 

thickness of the adhesive polyDOPA pre-coating was 4 nm and at the end of the acquisition the 

thickness of the adlayer on the sensor was 16 nm. This results indicates the deposition of a 12 

nm thick Collagen type I coating .  
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3.2.1.2 QCM-D Fibronectin 
 

The deposition of the adhesive polyDOPA pre-coating and the subsequent deposition of 

Fibronectin were analysed though QCM-D. The aim of the analysis was monitoring the two-

step functionalization and calculating the mass deposited on the golden sensor and the thickness 

of the adlayer.  

 

Figure 28. QCM-D of polyDOPA/Fibronectin deposition. Blue and red curves represent the frequency shift and 
the dissipation, respectively. 

 

The frequency shift and dissipation curves are shown in Figure 28. During all the acquisition 

the frequency shift decreased from 0 to about -90 Hz, demonstrating successful mass deposition 

on the QCM-D sensor. The deposition of polyDOPA was demonstrated by a frequency shift 

value of -10 Hz after 7 h. Then, the polyDOPA solution was removed, the sensor was washed 

and Fibronectin solution was added. Washing steps were characterized by a noisy signal both 

on frequency shift and dissipation curves. During the addition of Fibronectin solution and 

during the following 16 h, the frequency shift suddenly decreased and dissipation increased, as 

a proof of Fibronectin grafting on the polyDOPA layer. After the real-time acquisition, mass 

and thickness of the adlayer were calculated (Figure 29 and Figure 30). 
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Figure 29. Deposited Fibronectin mass analysis. 

 

Figure 30. Thickness of the deposited Fibronectin layer analysis. 
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Figure 29 refers to the trend of the mass deposited on the sensor. After the polyDOPA 

deposition,  the mass on the sensor was  0.17 µg /cm2  and at the end of the acquisition it was 

1.30 µg/cm2 . Considering the golden sensor surface area (1.54 cm2), it was possible to calculate 

both the polyDOPA mass and the Fibronectin mass deposited on the sensor. The quantity of 

polyDOPA deposited was 0.27 µg and at the end of the acquisition the deposited mass was 

2,002 µg. Then subtracting the mass of polyDOPA from the total mass on the sensor it was 

possible to obtain the mass of grafted Fibronectin, which was 1.732 µg. In conclusion, the mass 

ratio of deposited Fibronectin to polyDOPA was around 6.4:1 (wt/wt).  

Figure 30 allowed to calculate the thickness of Fibronectin coating on the sensor. Considering 

all the acquisition, the thickness of the adlayer increased from 0 to 13.03 nm, consisting of 1.6 

nm thick polyDOPA pre-coating and 11.43 nm thick Fibronectin coating.  

 

3.2.1.3 QCM-D biomimetic coating 
 

The successful Collagen I/Fibronectin biomimetic protein coating on the adhesive polyDOPA 

pre-coating was also assessed by QCM-D analysis.  

 

Figure 31. QCM-D of polyDOPA/Collagen type I / Fibronectin deposition. Blue and red curves represent the 
frequency shift and the dissipation, respectively. 

 

Frequency shift and dissipation were monitored in real time (Figure 31). Mass deposition on 

the QCM-D sensor was detected at the end of the analysis, supported by  a decrease in frequency 
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shift from 0 to about -296 Hz during the entire acquisition. The deposition of the polyDOPA 

adhesive pre-coating on the golden sensor was proven by frequency shift of about -100 Hz after 

7 h. After, the sensor was washed three times for 5 min with Tris/HCl, to remove the polyDOPA 

excess and then Collagen type I/Fibronectin solution was added using a micropipette. The noisy 

signal both in frequency shift and dissipation was due to washes. The addition of the protein 

solution caused a sudden decrease in frequency shift and an increase in dissipation, maintaining 

the same trend for the following 16 h. After washing, a further decrease in frequency was 

observed, due to coating swelling during washes. Therefore, the signal could be due to the 

absorption of water. This phenomenon was more evident in this case rather than in the single 

deposition of proteins because there is a reciprocal relationship between Collagen type I and 

Fibronectin. Indeed, Fibronectin is thought to accelerate the early stages of Collagen assembly 

and Collagen fibrillogenesis is thought to catalyse the formation of Fibronectin fibrils [78]. 

