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Abstract 
The design of bioresponsive materials capable of stimulating the body’s innate regenerative 

potential is opening unprecedented possibilities to treat tissue and organ failure, which is one of 

the most important burdens of healthcare systems worldwide. Unfortunately, their development 

is hampered by the lack of adequate preclinical models, which are essential in the successful 

transition of a biomaterial to the clinical trials phase. Most of the experiments rely on animal 

models, which usually fail to predict the material interactions with the human body, as they are 

unable to recapitulate the complexities of our physiology. During the last decades, the 

advancements in the field of microtechnology have allowed to create advanced cell culture 

systems capable of replicating tissue and organ-level physiology by mimicking relevant 

conditions such as cell organization or microenvironmental cues. These platforms, known as 

microphysiological systems (MPS), have shown in different studies their great potential in 

predicting mechanisms of action, safety, and efficacy of different drugs, attracting a lot of 

attention from the pharmaceutical industry and regulatory agencies.  

However, few studies have explored the possibility of using microphysiological systems for 

the preclinical testing of biomaterials. The goal of this thesis is to fill this knowledge gap by 

developing microfluidic cell culture systems that allow to reliably predict the actual in vivo 

response of different materials. One of the proposed platforms is aimed at assessing the potential 

of a biomaterial to stimulate endothelial progenitor cell recruitment in a bone tissue 

microenvironment. This is a critical step in the neovascularization and bone regeneration process 

that has not been properly studied due to the lack of adequate models. The proposed device 

allowed to identify the role of calcium ions in stimulating the recruitment of rat endothelial 

progenitor cells (rEPC) to the site of injury, which is mediated by an increase in the release of 

osteopontin, a chemotactic and mitogenic protein produced by rat bone-marrow mesenchymal 

stromal cells (BM-rMSC). The platform was also used to evaluate a calcium-releasing biomaterial 

based on electrospun polylactic acid (PLA) fibers with calcium-phosphate (CaP) nanoparticles. 

The results show a significant increase in terms of rEPC recruitment and the release of osteopontin 

and other pro-angiogenic and inflammatory proteins by BM-rMSC with respect to a regular PLA 

control, which is in close agreement with previous experiments performed in a murine in vivo 

model.  

The other platform proposed in this thesis is aimed at providing a physiologically relevant 

model of cardiac tissue to study a myocardial ischemia-reperfusion injury. There are currently no 
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reliable in vitro models to mimic this disease, making these contributions extremely relevant for 

cardiac regeneration studies. A first prototype of the platform based on the combination of aligned 

electrospun PLA fibers with a user-friendly electrical stimulation setup in a microfluidic cell 

culture platform produced a biomimetic cardiac tissue in 2D. This was confirmed by the high 

anisotropy of the tissue constructs, based on the co-culture of neonatal mouse cardiomyocytes 

with cardiac fibroblasts, as well as the upregulation of several key cardiac markers such as 

contractile and structural proteins. In order to make the model more physiologically relevant, a 

second device was developed to obtain human-derived 3D tissues. This platform is based on the 

self-assembling of primary cardiac fibroblasts (hCF) co-cultured with human pluripotent stem 

cell-derived cardiomyocytes (hPSC-CM) in a fibrin-based hydrogel around two microposts 

structures, which exert a passive mechanical tension that stimulates tissue maturation and cell 

alignment. We first performed a screening using 2D assays based on hPSC-CM monolayers to 

select the best environmental conditions to mimic an ischemia-reperfusion injury. We then 

characterized the response of the human-derived cardiac organoids to an ischemia-reperfusion 

injury, consisting of an 8 h culture period at 0 % oxygen in an ischemic solution that replicates 

the acidic and hyperkalemic conditions observed in vivo, followed by a refreshment with fully 

supplemented cell media and recovery of 21 % environmental oxygen concentrations. We 

observed a drastic increase in cell death by necrosis and apoptosis as well as a strong fibrotic 

response, characterized by an increase in hCF proliferation, differentiation towards 

myofibroblasts and collagen I deposition. Taken together, we believe that the platforms developed 

in this thesis constitute an extremely valuable and versatile tool to perform preclinical studies, 

offering a promising alternative to animal studies for the development of new biomaterials and 

drug discovery.  

 



 
 3 

Table of contents 
Abstract ……………………………………………………………………………...… 1 

Table of contents ………...….…………………………………………………………. 3 

List of figures and tables ……………………………………….…...……………….... 7 

List of abbreviations ……………..……………………………………………………. 9 

1. General objectives  ……………………………….……...………………...…….… 13 

 1.1 Motivation and objectives …………………………………………………........ 13 

 1.2 Dissertation outline ……………….………………………………………......... 14 

 1.3 References …………………………………………………………………....... 16 

2. General introduction ……………………………………...……………...……….. 17 

 2.1 Biomaterials and tissue engineering ……………………………………….....… 18 

2.1.1 Traditional approach to tissue engineering …………………..…………...….….. 18 

2.1.2 In situ approach to tissue engineering ………………………………................… 18 

2.1.3 Strategies for bone tissue regeneration ……..……………………..……………... 21 

2.1.4 Strategies for cardiac tissue regeneration ………………………..…………….… 22 

 2.2 Preclinical testing of biomaterials ……………….……………………....…...… 23 

 2.3 Microphysiological systems ……………………………………………….…... 25 

 2.4 References …………………………………………………………………....... 28 

3. Microfluidic 3D platform to evaluate endothelial progenitor cell recruitment by 

bioactive materials ……………………………………………..…………….…….… 41 

 3.1 Introduction …………………………..……………………………...……....… 42 

3.1.1 Preclinical models to study vascularization ……………………………….…..… 42 

3.1.2 Microphysiological models of vascular tissue …………………….…………….. 46 

 3.2 Materials and methods ……………….…………………….………….…......… 51 



 
 4 

3.2.1 Cell culture …………………………………………………………….………... 51 

3.2.2 Device design and fabrication ………………………….………………………... 51 

3.2.3 Finite element model of protein transport and validation ………………..……… 53 

3.2.4 Calcium-releasing biomaterial fabrication …………………………..……..……. 54 

3.2.5 Biomaterial morphology and calcium release characterization …………….….... 54 

3.2.6 Migration assays …………………………………………………………….…... 55 

3.2.7 Immunostaining and cell migration quantification ………………………….…... 55 

3.2.8 Proliferation and protein expression assays ……………………………………... 56 

3.2.9 Statistical analysis ………..…………………...…………………………….…... 57 

 3.3 Results and discussion …………………………………………….……….…... 57 

3.3.1 Microfluidic platform allows the generation of 3D protein gradients ………..…. 57 

3.3.2 Validation of the microfluidic platform to study chemotaxis and proliferation of 

BM-rMSC and rEPC ………………………………………………………..……….... 59 

3.3.3 Calcium-releasing PLA scaffolds significantly increase rEPC recruitment compared 

to PLA controls in 3D microfluidic assay ………………………………....................... 62 

3.3.4 Calcium-mediated osteopontin secretion by BM-rMSC is one of the main signaling 

cues determining rEPC recruitment in microfluidic 3D assay ………………………… 66 

 3.4 Conclusions …..……………………………………………………………...… 68 

 3.5 References …..…………………………………………….………………....… 68 

4. A microphysiological system combining electrospun fibers and electrical 

stimulation for the maturation of highly anisotropic cardiac tissue …………....… 77 

 4.1 Introduction to microphysiological models of cardiac tissue …..………….....… 78 

 4.2 Materials and methods ……………….…………………….…………….......… 81 

4.2.1 Electrospinning and characterization of the nanofibers ………………………..... 81 

4.2.2 Device design and fabrication ………………………….……………..………..... 82 

4.2.3 Finite element model of the electrical field ………………..…………………….. 84 

4.2.4 Validation of the electrical model …………………………..………….………... 84 

4.2.5 Isolation and seeding of mouse cardiac cells ……………………...…………...... 85 



 
 5 

4.2.6 Cell culture and electrical stimulation ……………………………...…………... 85 

4.2.7 Immunostaining and quantification of cell alignment and Cx-43 expression ….... 86 

4.2.8 Real-time quantitative PCR …………………………….…………………..….... 87 

4.2.9 Statistical analysis ………..…………………...………………………….……... 87 

 4.3 Results and discussion …………………………………………….…….……... 88 

4.3.1 Fabrication of microfluidic devices with nanopatterned substrates …...…..….…. 88 

4.3.2 Electrical stimulation model of the microfluidic system …….………..….……... 90 

4.3.3 Comparison of the developed system to gold standard planar electrodes ……...... 92 

4.3.4 Generation of highly anisotropic cardiac tissue with improved maturation …..… 94 

 4.4 Conclusions …..……………………………………………………………...… 98 

 4.5 References …..…………………………………………….………………....… 99 

5. Development of a 3D human-derived model of cardiac ischemia-reperfusion 

injury …………………………………………………………………….……......… 107 

 5.1 Introduction to preclinical models for myocardial infarction …..……....…...… 108 

 5.2 Materials and methods ……………….…………………….………….…....… 111 

5.2.1 Cell differentiation ……………………………………………………..…...….. 111 

5.2.2 Cell culture in 2D …………………………………….……………....……….... 112 

5.2.3 Design and fabrication of the microfluidic platform …..……………..………… 112 

5.2.4 Cell culture in 3D …………………………………………..………......………. 113 

5.2.5 Ischemia-reperfusion experiments …………….…………………...….…..….... 114 

5.2.6 Fluorescent staining and cell death quantification …….…………...…..…..…... 114 

5.2.7 Immunostaining and evaluation of fibrotic response …………………..………. 115 

5.2.8 Statistical analysis ………..…………………...……………………….………. 116 

 5.3 Results and discussion …………………………………………….…….……. 116 

5.3.1 The ischemic solution produces a higher degree of cell death than nutrient 

deprivation alone in hPSC-CM cultures in 2D …...………………………………..... 116 



 
 6 

5.3.2 Re-establishment of normoxic conditions with media refreshment after anoxia in 

ischemic media causes the highest degree of cell death in hPSC-CM …………........... 119 

5.3.3 3D engineered cardiac tissues are more susceptible to ischemia-reperfusion injury 

than 2D cultures ……………………………………………………………..….…..... 122 

5.3.4 IRI model is able to recapitulate hallmarks of the fibrotic response ………....… 122 

 5.4 Conclusions …..………………………………………………………..…...… 125 

 5.5 References …..…………………………………………….……………......… 126 

6. General conclusions ……………………………………….………….……......… 133 

 

 

 

 

 

 

 

 

 

 

 

 



 7 

List of figures and tables 
Figure  1 Comparison of the two main strategies in tissue engineering …………....…. 19 

Figure  2 Strategies for in situ tissue regeneration ………………………...………….. 20 

Figure  3 Microphysiological system architectures ………………………………...…. 27 

Figure  4 Neovasculature formation in vivo ………………………………...……...…. 42 

Figure  5 Representative preclinical assays to assess neovascularization .………....…. 46 

Figure  6 Microphysiological systems to model vascular tissue .…………..……....…. 49 

Figure  7 Microfluidic assay to study rEPC recruitment ……….…………..……....…. 52 

Figure  8 Finite element model of protein diffusion in microfluidic platform ………... 58 

Figure  9 Finite element model of calcium chloride diffusion ………………………... 59 

Figure  10 Evaluation of migration and proliferation of BM-rMSC in 3D microfluidic 

assay ………………………………………………………………………………...… 61 

Figure  11 Evaluation of migration and proliferation of rEPC in 3D microfluidic assay 

………………………………………………………………………………….…...… 62 

Figure  12 Biomaterial characterization ………………………………….…….…...… 63 

Figure  13 Evaluation of the biomaterial effects on rEPC and BM-rMSC in 3D 

microfluidic assay …………………………………………………...……………...… 65 

Figure  14 Evaluation of osteopontin effect on rEPC migration in 3D microfluidic assay 

……………………………………………………………………………………….... 67 

Figure  15 Microphysiological systems to model cardiac tissue …………………….... 79 

Figure  16 Design and cell culture of the microfluidic platform aimed at the generation 

and maturation of highly anisotropic cardiac tissue …………………….………….….. 83 

Figure  17 Electrospun fibers characterization …………………….………………….. 89 

Figure  18 Electrical finite element model results for preliminary evaluation of 

stimulation approaches …………………….……………………………...….……….. 90 



 8 

Figure  19 Electrical finite element model results …………………………………….. 92 

Figure  20 Electrical characterization of the device …………………………….…….. 93 

Figure  21 Immunofluorescence staining of the cardiac tissue and quantification of 

orientation and gap junctional proteins expression ……………………...…………….. 95 

Figure  22 RT-qPCR analysis of the transcriptional expression of different cardiac 

markers ………………………………………………………….…………………….. 98 

Figure  23 Myocardial infarction progression …………………………………..….... 110 

Figure  24 Design and cell culture conditions for the microfluidic platform aimed at 

generating the cardiac IRI …………………………………………...…………..….... 113 

Figure 25 Evaluation of hPSC-CM necrotic cell death in 2D ……………...…...….… 117 

Figure 26 Evaluation of hPSC-CM apoptotic cell death in 2D …………............….… 118 

Figure 27 Monitoring of hPSC-CM long term viability (3 days) without media 

refreshment …………..........................................................................................….… 119 

Figure 28 Evaluation of necrosis and apoptosis for 3D engineered heart tissue ......… 121 

Figure 29 Evaluation of the fibrotic response for co-cultures of hPSC-CM with adult CF 

in 2D .........................................................................................................................… 123 

Figure 30 Evaluation of the fibrotic response for the 3D engineered heart tissues ...... 124 

Table 1 Electrical properties of the three domains within the MPS .……...……….….. 84 

 

 

 

 

 

 

 



 9 

List of abbreviations 
2D: two dimensional 

3D: three dimensional 

ADME: absorption, distribution, metabolism, and excretion 

ANG: angiotensin 

ATP: adenosine triphosphate 

bFGF: basic fibroblast growth factor 

BMP: bone morphogenetic protein  

BM-rMSC: bone marrow rat mesenchymal stromal cells 

BrdU: bromodeoxyuridine 

β-TCP: beta-tricalcium phosphate 

CAD: computer aided design 

CaP: calcium phosphates 

CM: cardiomyocytes 

CRISPR-Cas9: clustered regularly interspaced short palindromic repeats associated with 

protein 9 

Cx-43: connexin 43 

DNA: deoxyribonucleic acid 

EC: endothelial cells 

ECM: extracellular matrix 

ESC: embryonic stem cells 

FITC: fluorescein isothiocyanate 

HIF: hypoxia inducible factor 

HuDMEC: human dermal microvascular endothelial cells 

HUVEC: human umbilical vein endothelial cells 



 10 

IL: interleukin 

iPSC: induced pluripotent stem cells 

IRI: ischemia-reperfusion injury 

ISO: international organization for standardization 

LDH: lactate dehydrogenase 

LV: left ventricle 

MHC: myosin heavy chain 

MI: myocardial infarction 

miRNA: micro ribonucleic acid 

MLC: myosin light chain 

MPS: microphysiological system 

MRI: magnetic resonance imaging 

MTT: 3-(4,5-dimethylthiazol-2-yl)-2,5-diphenyltetrazolium bromide 

NMR: nuclear magnetic resonance 

PCL: polycaprolactone 

PCR: polymerase chain reaction 

PDMS: polydimethylsiloxane 

PEG: polyethylene glycol 

PLA: polylactic acid 

PLLA: poly(L-lactide) acid 

rEPC: rat endothelial progenitor cells 

RGD: arginine-glycine-aspartic acid 

RNA: ribonucleic acid 

ROS: reactive oxygen species 

S1P: sphingosine-1-phosphate 

SEM: scanning electron microscopy 



 11 

siRNA: small interfering ribonucleic acid 

TGF-β: transforming growth factor beta 

TMRM: tetramethyl-rhodamine methyl ester 

TNF-α: tumour necrosis factor alfa  

TTC: triphenyl tetrazolium chloride 

VEGF: vascular endothelial growth factor 

vWF: von Willebrand factor 

ZO-1: zonula occludens 1 

 

 

 

 

 

 

 

 

 

 



  Chapter 1 - General Objetives 
 

 12 

1 
General Objectives 

1.1 Motivation and objectives  

 The significant progress made during the last decades in biomedical engineering, a discipline 

that applies the principles of engineering to medicine and biology to provide technological 

solutions for the diagnosis, monitoring, and therapy of human health conditions, is drastically 

changing the paradigm of how medicine is practiced. The development of materials for medical 

applications has greatly broadened the possibilities to treat organ and tissue failure. Substitute 

heart valves, hip prosthesis, or vascular stents have made their way into common clinical practice, 

saving the lives of millions of patients worldwide. The design of smart materials capable of 

interacting with the human body to trigger innate regenerative pathways is gaining a lot of 

momentum in the last years [1] as it allows to stimulate tissue repair in a safer and more cost-

effective way than generating artificial tissues for implantation, which also poses additional 

regulatory challenges [2]. However, a successful translation of the designed materials from the 

lab to the clinic is generally hampered by the lack of reliable models of the human physiology 

during preclinical development [3].  