These results suggest a successful grafting of the biomimetic protein coating to the polyDOPA 

pre-coating. In addition, mass and thickness of the adlayer were calculated at the end of the 

real-time acquisition (Figure 32 and Figure 33).  

 

Figure 32. Deposited Collagen type I/ Fibronectin mass analysis. 
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Figure 33. Thickness of the deposited Collagen type I /Fibronectin layer analysis. 

The trend of the mass of Collagen type I/Fibronectin on the golden sensor is shown in Figure 

32. PolyDOPA deposition was characterized by an increase in mass that took a value of 1.72 

µg /cm2  after 7 hours. At the end of the acquisition the mass deposited on the sensor was 5.30 

µg/cm2 . The increase of mass is an indicator of a successful grafting of the two proteins mix 

on the polyDOPA layer. Considering the sensor surface area (1.54 cm2) mass value was 

calculated. Hence the quantity of polyDOPA deposited was 2.65 µg and the quantity of 

Collagen type I/Fibronectin was 5.51 µg.  

Figure 33 displays the results of the thickness analysis and allowed to calculate both the 

thickness of the polyDOPA adhesive pre-coating and of the protein biomimetic coating on the 

sensor. The polyDOPA layer on the sensor was 17.17 nm thick and the grafted protein coating 

had a thickness of 35.83 nm.  

In conclusion, Table 5 reports the characteristics of the grafted protein layers, in terms of mass 

and thickness, both in the case of single protein deposition and of two protein simultaneous 

deposition. It is possible to observe that the mass is higher when the two proteins are deposited 

together with respect to single deposition, this can be due to the Collagen type I and Fibronectin 

molecular interaction that leads to protein packing and to an ECM-like network assembly [78].  
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Table 5. Characteristics of grafted Collagen type I, Fibronectin and Collagen type I/Fibronectin layers measured 
by QCM-D 

 

3.2.2 Immunofluorescence staining on gold QCM sensor 
 

This analysis was made to confirm Collagen type I and Fibronectin deposition on the golden 

QCM sensor and thus the deposition of the biomimetic protein coating on the polyDOPA 

adhesive layer. The detection of the two proteins was made by indirect immunofluorescence: 

Collagen type I secondary antibody was labelled in red while Fibronectin secondary antibody 

was labelled in green. Thus, red and green fluorescence corresponded to Collagen type I and 

Fibronectin, respectively (Figure 34). 

 

 

 

Immunofluorescence images in Figure 34 demonstrated the presence of both Collagen type I 

and Fibronectin on the adhesive polyDOPA layer on the golden QCM sensor. Distribution of 

the fluorescence signals suggested uniform spatial distribution of the two proteins on the sensor 

surface, as a further proof of the successful deposition of the biomimetic coating. Particularly, 

in some regions of the sensor, the two fluorescence signals were superposed, suggesting the 

presence of two different overlapping protein layers.  

a) b) c) 

Figure 34. Immunofluorescence staining of golden sensor after the coating: a) Fibronectin (labelled with 

AlexaFluor488) , b) Collagen type I (labelled with AlexaFluor555), c) merged image. Bar scale 50 µm. 
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3.2 Electrospun membrane optimization 

3.2.1 Scanning Electron Microscope (SEM): morphological analysis 

3.2.1.1 Random nanofibers 
 

Scanning Electron Microscopy (SEM) was performed to evaluate the electrospun fibers 

morphology in order to establish an optimized set of processing parameters. Only the 

membranes obtained from process with continuous good spinnability were evaluated by SEM 

analysis. Among the six sets of process parameters investigated for the optimization process, 

only two were selected (Table 6).  

Table 6. Selected process parameters for electrospinning process  

 

 

Figure 35. SEM images of electrospun membranes prepared following selected processing parameters: (A), (B), 
(C) Voltage: 15 kV, Distance: 12 cm and Flow rate: 0.25 mL/h at magnification 2000x (scale bar: 20 µm) , 5000x 
(scale bar: 10 µm) and 10000x (scale bar: 5 µm)  respectively. (D), (E), (F) Voltage: 16 kV, Distance: 13 cm and 
Flow rate: 0.50 mL/h at magnification 2000x (scale bar: 20 µm) , 5000x (scale bar: 10 µm) and 10000x (scale bar: 
5 µm) respectively. 
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Figure 35 shows the influence of slight variations of the process parameters on the fibers 

morphology. Images A, B and C show different magnifications of the membranes obtained 

setting an applied voltage of 15 kV, a distance needle-collector of 12 cm and a flow rate of 0.25 

mL/h. Images show the presence of several beads of different sizes, ribbon-like structures and 

non-uniform morphology. Images D,E,F are related to membranes prepared at applied voltage 

of 16 kV, needle-collector distance (D) of 3 cm, flow rate of 0.5 mL/h. The obtained fibers were 

randomly distributed with uniform morphology and minimum presence of defects. Hence such 

processing parameters were selected for PCL scaffold fabrication. 

3.2.2 ImageJ Software 
 

Figure 36 B shows the percentage distribution of PCL fiber diameters: the diameters were 

comprised in a very narrow size range (40:240 nm) and most of the fibers (40%) had a diameter 

between 120 and 160 nm. All the analysed fibers had a diameter lower than 250 nm and the 37 

% of the fibers showed a diameter lower than 120 nm. The average fiber diameter was 131±39 

nm.  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

A
) 

B

Figure 36.  ImageJ data processing. (A) SEM image of membranes prepared from 

optimized set of parameters and average fiber diameter (131 ± 39 nm). (B) Percentage 

distribution of PCL fiber diameters. 
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As shown in Figure 37, the obtained membranes had small and interconnected pores with small 

and homogeneously distributed sizes. About the 92% of pores area was in the range between 0 

and 0.5 µm2. Particularly, about 81% of pore area was less than 0.2 µm2 . Fiber diameters and 

porosities distribution suggested high morphological uniformity of electrospun membranes 

implying that the scaffold could provide an uniform topographic stimulus to cells in culture.  

 

 

 

 

 

 

 

A
) 

B
) 

Figure 37. (A) Percentage distribution of electrospun PCL membrane porosities size. (B) Percentage 

distribution of electrospun PCL membrane porosities size in the range [0:0.5 µm2]. 
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3.3 Surface Modification Characterization 

3.3.1 Immunofluorescence staining 
 

 

Figure 38. PCL-polyDOPA/C1F scaffold immunofluorescence staining: a) Fibronectin (labelled with 
AlexaFluor488), b) Collagen type I (labelled with AlexaFluor555), c) merged image. Bar scale 50 

 

The images in Figure 38  show the morphology of the biomimetic protein coating and the spatial 

distribution of the two proteins on the scaffold surface. The protein spatial organization is due 

to the reciprocal fibrillogenesis of Collagen type I and Fibronectin, which leads to the packing 

of the two proteins [78].  

3.3.2 BCA protein assay kit 
 

BCA protein assay kit was performed in order to evaluate the effectiveness of the grafting of 

Collagen type I/Fibronectin on the adhesive polyDOPA pre-coating, previously deposited on 

the PCL-based scaffold. A calibration curve (Figure 39) was obtained relating the absorbance 

value of the standards (solutions at known protein concentration), obtained from the plate reader 

analysis, to their concentrations.  
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Figure 39. BCA protein assay kit calibration curve. 

 

Using the calibration curve equation, the amount of coating proteins was calculated based on 

the absorbance values obtained by BCA assay (Figure 40).   