 The conventional cell culture assays traditionally used in a laboratory environment are unable 

to recapitulate many critical characteristics of real tissues. One of the most important ones is the 

lack of a dynamic environment, which hampers the study of how different stimuli such as shear 

stress, substrate stiffness or cyclical mechanical deformations affect tissue development and 

function [4]. Therefore, animal experiments are still required to obtain data that can be reliably 

extrapolated to humans. However, these assays have many drawbacks that limit their 

applicability, such as their really high cost, the important differences with humans (genetic, 

metabolic, and physiological) and the ethical concerns related to the use of animals [5]. 

Fortunately, during the last decades, the advancements in micro- and nanotechnology have 

allowed to create advanced cell culture platforms in which the different cues affecting tissue 
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development can be readily modelled. These devices, known as microphysiological systems or 

organs-on-chip, are based on the use microfluidic technology to precisely control the 

physicochemical cell microenvironment, including shear stress, chemical gradients, strain, etc. 

[6]. These models have attracted a lot of attention from the pharmaceutical and biotechnological 

industries, as they offer a promising alternative to reduce animal experimentation, not only for 

the unprecedented level of control over microenvironmental cues but also for their high-

throughput capabilities and cost-effectiveness, as the amount of required reagents such as cells, 

culture media or drugs is drastically reduced [7]. Moreover, the combination of these systems 

with the latest advancements in cell biology such as induced pluripotent stem cells, opens the 

door to the creation of highly personalized pathological models to study regenerative therapies.   

 The main goal of this doctoral thesis is the creation of microphysiological models to evaluate 

regenerative strategies based on the use of instructive biomaterials, with a special focus on the 

study of bone-tissue vascularization and myocardial ischemia-reperfusion injury. To meet this 

goal, the following sub-objectives must be addressed:  

• Design and fabrication of microfluidic cell culture devices using computer-aided design 

technologies and standard microfabrication processes.  

• Simulation of the devices by finite element analysis and experimental validation of the 

results in order to obtain a reliable computational model of the system that could be used 

to optimize the design and the range of experimental conditions.  

• Generation of the cellular microenvironment to generate a highly biomimetic model of 

bone-tissue vascularization and myocardial ischemia-reperfusion injury by selecting the 

appropriate cells and supporting extracellular matrix to be cultured inside the microfluidic 

devices.   

1.2 Dissertation outline 

 This doctoral thesis is divided into six chapters whose content is summarized below: 

• The first chapter is the present one, in which we give a general background and explain 

the main motivations and objectives of this thesis, as well as a summary of each chapter. 

• In the second chapter, we provide a general introduction to biomaterials and tissue 

engineering, with a detailed description of the in situ approach as well as the main strategies 

for bone and cardiac tissue regeneration. Current preclinical models to test biomaterials are 

also discussed and the concept of microphysiological systems is presented along with the state 

of the art of the field. 
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• In the third chapter, we describe a microphysiological system to study the potential of 

calcium-releasing materials biomaterials to recruit endothelial progenitor cells, a critical step 

of the vascularization process in a bone tissue microenvironment. The effect of calcium ions 

in the proliferation and migration of rat endothelial progenitor cells (rEPC) and mesenchymal 

stromal cells (BM-rMSC) derived from the bone marrow was studied in both monoculture and 

co-culture conditions, as well as the role of osteopontin in mediating the recruitment of rEPC. 

A finite element model for the transport of this protein was created and experimentally 

validated to show that paracrine cell communication was taking place between both cell types 

in our device. As a proof of concept, the platform was used to study polylactic acid (PLA)-

based biomaterials, showing that the incorporation of calcium phosphate nanoparticles 

stimulates rEPC recruitment and pro-angiogenic and pro-inflammatory cytokine release by 

BM-rMSC. 

• In the fourth chapter, a microphysiological platform to obtain a highly biomimetic cardiac 

tissue model based on a combination of aligned electrospun nanofibers with a user-friendly 

electrical stimulation setup is presented. An experimentally validated 3D computational model 

of the electrical field shows that the platform can closely match the results obtained with the 

gold standard planar electrode technology using inexpensive rod-shaped biocompatible 

stainless-steel electrodes. The functionality of the platform was validated by co-culturing 

neonatal mouse cardiomyocytes with cardiac fibroblasts, resulting in a tissue with a high 

degree of anisotropy and significant upregulation of several key genes involved in conductive 

and structural cardiac properties.  

• In the fifth chapter, a microphysiological model of cardiac ischemia-reperfusion injury 

(IRI) is described. The presented platform is based on the generation of 3D cardiac organoids 

by the self-assembling of human pluripotent stem cell-derived cardiomyocytes co-cultured 

with primary cardiac fibroblasts in a fibrin-based hydrogel around micropost structures. A 

preliminary screening using 2D monolayers of hPSC-CM was performed to select the best 

conditions to mimic the IRI in terms of environmental oxygen concentrations and media 

composition. The effects of the injury were assessed in the 3D cardiac tissues in terms of cell 

death and fibrotic response. 

• The sixth chapter summarizes the overall contributions of this thesis, offering some 

general conclusions based on the results generated in the experimental work as well as future 

perspectives and improvements to continue with the work presented through this dissertation. 

The research content of this doctoral thesis was carried out at the Biomaterials for 

Regenerative Therapies group of the Institute for Bioengineering of Catalonia (IBEC), under the 

supervision of Prof. Elisabeth Engel López and Dr. Oscar Castaño Linares.  The author gratefully 
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2 
General Introduction  

Tissue and organ failure caused by diseases, injuries or developmental defects has become one 

of the greatest economical and healthcare concerns [1]. Nowadays, the most common approach 

used in clinical practice to deal with these problems is to transplant a tissue or organ from a donor. 

However, this strategy cannot meet the current demands due to the aging of the general 

population, the lack of donors, and diverse logistic constraints related to organ transportation [2]. 

The emergence of tissue engineering during the last decades has provided a promising alternative 

to develop therapies and products for the repair or replacement of damaged tissue and organs [3]. 

First developments in this area were focused on the development of tissues for implantation (ex 

vivo approach) by combining the patient’s own cells with a scaffold made with biomaterials, 

which are materials capable of interacting with biological systems to eventually form a tissue 

construct. This strategy has shown limited success due to many limiting factors such as the poor 

engraftment efficacy, high cost, immunogenicity and strict regulatory hurdles [4].  

In order to overcome these problems, the concept of in situ or endogenous tissue engineering 

was developed, which is aimed at creating biomaterials or scaffolds capable of stimulating the 

innate regenerative programs of the human body [5]. One of the main limitations of the successful 

translation of these materials to the clinic is the high failure rates during clinical trials, which stem 

from the poor predictability of current preclinical studies [6]. Recent advancements in 

microfabrication have allowed to create innovative in vitro models known as microphysiological 

systems (MPS) or organs-on-a-chip (OoC) that are able to recapitulate tissue and organ level 

physiology to emulate the conditions of the actual human in vivo microenvironment [7]. 

Throughout this chapter, we will introduce the framework of tissue engineering and describe in 

detail the in situ approach, with a particular emphasis on its applications for bone vascularization 

and cardiac tissue regeneration. The second section of this chapter will be devoted to the 

introduction of preclinical testing of biomaterials, while the third and last section will give the 

reader an overview of the concept of MPS.  
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2.1 Introduction to biomaterials and tissue engineering 

2.1.1 Traditional approach to tissue engineering 

The scientific field devoted to the study of materials aimed at interacting with biological systems 

for a medical purpose, generally known as biomaterials, has come a long way since the first 

developments in the area (dating back to 1960). It has become a highly relevant field of study due 

to the increasing economical and healthcare concerns related to the shortage of organ donors and 

aging of the general population [8]. The traditional approach used in this disciple is known as ex 

vivo tissue engineering, which is based on the combination of biomaterials with cells and 

biomolecules outside the body to obtain a tissue construct for implantation [9,10]. The main 

elements needed in this approach are thus the following (see Fig.1): 

• Cells: the different types of cell sources used to create the tissue constructs can be 

obtained from a small biopsy. These include embryonic stem cells (ESC), which are derived from 

discarded human embryos, human induced pluripotent stem cells (hiPSC), derived by genetic 

reprogramming of somatic cells, and autologous or allogeneic adult tissue stem cells [11]. The 

first two types are pluripotent and can give rise to any cell lineage in the body, while the latter are 

multipotent (can give rise to a limited set of cell types). 

• Scaffold: this term refers to the biomaterial that constitutes the three-dimensional 

structure of the tissue. It provides the biophysical and biochemical properties to provide integrity 

and support, as well as signals capable of driving cell fate such as surface topography or growth 

factors [12]. They can be made of different materials (such as polymers, ceramics, metals or 

composites) of synthetic or natural origin (or a combination of both sources) in different 

conformations, ranging from hydrogels to fibrous scaffolds or nanoparticles using a variety of 

fabrication technologies [13]. One of the most commonly used is the electrospinning technique, 

which is based on the use of electrical forces to draw charged threads of polymer solutions to a 

collector in order to obtain a fibrous scaffold [14]; another one is 3D printing, which is a process 

to deposit inks (polymers, cells, or combination of the two) in predefined patterns in a layer-by-

layer approach to create a three-dimensional structure [15]. 

2.1.2 In situ approach to tissue engineering 

 The classical tissue engineering framework has many drawbacks, such as its high cost, the 

need for compatible cell sources that do not elicit an immune reaction in the patient, complex 

culture conditions or the poor homing and engraftment efficacy of the implants [16]. This 

motivated the development of a new approach known as in situ tissue engineering, which is 

based on the use of bioresponsive materials that can stimulate the body’s innate regenerative 

potential. This strategy eliminates the need for harvested cells, which drastically reduces costs 
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and regulatory issues. Scalability, reproducibility, and shelf life of the implants are also much 

higher [5]. 

 
Figure  1 Comparison of the two main strategies in tissue engineering. (a) Traditional ex vivo approach using 

scaffolds pre-seeded with cells before implantation. (b) In situ approach based on the use of bioresponsive materials 

that are able to stimulate the own body's regenerative potential. Adapted from [5]. 

In order to better understand this tissue engineering strategy, it is important to understand how 

tissue regeneration works. It is a highly complex process involving mainly three different but 

overlapping steps: the first one is inflammation, which generally starts with the activation of 

tissue-resident macrophages due to the detection of wound- and pathogen-associated molecules. 

Shortly after this, circulating immune cells (such as neutrophils, monocytes, etc.) are recruited to 

the site of injury [17]. Depending on their role, these cells can be categorized as pro-inflammatory, 

when they are in charge of cleaning dead cells and infectious pathogens, or anti-inflammatory, 

when they lead to ECM remodeling and endogenous stem cell differentiation [18]. The second 

phase involves the migration and proliferation of endogenous progenitor and stem cells to the site 

of injury, which will orchestrate the replacement of the ECM by the deposition of new proteins 

and the formation of vascularized networks [19]. The final stage is tissue remodeling, which 

comprises the degradation, reorganization, and resynthesis of the incipient ECM into a newly 

formed tissue. In some adult tissues (such as cardiac tissue), the regenerative capacity is limited, 

and the final tissue is mainly composed of a non-functional collagen scar [20].  

In the context of in situ tissue engineering, biomaterials have to interact with the cellular 

microenvironment in order to orchestrate the regeneration process. This can be achieved by two 

approaches. The first one involves extracellular signalling, which occurs by means of the 

biophysical and biochemical properties of the materials [5]. In the first category, one of the most 

important parameters to take into account is the stiffness of the material, as it has been shown to 
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influence a wide range of parameters such as cell attachment, migration, proliferation, 

differentiation or cytokine release [21]. These changes are driven by mechanotransduction 

phenomena mediated by transmembrane receptors (such as integrins) and cytoskeleton 

components (such as microfilaments) [22]. Other important biophysical parameters are also the 

microstructure or degradation products of the material [23]. Regarding the biochemical properties 

of the materials, they can be regulated by the incorporation of bioactive molecules such as cell-

adhesion proteins (or the active peptides from these proteins) [24] or growth factors, such as 

human bone morphogenetic protein 2 (BMP-2) to induce osteogenesis [25] or vascular 

endothelial growth factor (VEGF) to stimulate angiogenesis [26,27]. The second approach used 

in the context of in situ tissue engineering is the intracellular reprogramming, which can be 

achieved using a range of different techniques such as the use of polymeric nanoparticles for the 

delivery of transcription factors [28] or RNA based therapeutics [29] or gene editing tools like 

the clustered regularly interspaced short palindromic repeats-associated protein 9 (CRISPR-Cas9) 

to activate or silence specific genes [30,31].  

 

Figure  2 Strategies for in situ tissue regeneration. (a) Manipulation of the extracellular cell environment using 

biophysical (stiffness, porosity, degradation…) and biochemical cues (growth factors, adhesion sequences…) to 

stimulate endogenous progenitor cell migration and differentiation. (b) Intracellular reprogramming of endogenous 

progenitor cells using biomolecules to alter gene expression (transcription factors, RNA…). Adapted from [5]. 
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2.1.3 Strategies for bone vascularization 

The field of bone tissue engineering is focused on designing biomaterials that can be easily 

implanted in the bone defect and remodelled by the patient’s own cells [32]. The most widely 

used biomaterials for bone-tissue engineering can be grouped into four categories: 

• Metals: historically, they have been the materials most commonly used for bone implants 

due to their excellent mechanical properties. The surface of these materials is generally modified 

by mechanically creating a certain microtopography or performing chemical treatments in order 

to stimulate calcium phosphate deposition, which promotes implant integration with the host bone 

tissue and reduces inflammation [33,34]. The most widely used metals are titanium, magnesium 

and their alloys [35,36]. One of the main problems of metallic materials is related to their really 

high elastic modulus and monolithic structure, which prevents tissue ingrowth and can lead to 

stress shielding and bone reabsorption [37].  

• Polymers: they are generally classified as naturally derived (such as collagen) or synthetic 

polymers. The main problems related to the use of natural polymers are their low mechanical 

strength and their high batch-to-batch compositional variability and potential immunogenicity, as 

they are extracted from living sources [38]. To overcome these issues, synthetic polymers can be 

used, which offer much more possibilities for chemical modifications, including the addition of 

cell-binding sites and metalloprotease-sensitive domains [39]. Some examples include poly (ε-

caprolactone) (PCL) [40,41] or poly (L-lactic acid) (PLLA) [42,43]. 

• Bioceramics: the most widely used materials in this category are calcium phosphates 

because they mimic the inorganic phase of bone. Their most common presentations are 

hydroxyapatite (HAp) and β-tricalcium phosphate ceramics (β-TCP), which are commonly 

injected as bone cements or used as implant coatings [44]. Another different type of material is 

bioactive glasses, which are generally made of silicates containing different elements such as 

calcium, phosphates, and borates [45].  

• Composites: These materials are composed of a polymer phase, which can be modified 

with bioactive molecules such as adhesion sequences [46], with embedded nanoparticles, 

generally based on bioceramic materials such as calcium phosphates or silicates [47,48]. The 

addition of the particles enhances de overall mechanical and bioactive properties of the materials 

[49], which can be modulated by blending polymers with different degradation rates [50].  

One of the strategies used to stimulate bone tissue vascularization is based on the tuning of 

biophysical material properties, such as the stiffness or the microstructure, which have been 

shown to play a central role in controlling cell migration and vascularization [51-53]. Degradation 

products from the material also have a huge influence on vascularization. For instance, the release 
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of bioactive ions by bioceramic materials resulting from their degradation (such as calcium) has 

been suggested to induce the recruitment of endothelial progenitor cells [54,55], while copper 

[56,57] and cobalt [58,59] ions have been shown to induce angiogenesis by stimulating hypoxia-

related pathways and the overexpression of proteins such as the vascular endothelial growth factor 

(VEGF) or the basic fibroblast growth factor (bFGF). Regarding biochemical modifications of 

the scaffolds, there are several possibilities: one of them is to add bioactive peptides (such as 

RGD) to facilitate endothelial cell adhesion to the material and improve cell survival and 

proliferation [60,61]. Another option is to incorporate proteins closely involved in 

vascularization, such as growth factors, mainly VEGF [62,63], or  anti-inflammatory cytokines, 

such as interleukin 4 (IL-4) [64]. Finally, it has also been shown that the use of miRNAs or siRNA 

to intracellularly reprogram cells to control the expression levels of genes related to angiogenesis 

is also possible [65,66]. 

2.1.4 Strategies for cardiac tissue regeneration 

Ischemic heart disease is the leading cause of death worldwide, representing around 9 million 

deaths per year [67]. This condition is caused by the blockage of a coronary artery, causing a lack 

of oxygen and nutrient supply that eventually leads to cardiac cells (cardiomyocytes) death. As 

adult human cardiomyocytes have an extremely limited regenerative capacity, the damaged tissue 

is replaced by a fibrotic scar [68]. This loss of functional cardiac tissue translates into a decrease 

in the pumping force exerted by the heart, which leads to a remodeling process that causes further 

problems such as cardiac dilatation, mechanical dysfunction and eventually fatal heart failure 

[69].  

Tissue engineering strategies used to tackle heart disease were focused in the first place on ex 

vivo approaches for implantation using different cell types. Initial attempts were focused on the 

transplantation of non-cardiac cells due to the difficulties of obtaining enough quantities of 

functional cardiomyocytes in vitro [70]. However, unsuccessful results shifted the focus of 

research towards cardiac-derived cells. The discovery of embryonic stem cells (ESC), pluripotent 

cells obtained from the interior of early embryos [71], and induced pluripotent stem cells (iPSC), 

obtained from the reprogramming of somatic cells [72], opened unprecedented possibilities to 

obtain a large number of CM that combined with polymeric materials in the form of injectable 

hydrogels or fibrous cell patches could be used for transplantation [73,74], showing improved 

cardiac function [75-77]. Nevertheless, the use of cardiac patches based on stem cells has several 

drawbacks that hugely limit their clinical applicability, mainly their low engraftment efficacy, the 

high risk of ventricular tachycardia and the tumorigenic and immunogenic potential [78,79].  

Due to all the limitations of the ex vivo strategies, different researchers considered the 

possibility of implanting acellular materials for the in situ modulation of the cardiac 
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microenvironment. The most extended approach is the use of injectable scaffolds, due to the 

possibility of delivery directly to the site of injury using a catheter, eliminating the need for a 

surgical intervention [80]. These scaffolds generally consist of acellular polymeric hydrogels [81-

85], whose effects have been attributed to their potential to increase the ventricular wall thickness 

[86,87] and their bioactivity, which helps in stimulating angiogenesis and cell survival [88].  The 

delivery of biochemical cues such as growth factors or exosomes has also been explored to 

stimulate angiogenesis and increase regional coronary flow [89,90], as well as the use of 

biomolecules for the intracellular reprogramming of resident cardiac cells, mainly transcription 

factors to transform fibroblast to cardiomyocyte-like cells and reduce fibrosis [91,92]. The main 

challenges for translating these approaches from animal models to the clinic remain the low 

delivery/reprogramming efficiencies, the immaturity and heterogenicity of the cardiac cell 

population [93] and the longer times needed to obtain cardiomyocyte-like cells in humans, which 

can be attributed to epigenetic barriers and the longer developmental periods [94].  

2.2 Preclinical testing of biomaterials 

As has been discussed in the previous section, the first developments in the biomaterials field 

have been focused on designing inert materials that could be used as passive elements to fill 

defects or provide a mechanical support. However, the development of tissue engineering made 

them an active part of the regeneration process, capable of stimulating cell growth and 

differentiation, which requires an in-depth analysis of their interactions with biological systems 

before their implantation into humans is even considered. This stage is known as preclinical 

testing and involves a full characterization of the material in terms of its physical, chemical, and 

biological properties. To perform the preclinical testing, researchers have to follow the guidelines 

established by the International Organisation for Standardisation (ISO) through the ISO-10993 

[95], which covers the tests to assess the toxicity and functionality of the biomaterial from the 

original implant conformation to the formation of the new tissue, including any degradation by-

products.  

There are two stages in the preclinical testing of biomaterials: the first one is known as in vitro 

testing, as it is based on culturing cells outside the body under conditions that support their growth 

and differentiation. It offers short-term (days to weeks) information on many early cell responses, 

such as cell adhesion or changes in morphology or phenotype. Longer-term responses can be 

simulated by artificially aging the materials using high-temperature or enzyme solutions [96]. 

Regarding cell type, primary cells obtained from tissues are generally the alternative with the 

highest degree of biomimicry, but the difficulty of obtaining adequate numbers for the multiple 

tests requires making immortalized cell lines the model of choice, as they replicate faster without 

losing their phenotype. The particular cell lineage will be dependent on the selected application: 
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for instance, if the material is going to be used for orthopaedics, the most adequate cell types 

would be either mesenchymal stem cells or osteoblasts [97].  

The main concern when performing in vitro biomaterial testing is to study its biocompatibility, 

which ensures that it will not have any toxic effect when implanted in the host. This is especially 

critical when no previous preclinical or clinical safety data is available regarding the nature and 

duration of biomaterial-tissue contact [95]. Some general steps in assessing biocompatibility 

involve evaluating cytotoxicity and cell death [98,99] or performing genotoxicity testing, which 

is aimed at elucidating possible negative interactions of the implant with the host genetic material 

[100]. The second step in a preclinical study is known as in vivo testing, as it involves the 

implantation of the materials in animal models to further validate results obtained during in vitro 

testing. Some examples of these tests include genotoxicity testing [101], carcinogenicity [96,102], 

hemocompatibility [103] or irritation [104]. There are also some specific assays to evaluate the 

functionality of the implanted biomaterials in eliciting a certain physiological response. In this 

thesis, we are interested in two specific processes, bone vascularization and cardiac ischemia-

reperfusion. The particular preclinical models used to evaluate these physiological phenomena 

will be addressed in detail in the specific chapters. 

2.3 Microphysiological systems  

As detailed in the previous section, current preclinical models based on cell lines and animal 

models are highly limited in predicting the pathophysiology of human disease, personalized drug 

responses and off-target toxicities [105]. This lack of adequate preclinical models has translated 

into a dramatic decrease in the number of new drugs approved, which has risen a lot of concern 

within the pharmaceutical industry over the last 20 years [106,107]. A lot of research has been 

performed during the last decades in order to generate models that could faithfully recapitulate 

the actual in vivo response in humans. Breakthrough discoveries in the field of stem cell biology 

have led to the development of increasingly complex cell culture models known as organoids, 

which are self-assembled 3D cultures of stem cells that organize and differentiate into multiple 

cell types that can mimic the actual tissue complexity [108]. This was a big milestone in tissue 

engineering that allowed us to better understand signalling pathways and drug responses with an 

unprecedented level of biomimicry compared to the traditional 2D assays [109,110]. However, 

traditional organoid cultures have several limitations, such as the great difficulty of harvesting 

samples for biochemical and genetic analysis (especially luminal content), the lack of multiscale 

architecture and tissue-tissue interfaces or the absence of microenvironmental cues (flow, 

mechanical contractions, electrical stimuli, etc.) that greatly influence tissue development and 

function [111].  
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Nevertheless, the advancements in microfabrication technologies during the last decades have 

opened up unprecedented possibilities to address these issues. One of the main driving forces that 

led to the convergence between microtechnology and tissue engineering, was the discovery of 

polydimethylsiloxane by George Whitesides in the 90s [112]. It is a highly biocompatible, 

optically transparent elastomer that can be easily processed to obtain micrometric devices at a 

really low cost. The method used to obtain the devices is known as soft-lithography and consists 

in pouring the PDMS over a silicon mould fabricated with methods commonly used in the 

microelectronics industry (such as photolithography). The polymer is then crosslinked by 

temperature and unmoulded, generating as a result hollow chambers where cells can be cultured. 

PDMS is generally irreversibly bonded to a flat smooth substrate such as glass, resulting in a 

closed system in which cell media can be easily perfused [113]. This sort of microsystems in 

which liquids can be perfused (commonly referred to as “microfluidic systems”) are characterized 

by the laminar nature of the flow, which means that viscous forces dominate over the inertial 

ones, making fluid behaviour predictable and easy to control [114].  

The first study using a microfluidic device to mimic organ-level human physiology was 

published by Michael Shuler and collaborators in 2004, in which the culture and interaction 

between lung and liver cells were mimicked in a silicon chip [115]. This motivated a range of 

other studies trying to mimic other organs such as the muscles [116], bones [117], or the kidney 

[118]. The field established itself around 2010 when Donald Ingber and collaborators published 

the first microfluidic chip capturing organ-level functions of the human lung, introducing for the 

first time the term organ-on-a-chip [119], which has been used interchangeably with 

microphysiological system ever since [105]. These advanced systems have allowed to overcome 

many of the limitations of traditional organoid cultures, such as replicating tissue interfaces such 

as vascular or endothelial barriers [120], replicating the organization of complex elongated tissues 

cells such as the heart or the liver [121-123] and the incorporation of actuators for precise fluidic 

mechanical and structural control as well as sensors for continuous monitoring of the tissue 

function [105]. In fact, research in microphysiological systems has attracted tremendous interest 

from the pharmaceutical industry and regulatory agencies and resulted in the creation of more 

than 28 companies in the last decade [124].  

The proposed devices can be categorized into three main groups depending on the target tissue 

and drug mechanisms to be elucidated. The first category is tissue barriers, which can be 

modelled using different strategies. The first one involves the use of stretchable thin polymeric 

membranes, like 10 µm PDMS membranes (see Fig.3-a), which have been used to mimic the 

alveolar-capillary interface, including the cyclic mechanical strain cell are subjected to in the 

lungs [119]. This approach has been expanded to model other organ interfaces in which cyclic 
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mechanical deformations and perfusion play a key role, such as the intestinal barrier [125]. The 

second alternative is based on the injection of hydrogels, such as collagen or fibrin, in devices 

with built-in microchannel networks (see Fig.3-b), which are later seeded with endothelial cells 

to replicate the vascular networks [120,126]. The intrinsic three-dimensional nature of these 

systems allows for studying complex interactions between specialized cells and the vasculature, 

for instance in human kidney tubule models [127,128]. The third option is to resuspend 

endothelial cells in the hydrogel to create a self-assembled microvascular network (see Fig.3-c) 

that can be perfused through their anastomose with the lateral microfluidic channels [129,130]. 

This approach allows the creation of different compartments in which multiple cell types can be 

incorporated and their interactions monitored through confocal microscopy [131]. For instance, 

the blood-brain barrier [132] or cancer cell extravasation in a tumour microenvironment [133] has 

been modelled with this approach.  

 

Figure  3 Microphysiological system architectures. (a) Reproduction of the alveolar-capillary interface using a 

flexible PDMS membrane and side vacuum channels to mimic lung contractions. (b) Endothelial vessel model based 

on the hydrogel patterning method. (c) Self-assembled tissue interface to mimic the blood-brain barrier. (d) 
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Parenchymal heart tissue model relying on cardiac cell self-assembling between elastic parallel rods. (e) Cardiac tissue 

grown on a flexible cantilever with embedded strain sensors. (f) Spherical parenchymal liver tissue generated using the 

hanging drop method. Adapted from [105]. 

The second category is parenchymal tissues, which are the bulk functional substance of an 

organ. Contrary to tissue interfaces, an organized 3D architecture is essential for the functionality 

of these model. Parenchymal tissues can be broadly categorized as elongated or spherical. A 

representative example of the first category is the cardiac muscle tissue, which is highly organized 

in anisotropic cardiac bundles [134]. The most widely used approach to achieve this level of 

organization is to inject the cardiac cells resuspended in a hydrogel (commonly collagen) between 

two elastic posts (see Fig.3-d), which drive CMs elongation due to the passive tension generated 

[135,136]. The bending of the posts also serves as a way to estimate the force exerted by tissue 

contraction [137,138]. A different approach is to seed the CM on top of flexible cantilevers with 

embedded strain sensors (see Fig.3-e), which allows for the simultaneous application of electrical 

stimulation and recording of contractile activity [139]. Regarding the second category, common 

spherical tissues are the liver, pancreas or tumours, which can be created using the hanging drop 

technology to create cell aggregates in suspension [140–142] (see Fig.3-f) or microfluidic traps 

[143,144]. The last category within microphysiological systems is the body-on-a-chip devices, 

in which several tissues are fluidically connected in order to mimic complex inter-organ 

interactions and assess how drugs are absorbed, distributed, metabolized and eliminated from the 

body (ADME profile) [105]. Different platforms have been proposed to achieve this goal, from 

complex systems in which 13 organs, including barrier (such as the skin or intestinal barrier or 

the lung) and parenchymal tissues (such as the liver or kidney) [145], to simpler systems with a 

couple of organs to better evaluate their interactions, for example the liver and pancreas to model 

the pathogenesis of diabetes type 2 [146]. One of the main challenges faced by these systems is 

how to correctly escalate different physiological parameters such as the tissue size or interface 

surface proportions [147].   

This thesis builds on the current state of the art in the microphysiological systems field and 

puts forward innovative models that can be used to perform preclinical studies with biomaterials, 

an area of application that has been minimally explored with this technology. We believe that 

such models can be of great use in the design and testing of new biomaterials for regenerative 

therapies. 
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3 
Microfluidic 3D Platform to Evaluate 

Endothelial Progenitor Cell Recruitment by 

Bioactive Materials  

In this chapter, we start by introducing the current preclinical models used to evaluate 

neovascularization and present the state of the art regarding microphysiological vascular models, 

showing the clear lack of adoption of these systems for testing biomaterials. The rest of the chapter 

is focused on describing our contribution to the field by presenting a novel microfluidic-based 3D 

model to evaluate the effect of bioactive biomaterials capable of releasing signaling cues (such as 

ions or proteins) in the recruitment of endogenous endothelial progenitor cells, a key step in the 

vascularization process. The usability of the platform is demonstrated using experimentally-

validated finite element models and migration and proliferation studies with rat endothelial 

progenitor cells (rEPCs) and bone marrow-derived rat mesenchymal stromal cells (BM-rMSCs). 