 

Figure 40. Protein quantity detected by BCA protein assay kit on NF-PCL, PCL/polyDOPA and 
PCL/PolyDOPA/C1F scaffolds. 
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The histogram in Figure 40 shows the effective deposition of the biomimetic coating based 

Collagen type I and Fibronectin (C1F) on the polyDOPA pre-adhesive coating, in terms of mass 

of proteins deposited for unit of exposed surface. Interestingly, protein quantity measured on 

PCL/polyDOPA/C1F samples (747 µg/cm2) was higher than on PCL (88 µg/cm2) and 

PCL/polyDOPA (541 µg/cm2) samples, but included the contribution of polyDOPA layer and 

proteins of the biomimetic coating. Moreover, considering the initial quantity of proteins in the 

functionalizing solution (100 µg) and the average surface of each scaffold (1.13 cm2), probably 

the contribution from residual Tris/HCl salts was also not negligible. 

3.3.3 Coating stability test 

 

Figure 41. Protein quantity detected by BCA kit on the functionalized scaffold surface after incubation in 

physiological medium for different times: 24 h, 3 days and 7 days. 

 

Figure 41 shows the percentage quantity of proteins detected on the scaffold surface after 1 d, 

5 d and 7 d immersion in physiological medium. The percentages were calculated with respect 

to the initial quantity of proteins detected on the scaffold surface before the incubation period. 

This analysis was performed to evaluate the biomimetic coating stability during incubation in 

a physiological-like environment. In the first 24h immersion about the 20% of proteins detached 

from the surface, however subsequently the protein quantity on the scaffold surface remained 

constant up to 3 days. After 7 days immersion, about the 30% of proteins detached form the 

surface, this won’t affect the eventual cell cultures as after 7 days cell would have already 

received adhesion and proliferation stimuli from the biomimetic coating and deposed their 

ECM. Thus, this results suggests coating stability in the first phases of cells adhesion.  
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3.4 Human cardiac fibroblasts culture on coated PCL substrates  

 

3.4.1 Cytotoxicity assay 
 

CytoTox-ONETM Homogeneous Membrane Integrity Assay was used to evaluate in vitro the 

cytotoxicity of polyDOPA/Collagen type I/Fibronectin (PCL/polyDOPA/C1F) substrates. The 

assay was performed on the PCL/polyDOPA/C1F scaffold, on the naked PCL scaffolds and on 

coverslips coated with gelatin as control.  

 

Figure 42.Cytotoxicity assay at 24 h, 3 d and 7 d of HCF culture on PCL fibers: non-functionalized (NF-PCL), 

functionalized with polyDOPA/Collagen type I/Fibronectin (PCL/polyDOPA/C1F) and on Gelatin-coated 

coverslips (CTRL). Percentages are referred to lysed samples. 

Figure 42 shows the results of cytotoxicity assay performed after 24 h and 7 days culture of 

HCFs on non-functionalized PCL scaffolds, PCL/polyDOPA/C1F functionalized PCL 

scaffolds and on Gelatin coated coverslips. All the substrates were not cytotoxic for HCFs, 

suggesting their biocompatibility. 
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3.4.2 Cell Viability Assay 
 

 

Figure 43. Cell viability  assay of HCF at 24 h and 7 d culture 2D PCL fibers: non- functionalized ( NF-PCL) 

and functionalized with polyDOPA/C1F (PCL/ polyDOPA/C1F). Percentages are referred to Gelatin-coated 

coverslips (CTRL). 

 

Figure 43 shows cell viability after 24h and 7 days of culture on the 2D scaffolds: viability was 

higher for HCFs cultured on the substrates coated with the biomimetic coating 

(PCL/polyDOPA/C1F scaffolds), suggesting that the substrates biomimetic properties respect 

to the native pathological cardiac ECM allow to provide adhesion and proliferation stimuli to 

HFCs. 
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3.4.3 Phalloidin staining 
 

Actin cytoskeletal organization and HCFs morphology were evaluated on PCL/polyDOPA/C1F 

scaffolds at 24 h and 7 days culture. Staining was performed in paraformaldehyde-fixed samples 

(NF-PCL and PCL-polyDOPA/C1F). Phalloidin staining of actin filaments showed that the 

surface properties of scaffolds were affected by the morphology and cytoskeletal organization 

of HCFs at different days of culture.  