As a proof of concept of biomaterial evaluation, the response of rEPCs to an electrospun 

composite made of polylactic acid with calcium phosphates nanoparticles (PLA+CaP) was 

compared in a co-culture microenvironment with BM-rMSC to a regular PLA control. Our results 

show a significantly higher rEPCs migration and the upregulation of several pro-inflammatory 

and proangiogenic proteins in the case of the PLA+CaP. The effects of osteopontin (OPN) on the 

rEPCs migratory response were also studied using this platform, suggesting its important role in 

mediating their recruitment to a calcium-rich microenvironment. This new tool could be applied 

to screen the capacity of a variety of bioactive scaffolds to induce vascularization and accelerate 

the preclinical testing of biomaterials.  
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3.1 Introduction 

3.1.1 Preclinical models to study neovascularization 

Neovascularization can occur by two mechanisms: during embryogenesis, blood vessel 

formation occurs by the migration of angioblasts (endothelial precursors generated in the bone 

marrow), which assemble into networks and differentiate into endothelial cells (EC), a process 

known as vasculogenesis (see Fig.4-a). This process also takes place in adult development by the 

recruitment of endothelial progenitor cells (EPCs) from the bone marrow [1]. After the formation 

of this primary network, vascularization can also occur by the cell sprouting from pre-existing 

vessels, a process known as angiogenesis (see Fig.4-b). This process involves proliferation, 

migration, tube formation, and anastomoses (creation of a functional connection with the pre-

existing vasculature) [2].  

 

Figure  4 Neovasculature formation in vivo. (a) Vasculogenesis occurs when endothelial progenitor cells generated 

in the bone marrow travel through the bloodstream to the site of injury, forming networks and eventually differentiating 

into mature endothelial cells. (b) Angiogenesis occurs when endothelial cells remodel their extracellular matrix and 

start proliferating and migrating from the preexisting vessel, generating endothelial sprouts. Adapted from [3]. 

Maturation towards larger vessels occurs due to the action of supporting cells, mainly pericytes 

(for capillaries), fibroblasts and smooth muscle cells (for larger vessels such as arteries), which 

play a key role in stabilizing and controlling the growth of the endothelial network. These cells 
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tend to wrap around the endothelial wall and be involved in the secretion of ECM proteins, mainly 

collagen and elastin [4]. Neovascularization is a complex process orchestrated by a myriad of 

signalling molecules such as adhesion proteins, growth factors and inhibitors [5]. Among them, 

the vascular endothelial growth factor (VEGF) is one of the most relevant proteins driving EC 

recruitment and proliferation [6]. This growth factor is secreted by many different cells including 

fibroblasts, macrophages or lymphocytes and its release can be activated by oncogenes, cytokines 

and environmental conditions, such as oxygen depletion (hypoxia) through the release of the 

hypoxia-inducible factor (HIF-1), or mechanical cues like the shear flow [7]. Understanding 

neovascularization is therefore a critical point when evaluating a biomaterial for regeneration. On 

the one hand, preclinical in vitro assays are mainly based on the use of EC are aimed at studying 

the three main stages involved in vasculature formation: 

• Proliferation assays: These assays are widely used due to their high reproducibility, 

high-throughput and precise quantification [8]. There are mainly two possibilities to quantify 

proliferation, either determining the net cell number using electronic counters (such as the Coulter 

counter) or colorimetric tests such as the MTT assay; or alternatively quantifying DNA synthesis 

using DNA-binding molecules such as in the bromodeoxyuridine (BrdU) assay, in which cell 

division is directly correlated to the amount of BrdU [9]. One of the main concerns with these 

tests is that the synthesis of DNA does not only occur during cell proliferation or that a decrease 

in cell number could be due to cytotoxic effects [8]. 

• Migration assays: ECs tend to move according to gradients of angiogenic molecules 

such as VEGF or bFGF, a process known as chemotaxis. This phenomenon has been traditionally 

studied in vitro using assays such as the Boyden chamber (see Fig.5-a), in which cells are seeded 

on top of a membrane (usually coated with an ECM protein as collagen) which separates an upper 

compartment with control media and a lower one with the angiogenic factor. This assay is highly 

sensitive to small differences in concentration gradients, but has several drawbacks, as the 

gradient dissipates over a short period of time (hours), it is difficult to accurately count cells 

through the filter and cells are seeded on an artificial substrate that does not mimic the actual in 

vivo environment [10]. A different approach to evaluate migration is the scratch wound assay 

starting from a confluent EC monolayer in which a portion of it is removed using a cell scraper. 

The cells then migrate to re-form the monolayer (wound healing process) and migratory activity 

is microscopically quantified [11]. The main limitation of this assay is the difficulty of mimicking 

identical confluence conditions and scraped areas in different replicates, the interference of cell 

proliferation and difficulty of quantification [12].  

• Differentiation assays: when EC differentiate, they tend to form capillary-like structures 

that can be studied in vitro. In these assays, cells are generally seeded in 2D on top of an ECM 
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consisting of fibrin, collagen or Matrigel (a mix of ECM and basement membrane proteins 

derived from a mouse Engelbreth-Holm-Swarm sarcoma [13]) and the attachment, migration and 

tube formation is evaluated in a short timespan (usually less than 24 h) when they are exposed to 

cytokines or growth factors [14] (see Fig.5-b). An alternative approach is to sandwich the EC 

between two layers of the protein matrix and culture them for longer times (1-2 weeks) in order 

to model a 3D environment [15]. Some of the problems with this experimental approach are 

related to the fact that the materials used already have angiogenic properties (Matrigel for instance 

includes many growth factors in its formulation) resulting in a homogenous tubule formation that 

can be difficult to quantify [16]. Moreover, tube formation is not specific to EC, as it has been 

shown that human fibroblasts or glioblastoma cells are also able to form tubes on these substrates, 

and lumen formation is hardly ever observed in these assays, indicating a poor differentiation 

[16]. One of the ways to tackle this problem has been the creation of co-cultures with stromal 

cells such as fibroblasts or smooth muscle cells. This assay has been shown to better mimic the 

actual capillary bed found in vivo but is highly time-consuming (12-14 days) and less 

characterized as the molecules secreted by the supporting cells are not well-defined [17]. 

• Organ culture assays: following the idea of the co-culture approach to better mimic the 

actual cell microenvironment, assays using vascular extracts from animal models have been 

adopted, as they include all the stromal cells and the supporting matrix [18]. On top of that, the 

ECs are in their actual quiescent state (non-proliferative), which is more representative of the in 

vivo situation. The most commonly used assay is the rat aortic ring assay, in which an explant 

from the aortic ring is seeded in an ECM matrix (such as fibrin) and the sprouting of endothelial 

cells is monitored for a period of 10-14 days [19] (see Fig.5-c). The key limitations of this strategy 

are that it is based on the use of non-human cells, that large vessels are not the best model for 

angiogenesis, as it is generally a microvascular event, and that using different animals completely 

changes the endothelial response, reducing a lot the reproducibility [20].  

One of the general problems with in vitro assays is that the used ECs have important 

phenotypic differences, especially between the ones derived from large vessels, such as the human 

umbilical vein endothelial cells (HUVEC) or from a microvascular origin, such as the human 

dermal microvascular endothelial cells (HuDMEC) [21]. It has been shown that depending on 

their origin, the response to growth factors and other molecules is different. Moreover, when cells 

are extracted and cultured in vitro, the quiescent phenotype found in vivo is lost, becoming 

proliferative and experimenting with changes in their surface antigens [22]. Their behaviour also 

changes depending on the ECM used or if they are cultured in static or dynamic flow conditions. 

These difficulties in mimicking the complex physiological interactions make in vivo models a 
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necessary step in the preclinical evaluation of a biomaterial. The main types of in vivo assays to 

evaluate neovascularization are the following: 

• Sponge or polymer implantation assay: in this method, the implantation of a polymeric 

sponge containing the angiogenic factors or cells, either directly injected or added as pellets is 

performed in different animal models (rats, mice, rabbits, etc.) [23]. An alternative approach is to 

resuspend the tested substance in Matrigel, which is in a liquid form under 4 ºC, but when injected 

subcutaneously at body temperature (37 ºC) quickly forms a solid plug that allows a controlled 

release [24]. The formation of neovasculature is assessed after a given time by performing either 

an immunohistological staining of the sponge with endothelial-specific markers (such as CD31), 

assessing the haemoglobin content or using a radioactive tracer [25]. The main limitations of this 

approach are related to the heterogeneity in the sponges' sizes, shape and composition and the 

non-specific angiogenic responses due to unexpected immune responses [23].  

• Chick chorioallantoic membrane assay: it is the most commonly used assay to evaluate 

angiogenesis and consists of the implantation in a 7-8 day old chick embryo of a polymer sponge 

or a plastic disc in which the tested chemical is loaded, either through a window cut in the eggshell 

or in shell-less embryos cultured in Petri dishes [26] (see Fig.5-d). The number of vessels 

converging towards the implanted pellet is then counted using a stereomicroscope. The popularity 

of this assay stems from its low cost and technical simplicity, although it has many drawbacks 

such as the presence of an already well-developed vasculature that difficult the process of 

identifying new capillaries, the potential inflammatory response generated by debris like shell 

dust or the high sensitivity to oxygen tensions [20].  

• Corneal angiogenesis assay: this assay is based on the use of corneal tissue, which is 

avascular, making the identification of new capillaries stemming from the corneal limbus easily 

identifiable [27]. It requires performing a small cut in the corneal tissue of the animal (generally 

rabbits but also rats or mice) to create a “pocket” in which a polymeric pellet loaded with the test 

substance is placed [28]. Microscopic imaging is then performed to analyse the number of 

capillaries penetrating the cornea. The main disadvantage of this assay is that it is technically 

demanding and not suitable for large-scale screening [8]. 

• Chamber assays: they rely on the use of transparent chambers placed in a piece of skin 

(rabbit ear, mouse dorsal skinfold) or bone (skull), previously placing a gel containing the test 

molecule on the exposed surface and then covering it with glass and closing the chamber to secure 

it [24]. The quantification is then performed by acquiring microscopy images. It is a highly 

interesting assay because it allows for the continuous monitoring of 3D vessel growth (typically 

for 1-3 weeks). However, these assays are invasive, technically complex, and highly expensive 

[23].  
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Figure 5 Representative preclinical assays to assess neovascularization. (a) Endothelial cell migration in vitro 

quantified using a Transwell assay. (b) Endothelial cell differentiation in vitro quantified using the tube formation assay 

on Matrigel. (c) Organ culture in vitro of a mouse aortic ring. (d) Angiogenesis assay performed in vivo on a chick 

chorioallantoic membrane (CAM). Adapted from [8]. 

3.1.2 Microphysiological models of vascular tissue  

Microfluidic models have evidenced to be an invaluable tool for the study of microvasculature 

development and pathology. Proposed designs can be grouped in two distinct categories 
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depending on how the vessels are generated. patterned or self-assembled network formation. The 

first one is the patterned formation approach, which is based on the use of a temporal scaffold 

or sacrificial mould to generate the desired geometry. One of the studies pioneering this method 

was based on the generation of a single perfusable microvessel (75-100 µm) by seeding EC in the 

hollow regions left by microneedles inserted in a collagen gel and removed after polymerization. 

These vessels maintained a stable cylindrical shape and a functional barrier function under 

hydrostatic flow (1-4 Pa) for 2-3 weeks [29]. Other researchers developed similar techniques as 

endothelial monolayers in gold-sputtered rods [30] or silica capillary tubes [31]. First attempts to 

create microvessel networks have relied on the use of soft-lithography to generate PDMS moulds 

with a series of interconnected channels, that were then used as stamps on biodegradable 

hydrogels. After polymerization, the stamp is removed and hollow channels are seeded with 

endothelial cells [32,33]. A similar approach is subtractive scaffolding, in which a sacrificial 

template, generally hydrogels such as gelatin [34], alginate [35] or PEG [36], is mixed within a 

collagen or fibrin matrix. After the dissolution of the sacrificial layer, those hollow spaces are 

seeded with EC. More complex patterns can be generated by imaging actual in vivo capillary 

networks and then using that pattern to guide a laser-assisted degradation of hydrogels, which 

results in highly biomimetic geometries [37]. The main limitations of the patterned network 

formation methodology are the limited control over hydrogel distribution and the long times 

needed by some of the systems to generate functional vessels (up to 2 weeks), which can lead to 

undesired gel degradation by the cells and disruption of the angiogenic growth [3].  

Regarding the self-assembling approach, it is generally inspired by the naturally occurring 

vascularization mechanisms. One of them is angiogenesis, in which endothelial cells sprout from 

a pre-existing vessel, which in microfluidic systems can be mimicked in several ways. One of 

them is the use of microcarrier beads coated with EC, which are then resuspended in a fibrin gel 

that shows a sprouting behaviour after around 2 days when treated with VEGF [38]. This system 

was used to illustrate the essential role of stromal cells in driving angiogenesis, as it was shown 

that transforming growth factor β (TFG- β) or angiotensin 1 (ANG-1) are only able to stimulate 

angiogenesis in the presence of fibroblasts [39]. A different approach is the use of PDMS 

microfluidic devices with chambers delimited by arrays of microposts, in which the surface 

tension generated by the hydrophobicity of the polymer and the precise spacing of the 

microstructures is used to spatially confine hydrogels during the injection. After cross-linking 

adjacent microchannels are filled with media and EC seeded in the gel-media interface. These 

systems or multi-chamber modifications have been used to study the effects of growth factors, 

cytokines, adhesion molecules, or paracrine signalling in co-culture conditions [40-42]. For 

instance, a gradient of VEGF and sphingosine-1-phosphate (S1P) was generated in the hydrogel 
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chamber by putting these chemoattractants on one of the side channels and control media on the 

cellular side to study their effect on length and direction of the endothelial sprouting [43].  

This type of designs can also be used to recreate vasculogenesis by injecting the EC resuspended 

in a hydrogel in one of the chambers and encapsulate stromal cells in different ones, allowing 

paracrine signalling that results in an endothelial network formation in 24 h and lumen formation 

in 4 days [44]. A similar self-assembling approach has been used in a different device, in which 

an array of diamond-shaped chambers limited by small pores (30 µm) was used to confine the 

cell suspension by the phenomena of capillary burst valve. The microvascular network was able 

to anastomose to the EC-lined side channels through the pores, and it was then perfused by a 

hydrostatic pressure gradient that mimics the arterial to venous capillary flow [45]. These 

microvascular networks have shown a great potential for modelling physiologically relevant 

events. For instance, HUVECs cultured in the presence of human lung fibroblasts formed a 

perfusable network after 4 days that has been used to study trans-endothelial migration of tumour 

cells, showing that tumour necrosis factor α (TNF-α) increased vessel permeability and cancer 

cell extravasation [46]. The most relevant limitations of self-assembling systems are related to 

the PDMS mould, which has been shown to influence the morphology of the endothelial channels, 

prevent vasodilation/constriction phenomena and absorb small hydrophobic molecules [47]. 

Interestingly, these approaches have been adapted to mimic specific vascularized tissues. For 

example, several studies have put forward models of the blood-brain barrier, which is a 

specialized vasculature structure in the brain composed of ECs surrounded by pericytes and 

astrocytes [48]. It is characterized by an extremely restrictive permeability that allows only the 

transportation of small molecules and gases while preventing the entrance of drugs, bacteria, etc. 

[49]. A disfunction of this barrier is related to several neurological disorders such as Alzheimer's 

or Parkinson’s diseases [50]. A microphysiological platform based on collagen gel confinement 

using PDMS microposts (4-chamber design) and cellular self-assembly, demonstrated the 

viability of co-culture of neurons, astrocytes, and EC, resulting in tight-junction expression and 

permeability levels close to the in vivo values [51]. Other vascularized tissue barrier models have 

been proposed, such as the lung alveolar-capillary interface, which was modelled by co-culturing 

human pulmonary microvascular EC with alveolar epithelial cells on a polymeric porous 

membrane [52]. The skin has also been mimicked by generating a perfusable 3D microvessel 

within an epidermis-dermis, allowing for the screening of cosmetic and pharmaceutical molecules 

[53]. Examples of parenchymal tissues include vascularized liver tissue, which has been modelled 

in a microfluidic device by co-culturing hepatocyte spheroids with fibroblasts and EC, resulting 

in a higher secretion of albumin, urea and cytochrome P-450 compared to hepatocyte 

monocultures [54]. Models of bone tissue have also been proposed by tri-culturing MSC and 
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osteoblasts with EC, which self-assembled in a perfusable microvascular network that was used 

to study tumour cell extravasation [55]. 

 

Figure 6 Microphysiological systems to model vascular tissue. (a) Vascular network generated using a hydrogel 

patterning method based on a PDMS stamp. (b) Microvessel network generated using a sacrificial scaffold made of 
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dissolvable carbohydrate glass. (c) Hydrogel confinement using PDMS microposts allowing endothelial cell self-

assembling to study angiogenesis. (d) Self-assembled network based on the co-culture of human lung fibroblasts with 

endothelial cells in a hydrogel anastomosed to the lateral fluidic channels. Adapted from [3]. 

In the described vascular models, the evaluation of vessel functionality and maturation is 

generally based on microscopical analysis [56]. For instance, number and length of branches, 

vessel diameter and total area are indicative of the quality of the microvascular network [44,57]. 

Immunofluorescence staining for proteins such as CD-31, von Willebrand factor (vWF) or 

vascular-endothelial cadherin (VE-cadherin) are indicative of the endothelial phenotype [58]. The 

presence of tight junction proteins such as zonula occludens-1 (ZO-1), laminin and collagen IV 

(basement membrane proteins) are commonly used as markers of vessel maturity [59]. Another 

key parameter indicative of mature vessels is their permeability, which can be evaluated by using 

the Huxley method, which is based on the perfusion a fluorescent marker (such as FITC-dextran) 

through the lumenized vessels and evaluating the linear relationship between fluorescence 

intensity and fluorophore concentration in the extracellular space [60]. This method has proved 

to be an excellent way to estimate barrier function, although it has been recognized that in vitro 

values tend to be one or two orders of magnitude higher than in vivo [61]. This is due to the current 

lack of some functional elements regulating vessel permeability, such as the glycocalyx and fully 

developed basal lamina, as well as the neglection of convective transport in the model [62].  

From all these different platforms, very few of them have been actually used to evaluate 

biomaterials [63,64], which motivated us to propose an novel microfluidic-based assay to actually 

be able to study the effect of calcium-releasing biomaterials on endothelial progenitor cell 

recruitment. To achieve this goal, we designed, fabricated, and validated the capacity of the 

proposed microfluidic platform to generate gradients of soluble factors using a finite element 

model (FEM) of diffusion. We evaluated the suitability of the platform to study 3D migration to 

inorganic ions by evaluating the response of bone marrow-derived rat mesenchymal stem cells 

(BM-rMSC) and rat endothelial progenitor cells (rEPC) to gradients of calcium. We then 

implemented an assay to study the migratory response of rEPC to calcium-releasing scaffolds in 

a co-culture microenvironment with BM-rMSC. We also screened the release profile of several 

pro-angiogenic and inflammatory cytokines and performed an in-depth study of the role of 

osteopontin in mediating the response of rEPC to high extracellular calcium levels. Overall, we 

believe that the presented microfluidic assay could be of great interest to performing preclinical 

studies with materials for bone tissue engineering and better understanding of the different 

elements involved in the complex process of vascularization. 
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3.2 Materials and methods 

3.2.1 Cell culture 

 Bone marrow-derived rat endothelial progenitor cells (rEPC) and mesenchymal stem cells 

(BM-rMSC) were obtained from the long bones of young Lewis rats (2-4 weeks old) following 

previously published protocols [65,66]. Briefly, the bone marrow was obtained from the rat's long 

bones by flushing adhesion medium M199 (Sigma, DE) supplemented with 20 % fetal bovine 

serum, 1 % pyruvate, 1% penicillin/streptomycin, 1 % L-glutamine (all reagents from Thermo 

Fisher, US) and 22 µg/ml heparin (Sigma, DE). The whole fraction was plated in 6-well plates 

and incubated for 24 h. Most adherent cells attached to the dish during this time were BM-rMSC, 

which were subsequently plated in T75 flasks (Thermo Fisher, US) and cultured in α-minimal 

essential medium (α-MEM) supplemented with 10 % FBS, 1 % Pen/Strep, and 1 % L-glutamine 

(all reagents from Thermo Fisher, US) for no more than 5 passages. The cell lineage was 

confirmed by positive staining for Stro1, CD105, CD44, which are generally accepted markers 

for this lineage [67]. The cells in suspension were recovered and plated in new dishes for another 

24 h. On the third day, the suspension fraction was highly enriched in hematopoietic cells, which 

were recovered and plated in T75 flasks and further cultured in Endogro media (Merck Millipore, 

DE) for no more than 5 passages. The endothelial progenitors showed weak positive staining for 

Flk-1, CD-34, CD-31, and vWF, which is generally indicative of an immature, endothelial-

progenitor-like state [68]. All cells were cultured in a humidified 5 % CO2 incubator at 37 ºC. 

3.2.2 Device design and fabrication 

The design of the microfluidic platform (see Fig.7-a,b) was performed using computer-aided 

design software (AutoCAD 2019, Autodesk, US) and consists of 2 cell culture chambers (1300 

µm x 8800 µm x 150 µm) in contact with 2 cell culture media channels (750 µm wide, 150 

µm high) separated among them by a central channel (1000 µm wide, 150 µm high). Master 

molds were produced using photolithography with a SU8-3050 photoresist (MicroChem, DE) and 

4’’ Si wafers as supports. All procedures were performed in a cleanroom environment. 

Polydimethylsiloxane elastomer (PDMS, Sylgard 184, Dow Corning) was used at 10:1 w/w 

(base: curing agent). After degassing and curing overnight at 65 ºC, the PDMS was carefully 

removed from the silicon wafer, separated into individual chips, and perforated producing 6 mm 

holes for reservoirs and 1 mm holes for chamber inlets. Chips were cleaned and bonded to glass 

rectangular supports (0.17 mm thick coverslips) by air plasma treatment (Harrick Plasma PCD-

002-CE) for 0.5 min at 10.5 W. In the case of biomaterial testing, the used coverslips were 

patterned with PLA nanofibers (more details in methods section 2.4), and fibers outside the 

stromal cell chamber area were carefully removed before the plasma treatment with a cloth wetted 
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in acetone (Panreac, ES). Finally, all the chips were cured at 85 ºC for 12 hours to strengthen the 

bonding. Devices were sterilized by placing them in the plasma chamber and repeating the 

previously described process. 

 

Figure 7 Microfluidic assay to study rEPC recruitment. (a) Scheme of the device showing the 2 cell chambers 

(blue) and the media channels (purple). (b) Picture featuring the final assembled platform. (c) Comprehensive view 

detailing how cells are cultured in the device, either in monoculture (just one cell type, migration caused by the addition 

of a chemoattractant to the cell media) or co-culture conditions (two cell types, migration induced by the secretions of 

the cells located in the stromal cell chamber). 
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3.2.3 Finite element model of protein transport and validation 

An in silico model of the device was developed using the finite element method (FEM) to 

evaluate if a concentration gradient could be obtained in the migration chamber from the 

secretions produced by the BM-rMSCs. The creation of such a gradient is based on the passive 

diffusion of the protein of interest through the porous hydrogel (fibrin) injected in the cell 

chamber area (migratory chamber). To study the diffusive process, the geometry of the platform 

was split into two domains with different diffusive properties: (1) the fluid area associated with 

the cell media, including the channels and reservoirs, and (2) the cell chambers filled with fibrin 

hydrogel. The concentration profile was calculated with COMSOL Multiphysics 5.6 (COMSOL 

Inc, US) using the Transport of Diluted Species interface, which in our particular case solves the 

mass conservation equation considering that there is no convective transport involved. This yields 

an equation corresponding to Fick’s laws of diffusion: 

𝑱𝒊 = −𝐷∇𝑐 
𝜕𝑐
𝜕𝑡
= ∇. 𝑱𝒊 + 𝑅 

Where Ji (mol m-2 s-1), is the diffusive molar flux vector, which evaluates the amount of 

substance that flows through a unit of the area during a unit time interval, c (mol m-3) is the 

concentration of the chemical species of interest, D (m2 s-1) the diffusion coefficient and R (mol 

m-3 s-1) the reaction rate of the considered species. A no flux boundary condition was selected for 

all walls of the system. A tetrahedral mesh with approximately 215,000 elements was used and 

solved based on the PARDISO approach. The reliability of the results was controlled by different 

mesh sensitivity processes. 

In our case, we were interested in studying the diffusion of the osteopontin protein, which has 

an approximate molecular weight of 31 kDa, that is in the range of other well-known angiogenic 

factors such as VEGF, bFGF, or IGF [69]. The diffusion coefficient for molecules with that 

hydrodynamic radius is around 6x10-11 m2/s in cell media and 4.9x10-11 m2 s-1 in hydrogels such 

as collagen or fibrin [42,43]. The osteopontin secretion on day 3 was derived from an ELISA 

assay performed on BM-rMSCs (see methods section 3.2.8) and estimated to be approximately 

1.41x10-12 mol m-3 s-1 (assuming a linear release profile).  

To validate the computational model, we studied the concentration profile of a 40 kDa Texas 

Red conjugated dextran (Thermo Fisher, US), a non-reactive polymer with a comparable 

hydrodynamic radius to osteopontin. To perform the experiment, both cell chambers were loaded 

with the fibrin gel (2.5 mg/ml fibrinogen and 1 U/ml thrombin), one of the side channels filled 

with regular PBS and the remaining two with a solution of fluorescent dextran in PBS at an initial 

concentration of 25 µg ml-1. Fluorescent images were acquired in a Leica AF7000 microscope 
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(Leica Systems, DE) at different time points (2.5 h, 5 h, 10 h, and 15 h) and images were processed 

with ImageJ software (NIH, US) to obtain the evolution of the fluorescent intensity profile. The 

area selected is located between the rows of posts 10 and 11 and the values were normalized using 

the intensity measurements from the fluorescent channel (maximum) and control channel 

(minimum). These results were compared to the values obtained in the finite element simulations 

(removing the reaction rate term), which were also normalized to allow for direct comparison. 

3.2.4 Calcium-releasing biomaterial fabrication 

The calcium-releasing biomaterial chosen for evaluation in our platform was based on CaP 

ormoglass nanoparticles (NP) prepared using a sol-gel process and the CaO:P2O5:Na2O:TiO2 

44.5:44.5:6:5 molar ratio composition reported by Sanzana et al. [70]. After obtaining the NP, 

they were resuspended at 25 % w/w (PLA+NP25) by ultrasonic dispersion in 4% w/w poly-L/DL 

lactic acid solution (Purasorb PLDL 7038, 70/30 L-lactide/DL-lactide copolymer, inherent 

viscosity midpoint 3.8 dl g-1, molecular mass ≈ 850,000 Da, Corbion, NL) in 2,2,2-

trifluoroethanol (TFE, 99 % Alfa Aesar, US). The plain PLA 70/30 solution was used to produce 

the control PLA fibers. 5 ml syringes (Becton-Dickinson, US) were loaded with the polymer 

solutions and pumped (NE-300, New Era Inc, USA) at a flow rate of 1 ml/h through a 21-gauge 

blunt-tip needle (Nordson EFD, US). A high-voltage power supply (NanoNC, KR) was used and 

fibers were collected onto a grounded cylindric collector located at 200 mm from the tip of the 

syringe. Rectangular fragments of aluminum foil (20x33 cm) were used to envelop the collector. 

Three 0.17 mm coverslips (Deltalab, ES) were secured with adhesive tape following the middle 

axis of the aluminum foil rectangle. A rotary speed of 1000 rpm was used to obtain aligned fibers. 

The deposition time was 10 min and the applied voltage was 15 kV.  

3.2.5 Biomaterial morphology and calcium release characterization 

The calcium ions release profile of the PLA+NP25 was measured by preparing three 

electrospun coverslips and bonding them to a PDMS block (7 mm in height). A custom-made device 

based on a PDMS block with a 10 mm punch hole in the middle of the block, previously removing 

most of the fibers outside the punched area as explained in the previous section. 500 µl of culture 

media obtained mixing α-MEM and Endogro media at 1:1 were added to each device. Samples 

were kept inside 100 mm Petri dishes in a 5 % CO2 incubator at 37º C and the medium was 

replaced at different time points for a total period of 48 h. The calcium concentration of each 

replaced medium was obtained using the O-Cresophtalein complexone assay and measuring the 

absorbance of the samples using an Infinite M200 Pro plate reader (Tecan, CH). The shape of the 

fibers, previously coated with gold was featured using scanning electron microscopy with an 

electron source by field emission (NOVA Nano SEM 230, Fei Co., NL) at 10 kV. 
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3.2.6 Migration assays 

Cells were seeded in the microfluidic system either in monoculture or co-culture conditions 

(see Fig.7-c). In the first case, both cell chambers were loaded with a fibrin gel obtained by mixing 

a fibrinogen solution at 2.5 mg/ml with 1 U/ml of thrombin (both reagents from Sigma, DE). In 

the co-culture experiments, the migration chamber was loaded with acellular fibrin and the 

stromal one with a solution consisting of 10x106 cells ml-1, either resuspended in a fibrin gel (10 

µl) or directly seeded on top of the electrospun fibers. The devices were either incubated at 37 ºC 

for 15 min to allow for hydrogel polymerization or 1 h to allow BM-rMSCs to attach to the PLA 

fibers. The cells (just rEPCs in the case of co-culture conditions) were centrifuged and 

resuspended at a concentration of 1x106 cells ml-1 and seeded in the device by putting 50 µl in the 

upstream reservoir of one of the side channels and aspirating from the other end. The devices 

were then tilted 90º and incubated for 45 min to allow for cell attachment.  

In the case of the monoculture experiments, all reservoirs were filled with the regular cell 

media (approximately 150 μl/reservoir) and kept for 1 day under those conditions. During the 

next 2 days, the devices were either kept without supplementation or mixed with VEGF 

(Preprotech, US) at 100 ng ml-1 or CaCl2 (Sigma, DE) at 10 mM in the acellular channels. The 

media was changed every 15 h in order to reset the concentration gradient in the migration 

chamber. In the co-culture experiments, the media of both cell populations was mixed at a 1:1 

ratio, used during day 1 without supplementation (control) and for the next 2 days either in control 

conditions, supplemented with CaCl2 at 10 mM or supplemented with CaCl2 plus osteopontin 

neutralizing antibody (R&D Systems, MN, US) at 10 µg/ml. No changes of media were 

performed to avoid disrupting the gradient generated by the BM-rMSCs secretions. For 

biomaterial testing, no supplementation was used. In all cases, low serum (2 % FBS) conditions 

were considered. Each device was kept inside 100 mm Petri dishes in a 5 % CO2 incubator at 37 

º C. Three replicates were performed per experimental condition. 