 

 

 

Figure 44 shows the cytoskeletal actin filaments in red and the cell nuclei in blue. The cell 

nuclei were detectable after the treatment with DAPI dye, that is used to stain nuclei in 

fluorescence microscopy. DAPI is a fluorescent dye that binds selectively to double-stranded 

NF-PCL PCL/polyDOPA/C1F 

24
 h

 
7 

d 

A B 

C D 

Figure 44..Merged Images: Phalloidin/DAPI staining for F-actin (red) and nuclei (blue) 7 days after 

seeding. (A-C) NF-PCL substrates, (B-D) PCL/polyDOPA/C1F. 
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DNA and forms strongly fluorescent DNA-DAPI complexes with high specificity. NF-PCL 

substrates did not promote cell attachment and proliferation (Figure 44 A,C). On the other hand, 

comparing Figure 44 B and C, related to PCL-polyDOPA/C1F scaffolds after 24 h and 7 days 

of culture respectively, it is possible to observe that after 7 days of culture cells appear to be 

have enhanced functional organization and morphology, since actin filaments are more 

stretched and oriented on the surface, suggesting that the PCL-polyDOPA/C1F scaffolds 

supported cell adhesion, spreading and time-dependent proliferation, after 7 days of culture. 
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4. Discussion 
 

The fabrication of an in vitro model of cardiac fibrosis and its use in preclinical investigations 

is promising approach to study diseased myocardium after infarction and to test new therapies. 

The use of in vitro models could reduce the use of animal models, which are associated with 

ethical issues and show limited predictivity due to interspecies differences. The development 

of a suitable in vitro model of human cardiac fibrosis has been the focus of many studies, with 

the common goal to mimic the tissue specific architecture of the diseased myocardium. This 

thesis work was focused on the design and fabrication of a bidimensional in vitro model able 

to mimic cardiac tissue at early stages of cardiac fibrosis. Electrospinning technique was used 

to fabricate bioartificial PCL based scaffold with random morphology, to reproduce the 

architecture of the native cardiac extracellular matrix. The electrospinning protocol was 

optimized in terms of process parameters, in order to obtain nanofibrous scaffolds with a high 

percentage of fibers, uniform morphology, few defects and small pore size. The obtained 

electrospun nanofibrous membranes were characterized by random morphology, minimal 

presence of defects (Figure 35 D, E, F)  small and uniformly distributed diameters (Figure 36 

B) and small and interconnected porosities (Figure 37). 

After broad literature research on pathological extracellular matrix composition, a biomimetic 

coating based on human Collagen type I (70%) and human Fibronectin (30%)  was grafted on 

the electrospun scaffolds through a scaffold precoating obtained via a mussel-inspired strategy 

[23], [24]. In detail, self-polymerization of DOPA at pH 8.5 was exploited to pre-coat the 

scaffolds with polyDOPA, which exposes active catechol groups, useful for further 

functionalization reactions. PolyDOPA pre-coating of PCL membranes has been optimised in 

a previous thesis work [77]. The optimal time for Collagen type I/Fibronectin coating on 

PolyDOPA layer was established by QCM-D. In addition, QCM-D analyses allowed to 

demonstrate the successful  Collagen type I/ Fibronectin grafting on the adhesive polyDOPA 

precoating (Figure 32) and to estimate the protein coating thickness, in prevision of the 

subsequent scaffold functionalization (Figure 33, Table 5). 