3.2.7 Immunostaining and cell migration quantification 

The cells seeded in our microfluidic platform were fixed after 72 hours in culture with 4 % 

paraformaldehyde (Electron Microscopy Sciences, US) for 15 minutes after removing unreacted 

paraformaldehyde with sterile 1x PBS. After another 1x PBS washing, they were permeabilized 

with a Triton X-100 (Sigma, DE) solution at 0.1 % v/v in 1x PBS with glycine (Sigma, DE) at 

0.15 % w/v (PBS-gly) for 15 min. Then, cells were stained by incubating them at room 

temperature for 2 h with a rhodamine-phalloidin (Thermo Fisher, US) solution at 1:200 in PBS-

gly. A counterstaining for cell nuclei were also implemented by incubating 4′,6-diamidino-2-

phenylindole (DAPI, Thermo Fisher, US) at 1:1000 in PBS-gly for 10 min at room temperature. 
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Samples were then washed three times in PBS-gly and maintained at 4 ºC in the same solution 

until acquisition.  

Imaging was performed on a TCS SP-5 confocal microscope (Leica Microsystems, DE). Cell 

migration was quantified with a custom-made procedure using the software Image J-Fiji [71]. 

Briefly, the acquired images were projected as a z-stack (maximum intensity) and a reference line 

was drawn at half the microposts width (using the bright field channel) in order not to take into 

account any basal cell invasion of the gel. Then, the cartesian coordinates and the total number of 

migrated cells were automatically calculated from the DAPI channel using the 3D Objects 

Counter plugin [72]. The migrated distance of each cell was calculated as the difference between 

the x-coordinates (or y-coordinates depending on how the chip was placed) and corresponding 

coordinates of the reference line at half the microposts width. One representative image in the 

middle of the cell chamber (between rows 10 and 11) was taken per chip from a total of 3 

replicates in any experimental condition. Cell number was quantified only from the selected area. 

3.2.8 Proliferation and protein expression assays 

To perform the proliferation assay, 10x106 cells ml-1 were seeded in the stromal chamber and 

resuspended in fibrin gel (10 µl) as previously explained. The rest of the device was filled either 

with control media or media supplemented with CaCl2 at 10 mM (150 µl/reservoir). Cells were 

kept in culture for 3 days with a change of media after day 1. Proliferation was quantified by 

measuring the ratio of dsDNA in cell lysates using the PicoGreen kit at two-time points: 3 h after 

the initial seeding (to get an estimate of the initial amount of dsDNA) and after 3 days in culture. 

To obtain the lysates, cells were recovered from the devices after dissolving the fibrin gel by 

incubating with TrypLE (Thermo Fisher, US) for 45 min at 37 ºC in agitation. The cells were then 

centrifuged and resuspended in 300 µl of Tris-EDTA (Sigma, DE) and lysed by subjecting them 

to three freeze-thaw cycles. The PicoGreen assay was then performed following the 

manufacturer’s instructions. Fluorescence measurements were performed in an Infinite M200 Pro 

plate reader (Tecan, CH). Three replicates were performed per condition and time point.  

The conditioned media collected on day 3 from the devices seeded with BM-rMSC was used 

to measure the amount of OPN released by the cells. We also analyzed the conditioned media 

obtained on day 3 from the co-culture experiments using the biomaterials for several pro-

angiogenic and inflammatory proteins (IL-1β, IL-6, OPN, IGF-2). In both cases, protein 

expression was analyzed using an ELISA kit (R&D Systems, US) following the manufacturer’s 

instructions Absorbance measurements were performed in an Infinite M200 Pro plate reader 

(Tecan, CH). These values were normalized by the amount of dsDNA obtained for each of the 

samples. Three replicates were performed per experimental condition. 
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3.2.9 Statistical analysis 

Prism 8.3 software (GraphPad Software, US) was used to statistically treat all generated data., 

which was tested for normality and presented and analyzed with the mean and the standard 

deviation or the median and the quartile. For 2 samples comparison, Student’s t-test (unpaired, 

two-tailed distribution) was used, while for the multiple samples (unless otherwise specified) 

comparison with a one-way ANOVA was followed by a post-hoc Tukey’s test. Statistical 

significance was considered from p-value < 0.05 (*). 

3.3 Results and discussion 

3.3.1 Microfluidic platform allows the generation of 3D protein gradients 

 To demonstrate the possibility of generating a protein gradient inside the proposed 

microfluidic platform, we created and validated a finite element model of the device for the 

transport of diluted species using a 40 kDa dextran. We chose this molecular weight because its 

diffusion coefficient is really close to that of several pro-angiogenic proteins such as VEGF, 

representing a diffusivity analog of those molecules [69,73,74]. We compared the simulation 

results with the experimental values for different time points in a total interval of 15 h (see Fig.8-

a). It can be observed that the gradient becomes linear after approximately 2.5 h, with a 

progressive increase of the dextran concentration in the control channel from 0 to 0.125 µM 

(approximately 25 % of the maximum concentration), which can be reset by changing the media 

as previously explained in section 2.6. The average slope obtained in the finite element model 

when the gradient becomes linear (2.77 x 10- 4 µM µm-1) and the experimental one (2.88 x 10- 4 

µM µm-1) are not significantly different (p > 0.005), which indicates that the computational model 

is able to adequately predict the behavior of our system. It is important to highlight that protein 

binding to the gel, as well as blocking and consuming mechanisms related to the rEPC monolayer, 

were neglected in order to perform the comparisons. This means that the dextran profile does not 

exactly mimic the real protein gradient, although it gives us important insight into the diffusion 

mechanisms in our system.   

For the monoculture conditions, results obtained for the dextran experiments suggest that 

applying the VEGF at a concentration of 100 ng ml-1 would yield a linear gradient after about 2.5 

h with an average slope of approximately 55 ng ml-1 that can be maintained for at least 12 hours. 

In the case of Ca2+, it has been demonstrated that simple ions can freely diffuse in the high water 

content of the hydrogel [75], which implies that the gradient dissipates much faster. In fact, our 

simulations (see Fig.9) show that the calcium gradient dissipates over 1 h. However, the results 

presented in section 3.2 evidenced that this time interval is enough to activate cell migration  
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Figure 8 Finite element model of protein diffusion in microfluidic platform. (a) Comparison of the normalized 

concentration gradients obtained in the FEM simulations (solid lines) with the experimental fluorescence measurements 

(dotted lines) for different timepoints. (b) Computational model of the gradients generated by the BM-rMSC 

osteopontin secretions in the migration chamber for different timepoints. In both cases, the gradient profile corresponds 

to a transversal section of the cell chamber between rows of posts 10 and 11.  

In the case of co-culture conditions, we utilized the finite element simulation to address how 

OPN gradient could be generated from the stromal chamber into the migration chamber. The 
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results show (see Fig.7-b) that linear gradients are generated with increasingly steeper slopes with 

the time in culture. For instance, after 24 h the gradient is 2.36 ng ml-1 mm-1, increasing to 4.70 

ng ml-1 mm-1 after 48 h. These results are in the range of previously reported studies with 

encapsulated human lung fibroblasts (hLF) [76], suggesting that the dimensions of the device 

allow paracrine communication between rEPCs and BM-rMSCs.  

 

Figure 9 Finite element model of calcium chloride diffusion. Normalized concentration gradients obtained in the 

FEM simulations (solid lines) for different timepoints. In all cases, the gradient profile corresponds to a transversal 

section of the cell chamber between rows of posts 10 and 11.  

3.3.2 Validation of the microfluidic platform to study chemotaxis and 

proliferation of BM-rMSC and rEPC 

After evaluating the diffusive transport of bioactive molecules in our device, we performed 

several assays to demonstrate that the platform can be used to study the migration and 

proliferation of the cells of interest and evaluate the effects of calcium in their recruitment. Our 

results (see Fig.10-a,b) show that the creation of a calcium gradient in the migratory chamber is 

able to elicit a strong chemotactic response in BM-rMSCs in 3D, with a mean migrated distance 

of 124.7 ± 14.7 µm with respect to half of the microposts width (dashed line in Fig.10-a). This 

response is comparable to the one obtained using VEGF at 100 ng ml-1 (129.3 ± 6.7 µm), a growth 

factor that has been demonstrated to induce MSC mobilization via ERK- and FAK-depending 
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pathways [77]. In both cases, the migratory response is significantly higher than the control, in 

which the cells remain adhered to the wall without invading the gel. This data suggests that the 

transient calcium gradient, despite dissipating quickly, is enough to activate cell migration. The 

mean number of migrated cells is 28 ± 7 for CaCl2 and 32 ± 5 for VEGF, which reinforces the 

idea of their chemotactic potential. The dsDNA quantification shows an almost two-fold increase 

in cell proliferation (see Fig.10-c), which probably shows that after the induction of BM-rMSC 

migration starts the proliferation, as a process involved in physiological or pathological conditions 

such as the development of vasculogenesis/angiogenesis [78]. The obtained results seem to be in 

good agreement with previous experiments performed in 2D using Transwells, in which 

extracellular calcium also elicited a strong chemotactic response on these cells [66,79]. 

Regarding rEPCs, our results (see Fig.11-a,b) show that the mean migrated distance when 

cells are subjected to the transient calcium gradient (60.3 ± 13.6 µm) is not significantly higher 

than that obtained for the control conditions (49.0 ± 10.0 µm). However, when the gradient is 

generated using VEGF at 100 ng/ml (which is widely known to potently stimulate endothelial 

cells mobilization), the migrated distance (107.7 ± 3.6 µm) is significantly higher than in the 

aforementioned conditions. The mean number of migrated cells is 12 ± 5 for the control condition, 

10 ± 2 for the CaCl2, and 37 ± 10 for the VEGF. These results agree with the proliferation data 

obtained by dsDNA quantification (see Fig.11-c), as no significant differences were observed in 

calcium-treated media concerning the control condition. In this case, the obtained results are in 

contrast with previous 2D assays, in which a significant increase in chemotaxis was reported 

[65,80]. We believe that the observed differences can be due to the limitations related to 2D 

assays, such as the lack of 3D architecture or the use of thin artificial 2D polycarbonate 

membranes that poorly resemble the native extracellular matrix (ECM) [81]. It is important to 

highlight that we did not quantify the dsDNA for cell proliferation in the case of the VEGF 

because it is a well-known inducer of mitosis and proliferation of these cell types [82,83]. 

Previously presented microfluidic systems with similar architectures have demonstrated their 

superior performance to Transwells to study processes like cell migration or angiogenesis 

[84,85,86], as they allow to better control of the biophysical and biochemical microenvironment 

as well as offer the possibility to incorporate perfusion and monitor cell migration in real-time 

cell instead of relying only on end-point measurements [87]. 

Notice that migration assays on 2D culture plates or glass are usually not longer than 24 h. 

Our previous experiments showed low viability when they were conducted for up to 3 days. A 

concentration of 2 % of serum was used in order to maintain cell viability for several days. We 

considered that some proteins and growth factors might be present in very low concentrations, 

but the same amount of serum was used in all conditions. We assumed that optimal conditions 
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are serum-free, but in our case, after optimization, a reduced serum of 2 % was needed for 

conducting the experiments.  

 

Figure 10 Evaluation of migration and proliferation of BM-rMSC in 3D microfluidic assay. (a) Confocal images 

of BM-rMSC migration in three conditions: media with no supplementation (control), media supplemented with CaCl2 

at 10 mM and media supplemented with VEGF at 100 ng/ml. Cells were stained for F-actin (red), and cell nuclei (blue) 

after a total of 3 days in culture. (b) Analysis of the mean migrated distance and mean number of migrated cells with 

respect to the half of the microposts width (dotted white line in the microscopy images). (c) Proliferation index from 

the whole BM-rMSC 3D culture in the microfluidic devices. This index was obtained as the ratio of the dsDNA content 

of all the cells after 3 days in culture with respect to the initial amount. Results are expressed as mean ± standard 

deviation (n = 3) with *p < 0.05, **p < 0.01 and *p < 0.001 (evaluated with Student’s t-test).  
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Figure 11 Evaluation of migration and proliferation of rEPC in 3D microfluidic assay. (a) Confocal images of 

rEPC migration in three conditions: media with no supplementation (control), media supplemented with CaCl2 at 10 

mM and media supplemented with VEGF at 100 ng/ml. Cells were stained for F-actin (green), and cell nuclei (blue) 

after a total of 3 days in culture. (b) Analysis of the mean migrated distance and mean number of migrated cells with 

respect to the half of the microposts width (dotted white line in the microscopy images). (c) Proliferation index from 

the whole rEPC 3D culture in the microfluidic devices. This index was obtained as the ratio of the dsDNA content of 

all the cells after 3 days in culture with respect to the initial amount.  Results are expressed as mean ± standard deviation 

(n = 3) with *p < 0.05, **p < 0.01 and *p < 0.001 (evaluated with Student’s t-test).  

3.3.3 Calcium-releasing PLA scaffolds significantly increase rEPC recruitment 

compared to PLA controls in 3D microfluidic assay 

 Based on these previous results, we decided to assess the capacity of our platform to predict 

the recruitment of rEPCs using calcium-releasing biomaterials. To do so, we compared an 
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electrospun composite scaffold made of PLA with calcium phosphate nanoparticles with PLA 

controls (no calcium release). The chosen composite has been shown to induce a significant 

increase in vascularization compared to regular PLA in a subcutaneous mice model [88]. In those 

experiments, the optimal range of nanoparticle loading was established between 20-30 % (w/w), 

so we chose a ratio of 25 % (PLA+NP25) for our experiments.  

 

Figure 12 Biomaterial characterization. (a) Schematic representation of the electrospun fibers deposition in the 

stromal chamber of our device. (b) FESEM pictures showing the electrospun fibers morphology respectively. (c) 

Cumulative calcium release for the PLA fibers with CaP nanoparticles vs a regular PLA control for different timepoints 

(0 h, 3 h, 6 h, 9 h, 12 h, 24 h and 48 h). Results are expressed as mean ± standard deviation (n = 3). 

 To perform the assay, we electrospun the biomaterials in the stromal chamber (see Fig.12-a) 

and then seeded BM-rMSCs on top of the fibers to better recapitulate the bone microenvironment 
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(see Fig.13-a). In our study, we focused on paracrine signaling. Indeed, it has been shown that, 

in co-culture conditions where the different cell types are in direct contact, MSCs tend to wrap 

around the endothelial cells and differentiate into mural cells (mainly pericytes) [89,90]. We 

characterized the morphology of the fibers using SEM imaging (see Fig.12-b), which showed 

some differences in their arrangement, probably due to the formation of nanoparticle aggregates, 

which tend to induce a higher degree of disorder in the PLA+NP25 fibers. The cumulative calcium 

release profile in cell media (see Fig.12-c) was also evaluated, yielding a basal level of around 

1.5 mM in the PLA controls, which corresponds to the amount of CaCl2 already present in most 

cells culture media formulations. In the case of the PLA+NP25, the peak in the instantaneous 

release occurs between 3 and 4 h after immersion, while the cumulative amount of calcium 

reaches a maximum value of 7.25 ± 0.19 mM in around 10 h.  

 Notice that the calcium release of the scaffolds was measured using a custom-made device 

based on a PDMS block with a 10 mm punch hole in the middle in which the nanofibers were 

deposited. The total volume of culture media used in these experiments was 500 μl. We 

considered that the dimensions of the microfluidic devices couldn’t have a huge influence on the 

release profile of the nanofibers, as the amount of total media volume used in the chips is in the 

same order (≈500-600 μl) and the calcium diffuses really fast in the cell culture media (order of 

magnitude of 10-9 m2/s). 

 Regarding rEPCs’ migration (see Fig.13-c,d), we observed a significantly higher migration in 

the case of  PLA+NP25 with respect to the pure PLA controls, both in terms of the mean migrated 

distance (92.3 ± 5.0 µm vs 69.3 ± 11.2 µm) and the mean number of migrated cells (46 ± 13 vs 

12 ± 3). As previously shown, calcium per se does not affect rEPCs’ recruitment, so we checked 

for the release profile of a range of relevant pro-angiogenic and inflammatory proteins in BM-

rMSC monocultures seeded on top of the two different materials. We could observe a significant 

increase in the release of IL-1β (p ≤ 0.01), IL-6 (p ≤ 0.001), IGF-2 (p ≤ 0.05), and OPN (p ≤ 0.01) 

in the case of the PLA+NP25 in our 3D microfluidic assay (see Fig.13-b). We chose these proteins 

because some studies have reported that the use of elevated extracellular calcium caused an 

upregulation of some angiogenic genes such as those encoding insulin-like growth factors (IGF) 

[91]. Pro-inflammatory cytokines such as IL-1β or IL-6 have also been associated with scaffold 

vascularization processes. They cause the activation of the M1 macrophages phenotype, which 

secrete high levels of angiogenic growth factors (such as VEGF) and metalloproteases involved 

in vascular remodeling [92,93]. Osteopontin, a phosphorylated acidic RGD containing 

glycoprotein, was also considered in our analysis, as it is a prominent constituent of the bone 

matrix that has been associated with angiogenesis in tumor microenvironments [94]. 
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Figure 13 Evaluation of the biomaterial effects on rEPC and BM-rMSC in 3D microfluidic assay. (a) Schematic 

of the seeding conditions for the BM-rMSC in the stromal chamber on top of the electrospun fibers and confocal image 

of the actual seeded cells stained for F-actin (red), and cell nuclei (blue) after a total of 3 days in culture. (b) Total 

release of different pro-angiogenic and inflammatory cytokines (IL-1β, IL-6, OPN, IGF-2) in cell media by BM-rMSC 

for 3 days. (c) Schematic of the migration experiment with rEPC in co-culture conditions with the biomaterial and 

confocal microscopy images for PLA fiber with the CaP nanoparticles at 25 % w/w vs the regular control. Cells were 

stained for F-actin (green) and cell nuclei (blue) after a total of 3 days in culture. (d) Analysis of the mean migrated 

distance and mean number of migrated cells with respect to the half of the microposts width (dotted white line in the 

microscopy images). Results are presented as mean ± standard deviation (n = 3) with *p < 0.05 (Student’s t-test). 
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 To the best of our knowledge, few studies have addressed the study of biomaterials using 

microfluidic platforms so far. One of these works is focused on evaluating hyaluronic acid-based 

hydrogels by studying the resulting networks formed by the self-assembling of human-induced 

pluripotent stem cell-derived endothelial cells (hiPSC-ECs) [95]. The main drawback of this 

platform is that its applicability is limited to the evaluation of vasculogenesis in hydrogel-based 

materials, as performing migration studies or incorporating rigid scaffolds is not possible in the 

proposed device. Another recent study has also put forward a microfluidic platform to evaluate 

expanded polytetrafluoroethylene (ePTFE) membranes by assessing the capacity of a preformed 

vascular network composed of human umbilical vein endothelial cells (HUVEC) and human lung 

fibroblasts (hLF) to colonize it [96]. However, although being an excellent proof of concept 

showing how microfluidics can be used to test biomaterials, we consider that there are some 

drawbacks that limit its applicability, especially for bone tissue engineering applications. For 

instance, it relies on a complex fabrication process requiring specialized laser cutting equipment 

and the creation of U-shaped pieces to fit the membrane in the device, which can lead to problems 

of gap formation between the substrate and the membrane. Moreover, the direct growth of the 

cells in the material makes it difficult to discern the different variables at play (bioactive ion 

release, porosity, etc.). We believe that our platform offers a low-cost and more robust solution 

for the study of the experimental variables independently, something that is not achievable with 

the aforementioned microfluidic assays or other commonly used ex vivo or in vivo assays (such 

as the CAM assay), as it allows for the direct incorporation of the biomaterial scaffold (such as 

electrospun ones) without direct cell contact to study the process of cell migration towards the 

material.  

3.3.4 Calcium-mediated osteopontin secretion by BM-rMSC is one of the main 

signaling cues determining rEPC recruitment in microfluidic 3D assay 

Based on the previously presented results, we decided to further study the role of OPN in the 

recruitment of rEPCs, as its role in this process is widely unknown. To test the hypothesis of 

OPN-mediated EPCs recruitment, we performed a migration assay in co-culture conditions 

treating the calcium-conditioned media with an OPN inhibitor (anti-OPN antibody at 10 µg/ml). 

We validated the use of this strategy by checking that osteopontin levels in cell culture media 

were significantly increased when the cells were stimulated with high levels of extracellular 

calcium salt for two days but drastically reduced when treated with the inhibitor (see Fig.14-c). 

Regarding rEPCs migratory activity (see Fig.14-a-b), the travelled migrated distance in calcium-

treated media (104.3 ± 12.7 µm) was significantly higher than in the control condition (47.3 ± 5.0 

µm) but drastically reduced when the anti-OPN antibody was added to the media (72.3 ± 12.1 

µm). A decrease in the number of migrated cells was also observed when using the OPN inhibitor, 
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from 58 ± 5 to 35 ± 4, being this value still higher than the one obtained in the control condition 

(23 ± 4 cells).  

 
Figure 14 Evaluation of the osteopontin effect on rEPC migration in 3D microfluidic assay. (a) Confocal images 

of rEPC migration in three conditions: media with no supplementation (control), media supplemented with CaCl2 at 10 

mM and media supplemented with CaCl2 at 10 mM with an osteopontin inhibitor. Cells were stained for F-actin (green), 

and cell nuclei (blue) after a total of 3 days in culture. (b) Analysis of the mean migrated distance and mean number of 
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migrated cells with respect to the half of the microposts width (dotted white line in the microscopy images). (c) Total 

amount of osteopontin released by BM-rMSC 3D-cultured in the microfluidic devices for 3 days. Results are expressed 

as mean ± standard deviation (n = 3) with *p < 0.05, **p < 0.01 and *p < 0.001 (evaluated with Student’s t-test).  

These results are in line with several studies showing that the use of an anti-OPN antibody 

resulted in significant inhibition of angiogenesis in two different in vivo models (chick 

chorioallantoic membrane and corneal pocket assays), slowing down tumor progression [94,97]. 

Overall, our results suggest that calcium is not acting as a primary signal in rEPCs recruitment, 

but rather as a mediator in the secretion of chemotactic proteins by rBM-rMSCs. Among the 

secreted chemotactic proteins, we found that osteopontin may play an important role in the 

migration events of rEPCs. This supports the idea that the crosstalk between rEPCs and BM-

rMSCs is essential for the modulation of vascularization in bone healing [98,99] and that 

vasculogenesis and osteogenesis are closely linked [100]. Further studies should be performed to 

shed light on whether other key signals are also involved in the behavior of endothelial cells in 

angiogenic processes through cell crosstalking. 

3.4 Conclusions 

In this work, a novel 3D microfluidic assay to study the effects of calcium release on the 

recruitment of rEPCs is presented. We validated the functionality of the platform by evaluating 

the migration and proliferation in 3D of the two main cell types involved in this process (BM-

rMSCs and rEPCs, both derived from rat bone marrow), and the possibility to generate gradients 

of bioactive molecules using an experimentally-validated finite element model. We also 

confirmed the possibility to incorporate and study calcium-releasing scaffolds in the platform, 

showing a  significant increase in rEPCs’ recruitment when using a pro-angiogenic electrospun 

scaffold made of PLA with calcium phosphate nanoparticles with respect to regular PLA controls. 

We also evidenced the utility of the assay to evaluate signaling cues involved in rEPCs’ 

recruitment by studying the role of osteopontin in this process. The obtained results point to the 

central role of this protein in the calcium-mediated recruitment of rEPCs. Overall, we believe that 

the presented platform is an effective tool to evaluate and better understand the capacity of 

implant material candidates to recruit endogenous endothelial progenitors, a key step in the 

scaffold vascularization process. 
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4 
A Microphysiological System Combining 
Electrospun Fibers and Electrical 
Stimulation for the Maturation of Highly 
Anisotropic Cardiac Tissue 

The creation of cardiac tissue models for preclinical testing is still a non-solved problem in 

drug discovery, due to the limitations related to the in vitro replication of cardiac tissue 

complexity. Among these limitations, the difficulty of mimicking the functional properties of the 

myocardium due to the immaturity of the used cells hampers the obtention of reliable results that 

could be translated into human patients. In this chapter, start by introducing the current state of 

the art in microphysiological models of cardiac tissue to then describe our contribution to the 

field, based on a microfluidic platform that aims to provide a range of signaling cues to immature 

cardiac cells to drive them towards an adult phenotype. The device combines topographical 

electrospun nanofibers with electrical stimulation in a microfabricated system. We validated our 

platform using a co-culture of neonatal mouse cardiomyocytes and cardiac fibroblasts, showing 

that it allows us to control the degree of anisotropy of the cardiac tissue inside the microdevice in 

a cost-effective way. Moreover, a 3D computational model of the electrical field was created and 

validated to demonstrate that our platform can closely match the distribution obtained with the 

gold standard (planar electrode technology) using inexpensive rod-shaped biocompatible 

stainless-steel electrodes. The functionality of the electrical stimulation was shown to induce a 

higher expression of the tight junction protein Cx-43, as well as the upregulation of several key 

genes involved in conductive and structural cardiac properties. These results validate our platform 

as a powerful tool for the tissue engineering community due to its low cost, high imaging 

compatibility, versatility, and high-throughput configuration capabilities.



  Chapter 4 - MPS for the Maturation of Highly Anisotropic Cardiac Tissue 
 

 78 

4.1 Introduction to microphysiological models of cardiac tissue 

The development of microphysiological models has led to unprecedented advancements in the 

understanding of cardiac physiology [1]. Traditional in vitro models are unable to replicate the 

complex architecture of the heart muscle, in which tissue orientation and electromechanical 

stimuli play a critical role [2]. Animal models remain the golden standard for drug discovery and 

disease modelling, although it is widely recognized that they cannot accurately represent human 

physiology due to the differences in genetics and etiology (ion channel expression, particular 

mutations leading to cardiovascular disease, etc) [3]. The development of MPS and stem cell 

technology is opening new possibilities to create biomimetic human cardiac tissues, in which the 

different cues involved in tissue organization and maturation can be readily modelled [4].  

First developments in the field focused on improving the physiological relevance of 2D 

cardiac models. Traditional cell culturing in flasks or Petri dishes results in disorganized 

sarcomeric structure, low electrical action potentials and fetal-like phenotype in terms of 

metabolism and mitochondrial density, which leads to poorly-predictive drug responses [5]. Early 

MPS tried to address these by incorporating aligned topological features to mimic the high 

anisotropy of cardiac tissue. Some of the proposed techniques include microcontact printing [6,7] 

hydrogel patterning with microfluidic channels [8,9], microabrasion [10] or hot embossing [11]. 

Patterning was sometimes combined with electrical stimulation to drive CM maturation [10,11]. 

Most early studies have relied on the use of murine neonatal CMs, but the discovery of hiPSC has 

opened up the possibility to model actual human tissues [2]. Recent studies have shown improved 

sarcomeric organization, differentiation efficiency and physiological responses to well-

characterized drugs such as isoproterenol in two-dimensional MPS [12,13]. The main advantages 

of the 2D approach are related to its high-throughput capabilities for drug screening purposes [4]. 

However, these constructs display a lower degree of cell organization compared to 3D tissues, 

which results in a less mature phenotype [14]. 

Platforms based on 3D cardiac models are generally preferred, as they display more in vivo-

like cell-cell and cell-ECM communications, which is especially relevant for the cardiac 

constructs, as the contraction depends on an adequate electro-mechanical coupling [15]. Most of 

the current platforms should be seen as ventricle-on-a-chip, as the used CMs come from the 

ventricular chamber, due to the critical importance of ventricular dysfunction in heart failure [16]. 

The first example of a microphysiological system to model cardiac tissue was based on a cell 

culture platform with two Velcro-covered glass tubes that functioned as anchor points for a 

neonatal rat CMs suspension in collagen. These structures allowed cell attachment and 

compaction, resulting in a self-assembled tissue in which the static tension led to a high degree 

of alignment in the direction of the posts [17]. Further developments of this system resulted in a 
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change of the glass pillars for flexible PDMS microposts, whose bending could be related to the 

contraction dynamics of the tissue [18].  

 

Figure 15 Microphysiological systems to model cardiac tissue. (a) Muscle thin film created on top of a 3D printed 

strain sensor. (b) Elongated tissues formed by compaction within microgroove structures or (c) by spatial confinement 

in a chamber with perfusable microchannels. (d) Elongated tissues formed by self-assembling around double elastic 

force sensors. Adapted from [2]. 

Most of the subsequent studies have adopted this approach using pillars or wires to anchor the 

tissue and induce a high degree of anisotropy in 3D. For instance, a MPS used soft-lithography 

to generate a miniaturized I-shaped tissue with two rigid anchoring wires and a force sensor 



  Chapter 4 - MPS for the Maturation of Highly Anisotropic Cardiac Tissue 
 

 80 

located in the centre of the construct allowed to measure the contraction force [19]. Other 

geometries have also been proposed using soft-lithography techniques such as perfusable tubes 

[20]. Recently, a platform known as Biowire, which is made of polystyrene and two elastic wires 

as anchor points for the tissue, has been put forward as an innovative platform to move away from 

PDMS, which has problems related to hydrophobic compounds absorption [21]. Some different 

approaches to the anchoring structures have also been proposed, such as cardiac muscle thin films 

using multimaterial 3D printing, in which a highly conductive piezo-electric composite was 

embedded in a biocompatible surface for CM culturing, allowing for continuous contraction 

sensing [22]. As previously commented, the most important issue to be addressed in MPS is tissue 

maturation. Cells derived from hiPSC have many features of immature or fetal CM, such as a low 

percentage of binucleated cells, non-anisotropic distribution of tight junction proteins such as 

connexin-43 (Cx-43) which results in low conduction velocities, underdeveloped sarcomeres, or 

lack of a positive-force-frequency response [23-26] On top of that, mitochondria are less mature 

and numerous in hiPSC-CM, which is correlated to a metabolism mostly based on glycolysis, 

instead of β-oxidation of fatty acids as in adult CM [27]. However, it is possible to drive cell 

maturation using a variety of approaches. 

One of them is long-term culture (up to 6 months) has been shown to improve alignment, Z-

disc and action potential profiles [28]. The use of perfusion or dynamic cultures is another strategy 

that resulted in contraction forces and conduction velocities close to adult CM, as cells are 

exposed to higher nutrient availability and shear stress [29]. Biochemical conditioning such as β-

adrenergic stimulation has been shown to improve the force of contraction and cellular 

hypertrophy by upregulating structural proteins [30]. Co-culture of CM with stromal cells (such 

as cardiac fibroblasts) is essential to enhance properties such as cell morphology or conduction 

velocity [31]. Finally, important microenvironment cues such as static electromechanical 

stimulation highly improve different aspects of tissue development such as contractility or cell 

alignment [32-34]. Interestingly, recent studies have shown that subjecting the cardiac tissues to 

a ramping electrical pacing at a rate of 0.33 Hz/day to a maximum value of 6 Hz can lead to an 

adult-like phenotype in terms of calcium handling and action potential properties, positive force-

frequency response, T-tubule formation, sarcomere structures length and even the presence of M-

lines [35].  