Collagen type I/Fibronectin coating on PCL/PolyDOPA scaffolds was characterized by several 

analyses, such as immunofluoscence staining, colorimetric assay (BCA kit) and stability test in 

order to confirm and quantify protein deposition on scaffolds. Immunofluorescence showed the 

coating morphology and the spatial distribution of the two proteins, highlighting the reciprocal 

interaction between Collagen type I and Fibronectin, leading to reciprocal fibrillogenesis and 
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packing (Figure 38). Surface protein quantification, performed by BCA kit, allowed to confirm 

the effective deposition of the biomimetic coating on the adhesive polyDOPA pre-coating, 

showing an higher protein quantity on the PCL/polyDOPA/C1F samples with respect to PCL 

and PCL/polyDOPA samples (Figure 40). As regards coating stability evaluation, BCA kit 

analysis after 7 days incubation in physiological medium, showed a detachment from the 

surface of the scaffold of about 20% of proteins, compared to the initial protein amount, after 

24 h. Nevertheless, it is interesting to highlight that subsequently the protein quantity on the 

scaffold surface remained constant up to 3 days and decreased of about 30% after 7 days 

incubation. This further decrease is negligible as after 7 days, cardiac fibroblast would have 

already deposited their ECM in response to the stimuli provided by the biomimetic coating.  

Thus, it is possible to deduce that the coating is stable in a physiological-like environment 

(Figure 41). 

Finally, preliminary cellular tests were performed as biological validation of the proposed in 

vitro model. Cytotoxicity assay demonstrated that both non-functionalized PCL (NF-PCL) 

scaffolds and PCL-polyDOPA/C1F scaffolds are cytocompatible substrates, as, after 7 days 

culture of HCFs, they are characterized by a percent cytotoxicity of 9% and 7% respectively, 

with respect to a sample of lysed cells (maximum LDH release) (Figure 42). In addition, PCL-

polyDOPA/C1F scaffolds seeded with HCFs were evaluated in terms of cell adhesion and 

proliferation. Since the initial step of seeding, 1 h after the deposition of the seeding volume on 

the surface of the scaffold, at the moment of culture medium addition, it is possible to observe 

that the biomimetic coating is effective in promoting early cell adhesion. Moreover, viability 

assay, performed after 24 h and 7 days culture of HCF, showed higher cell viability on PCL-

polyDOPA/C1F substrates ( 87% after 24 h and 111% after 7 d, referring to the control) than 

on NF-PCL substrates (42% after 24 h and 54 % after 7d , referring to the control), suggesting 

first of all that the sterilization protocol didn’t affect the coating integrity and that the PCL-

polyDOPA/C1F scaffolds have high potential in stimulating cell adhesion proliferation (Figure 

43). Phalloidin/DAPI staining was performed on PCL/polyDOPA/C1F and  scaffolds at 24 h 

and 7 days of HCFs culture (Figure 44), in order to evaluate actin cytoskeletal organization and 

cells morphology. It emerged that NF-PCL scaffolds didn’t support cells adhesion and 

proliferation while PCL/polyDOPA/C1F scaffolds were found to represent a suitable platform 

to support cell adhesion, spreading and time-dependent proliferation.  
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5. Conclusion and future developments  
 

In conclusion, this study designed 2D biomimetic scaffolds to engineer in vitro bidimensional 

model of human cardiac fibrosis through scaffold cellularisation with human cardiac 

fibroblasts. Then model could help to better understand tissue pathophysiology and to obtain a 

powerful platform for disease screening and preclinical therapy testing. As further progress in 

this research, it could be interesting to graft the biomimetic protein coating, based on Collagen 

type I and Fibronectin, on aligned electrospun PCL nanofibers, in order to mimic the late stages 

of cardiac fibrosis and to monitor disease advances. A study of the effect of topographic stimuli 

on cell organization and protein expression should be carried out as it would be interesting to 

conduct long-term cell culture both on the functionalized random and aligned nanofibers, 

monitoring fibrotic markers expression. In addition, a bioreactor could be used to culture the 

cells under dynamic culture condition to reproduce the complexity of the native 

microenvironment.  Finally, this model could be used as platform to test direct reprogramming 

therapy based on miRNA, in order to induce a phenotypical switch from cardiac fibroblasts to 

cardiomyocytes, with the goal to regenerate the infarcted myocardium after MI into functional 

beating tissue. 
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