Although most of the MPS work with ventricular tissues, there are a few recent studies focused 

on developing adult-like atrial models. These cells have different properties in terms of genetic, 

electrophysiology and structural proteins [36,37] For instance, atrial cells express the myosin light 

chain 2a (MLC2a), while ventricular ones express the MLC2v [36]. There are limited studies 

reporting atrial differentiation protocols [38], although some successful studies have been 
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performed using the Biowire platform, in which the atrial phenotype has been validated using 

drugs that specifically affect this cell type such as carbachol [21]. That study went even further 

to develop a heteropolar tissue, in which differential drug responses were observed on the atrial 

and ventricular sides [21]. Although the implantation of an atrioventricular conduction system 

(Purkinje fibers) is still needed, this approach opens unprecedented possibilities to evaluate 

chamber-specific drugs and avoid off-target effects [39]. Therefore, cardiac microphysiological 

platforms combined with stem cell technology are proving to be a highly promising way to test 

new drugs. Human iPSC-CM extracted from patients contain the disease-specific genotypes that 

lead to disease progression [31,40]. Genetic disorders can also be generated in healthy cells using 

genetic editing such as CRISPR [41]. Both monogenetic diseases, such as long QT syndrome 

caused by a mutation in the KCNQ1 gene leading to ventricular arrhythmias [42]. 

In this chapter, we report the development of an innovative MPS combining topographical 

signaling cues created with electrospun nanofibers with electrical stimulation in a microfabricated 

system. The significance of this work relies on the possibility to incorporate both cues in a robust, 

reproducible, and cost-effective system. The final device is conceived as an easy-to-use platform 

that can be of great value to the cardiac research community, due to its low cost, high imaging 

compatibility, versatility, and high-throughput configuration capabilities. To achieve this goal, 

we propose a method to deposit electrospun fibers on thin commercial coverslips and bond them 

to a microfluidic device made in polydimethylsiloxane (PDMS). We also characterized this 

substrate and developed an experimentally validated computational model of the device to 

optimize the best electrical stimulation configuration, in terms of magnitude and uniformity, in 

the cell chamber region. As proof of the functionality of the system, we co-cultured cardiac 

fibroblasts and cardiomyocytes from neonatal CD1 mice and quantified cell orientation and 

elongation by immunostaining for specific cardiac markers (such as troponin T). In addition, the 

maturation of the developed construct was analyzed using specific genes involved in the 

conductive and contractile properties of cardiac tissues by real-time polymerase chain reactions 

(qRT-PCR). 

4.2 Materials and methods 

4.2.1 Electrospinning and characterization of the nanofibers 

Poly-L/DL lactic acid 70/30 (PLA 70/30) (Purasorb PLDL 7038, viscosity 3.8 dl/g at 25 ºC, 

Purac Biomaterials, NL) was dissolved at 8 % w/w in 2,2,2-trifluoroethanol (99.8 %, Panreac, 

ES). To acquire fluorescent nanofibers, rhodamine B (Sigma, DE) was also added at a final non-

cytotoxic concentration of 0.01 % w/v. The solution was loaded into a 5 ml syringe (Becton-

Dickinson, US) and delivered through a 21-gauge blunt-tip needle (Nordson EFD, US) at a flow 
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rate of 0.5 ml/h using a syringe pump (NE-300, New Era Inc, USA). Fibers were electrospun 

using a high-voltage power supply (NanoNC, KR) onto a grounded stationary collector placed at 

a distance of 20 cm from the tip of the syringe. The collector was round in shape, with a diameter 

of 9 cm and around which we wrapped pieces of aluminum foil of 20x33 cm with three 0.17 mm 

coverslips (Deltalab, ES) secured with tape following the middle axis of the rectangle. To obtain 

randomly distributed fibers, the collector was kept static for 2 min and the power supply 

configured at 9 kV, while for the aligned fibers the collector was set at a rotating speed of 1000 

rpm for 6 min with a potential of 12 kV. A focusing ring-shaped electrode was also used in the 

latter case to restrict the deposition area of the electrospinning jet.  

The morphology of the fibers was assessed using a field emission scanning electron 

microscope (NOVA Nano SEM 230, Fei Co., NL) operating at 10 kV and covered with an ultra-

thin gold layer (10 nm) deposited by thermal evaporation (Univex 450B, Oerlikon Leybold 

Vacuum, DE). SEM images were processed in Image J (NIH, US) to obtain different parameters 

of interest. To obtain fiber alignment information, the Oval Profile ImageJ [43,44] plugin was 

used. Briefly, it performs an oval projection of the Fast Fourier Transform (FFT) of the images 

followed by a radial summation of the pixel intensities for each angle between 0 and 180º (as de 

FFT data are symmetric). The degree of alignment is reflected by the height and shape of the 

peak, which indicates the principal angle of orientation. The mean fiber diameter and the standard 

deviation were also assessed by performing 18 measurements on both random and aligned 

samples. Finally, the stiffness of the fibers was assessed by calculating the approached elastic 

modulus in a tensile strain assay using a Zwick-Roell Zwicki-line Z0.5TN universal testing 

machine (Zwick-Roell, DE) and a 10 N force cell. The number of replicates was 5 and the speed 

of assay was set to 10 mm/min.  

4.2.2 Device design and fabrication 

The microfluidic platform design (see Fig.16-a-c) consists of a main cell culture chamber 

(1300 µm wide, 8800 µm long, 150 µm high) flanked by two media channels (750 µm wide, 150 

µm high). There are also four 1.2 mm holes tangent to the media channels to place the rod-shaped 

electrodes needed to electrically stimulate the cardiac cells. Master molds, PDMS replicas, 

cleaning and bonding were performed following the same procedures as previously described in 

section 3.2.2. The diameter used for the holes in this device was 6 mm for the media reservoirs 

and 1.2 mm for the cell chamber inlets and electrode holes. As previously explained, the 

coverslips were patterned with electrospun nanofibers in either a random or aligned fashion. Due 

to the high hydrophobicity of the PLA 70/30 [45], we removed most of the unused deposited 

fibers before the plasma treatment with a stray wet in acetone, leaving just an area slightly bigger 

than the cell culture chamber. That way, the PDMS frame acted as a holder for the fibers, so they 
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remained in a fixed position. Finally, all the chips were thermally treated for 2 h at 85 ºC to 

stabilize the bonding. We were aware that the glass transition temperature (Tg) of PLA electrospun 

fibers ranges 57-58 ºC [46]. However, we did not observe any effect on the topography of the 

fibers. Then, all chips were sterilized by putting them under UV light for at least 30 min.  

 

Figure 16 Design and cell culture model of the microfluidic platform aimed at the generation and maturation of 

highly anisotropic cardiac tissue. (a) Schematic representation of the microfluidic device including the cell chamber 

(red), the media channels (blue), and the stimulation electrodes (dark gray). (b) Photo of the assembled microfluidic 

platform. (c) Detailed schematic view showing the patterned substrate created with electrospun fibers in the cell 

chamber and how the cardiac cells follow its orientation. (d) Timeline of the experiments. 
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4.2.3 Finite element modelling of the electrical field 

A computational model of our microfluidic platform was developed using the finite element 

method (FEM) to obtain the distribution and magnitude of the electric field. The area of interest 

considered corresponds to the cell chamber located between the two pairs of rod-like electrodes 

and in which the cells are seeded and grown as a monolayer (area ≈ 11.4 mm2). The 3D geometry 

of the device was divided into three different homogenous domains: (1) the fluid domain 

representing the culture medium, (2) the stainless-steel electrodes, and (3) the PDMS frame and 

posts, each with their respective electrical properties [47] (see table 1). 

Materials Conductivity (σ) [S/m] Permittivity (ε) 

Culture media 1.5 80.1 

PDMS 1*10-22 2.63 

Stainless steel 1.32*106 1.005 

Table 1 Electrical properties of the three domains within the MPS. 

The electric field distribution was computed with the software COMSOL Multiphysics 5.5 

(Comsol Inc., US). Numerical simulations were performed using the Electric Current interface, 

assuming direct-current (DC), steady-state conditions to solve Maxwell’s equations, for which 

the governing equation is: 

−∇. (𝜎∇𝐶 − 𝐽!) = 𝑄" 

Where V is the electric potential, σ is the electric conductivity, Je is the generated current 

density and Qi is the local current source. The electric field can be derived from the potential V 

obtained in the aforementioned equation as E= -∇V assuming electroquasistatic conditions. 

Regarding the boundary conditions, one pair of the stainless-steel electrodes were grounded, 

while the other pair was set to the different electric potentials. The electrospun-coated glass 

surface was considered an electrically insulating boundary condition. The geometry was 

discretized with a tetrahedral mesh with approximately 40.000 elements and calculated using a 

direct solver based on the PARDISO method. Mesh sensitivity studies were conducted to ensure 

consistency of the results.  

4.2.4 Validation of the electrical model 

In order to validate the computational model of the electrical stimulation, electrical signal 

recordings were performed in different places inside the microfluidic system. We used a variation 

of the design with the electrodes placed at 1 mm from the cell chamber inlets to avoid 
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measurement problems, such as the accidental contact of the voltage probe with the electrodes. 

To perform the measurements, holes were made during the fabrication of PDMS devices used for 

this test in three different positions of the cell chamber: (1) between the 2nd and 4th rows of posts 

starting from one of the inlets of the cell chamber, (2) between the 9th and 11th rows of posts from 

the chosen inlet and, (3) between the 2nd and 4th rows of posts starting from the opposing inlet. 

The chip was filled with PBS (100 μl/reservoir) and the stimulation electrodes were placed in 

their corresponding holes and connected to a function generator (Agilent 33250A, US) using a 

coaxial-alligator cable. One pair of electrodes on one side of the chamber was grounded, while in 

the other pair a biphasic wave was applied to range from -2.5 V during 1 ms to +2.5 V during 

another 1 ms (so Vpp = 5 V and the total duration of 2 ms). The frequency of the signal was set at 

1 Hz. To perform the measurements, a stainless-steel needle was connected to a digital 

oscilloscope (Keysight DSOX 3024T, US) and used as a voltage probe in each of the holes made 

in the device. The measurements were performed on a total of three independent devices. 

4.2.5 Isolation and seeding of mouse cardiac cells 

Cardiac primary cells were obtained from CD1 neonatal mice as previously described [48]. 

Hearts from 1-3-day-old mice were extracted and transferred on ice into a solution of PBS with 

20 mM 2,3-butanedione monoxime (BDM, Sigma, DE), where they were cleaned and minced 

into small pieces using curved scissors (approximately 0.5-1 mm3 or smaller). Then, tissue 

fragments underwent a predigestion step by incubating in a trypsin-EDTA solution at 0.25 % 

(Sigma, DE) with 4 μg/mL of DNase I and 20 mM BDM and subjected to 20-25 cycles of 

enzymatic digestion using collagenase II (Thermo Fisher, US) and dispase II (Sigma, DE) in L-

15 medium (Sigma, DE) with 20 mM BDM. Pooled supernatants were collected through a 70 μm 

nylon cell strainer (Corning, US) and centrifuged at 200 G for 10 min. The pellet was resuspended 

in DMEM containing 1 g/L glucose (Thermo Fisher, US) supplemented with a 19 % of M-199 

medium (Sigma, DE), 10 % horse serum (Sigma, DE), 5 % fetal bovine serum (Sigma, DE) and 

1% penicillin and streptomycin (Thermo Fisher, US). The cell suspension was plated into a cell 

culture dish in order to separate most of the non-myocytic cell fraction of the heart and avoid 

excessive proliferation in subsequent experiments. After 1 h of incubation, the supernatant 

containing a purified population of cardiomyocytes was collected in a 0.5 ml Eppendorf.  

4.2.6 Cell culture and electrical stimulation 

 Isolated cardiac cells were centrifuged and resuspended at a density of 20*106 cells/ml in 

culture media, which is composed of DMEM containing 4.5 g/L glucose (Thermo Fisher, US) 

supplemented with 17% of M-199 medium (Sigma, DE), 4 % horse serum (Sigma, DE) and 1% 

penicillin and streptomycin (Thermo Fisher, US). Before cell seeding, all devices were coated 

with porcine gelatin (Sigma, DE) at 0.5 % w/v in distilled water for 1 h at 37 ºC. Approximately 
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10 μl of the cell suspension (~200.000 cells/device) were injected into the microfluidic system 

and incubated at 37 ºC for approximately 4 h to allow cell attachment. Then, the chip channels 

were hydrated by adding 60 μl of cell culture media in each of the reservoirs on one side of the 

chamber and gently aspirating from the other end with a 1 ml pipette with the tip cut to fit the size 

of the reservoirs. Finally, each reservoir was filled with medium (approximately 120 μl), and each 

chip was kept inside a 100 mm Petri dish in a 37º C, 5 % CO2 incubator with daily changes of 

media for the duration of the experiment (7 days).  

 Electrical stimulation was started on day 3 to provide cells with enough time to recover from 

the isolation procedure. To apply the stimulation, AISI 304 stainless steel electrodes were made 

by machining 20G microlance needles (Becton Dickinson, US), yielding cylinders of 0.86-0.92 

mm in diameter and 2 cm in length, which fitted into the 1 mm dedicated holes of the device. An 

alligator clip was clamped to each pair of electrodes and then connected to a coaxial-alligator 

cable coming from a function generator (Agilent 33250A, US). A small groove was machined in 

the Petri dishes to easily take the cables out. A biphasic wave of Vpp = 5 V, 2 ms in width, and a 

frequency of 1 Hz was applied, which are the recommended parameters according to the most 

established protocols [49,50]. The electrical stimulation was maintained for 5 days before the 

final readouts (see the experimental timeline in Fig.18-d). 

4.2.7 Immunostaining and quantification of cell alignment and Cx-43 

expression 

 Cardiac cells were fixed after 7 days in culture with 4 % paraformaldehyde (Electron 

Microscopy Sciences, US) for 15 minutes after washing cells twice with sterile 1x PBS. Then, 

they were washed again with 1x PBS and permeabilized with a solution of Triton X-100 (Sigma, 

DE) at 0.1 % v/v in 1x PBS with glycine (Sigma, DE) at 0.15 % w/v (PBS-gly) for 15 min. After 

that, cells were treated for 2 h with a blocking solution of bovine serum albumin (Sigma, DE) at 

5 % w/v in PBS-gly to prevent non-specific antibody bindings. Samples were then incubated 

overnight at 4 ºC with rabbit polyclonal antibody against connexin-43 (Abcam ab11370, UK) 

(1:400) in blocking solution and mouse monoclonal antibody against cardiac troponin T (Abcam 

ab8295, UK) (1:200). The next day, samples were incubated for 2 h at room temperature with 

Alexa 488 against mouse antibody (Abcam ab150117, UK) and Alexa 635 against a rabbit 

antibody (Thermo Fisher, US), both at 1:200 in blocking solution. A counterstaining for cell 

nuclei were also performed by incubating DAPI (Thermo Fisher, US) (1:1000) in PBS-gly for 10 

min at room temperature. Samples were then rinsed three times in PBS-gly and maintained at 4 

ºC in the same solution until image acquisition.  

 Imaging was performed on a Leica Thunder fluorescence microscope (Leica Microsystems, 

DE) with the same acquisition parameters for all the samples (exposure time, LED power, etc.) 
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and the obtained images were processed using Image J software [45] (NIH, US). To quantify cell 

alignment, we used the plugin Orientation J to obtain the orientation and isotropy properties of 

the images based on the evaluation of the gradient structure tensor [51]. The expression of the 

protein connexin-43 was also estimated from the acquired images. Briefly, the procedure consists 

of removing the background illumination of the DAPI and Cx-43 images, converting them to 

grayscale, and then binarizing them by applying automated thresholding based on the Otsu 

method. Finally, the number of objects for each image is labeled and counted using the Analyze 

Particles plugin of Image J. The amount of Cx-43 dots is divided by the number of cell nuclei, 

which results in a normalized core for the quantity of gap junction proteins per cell. Two images 

per device from a total of three replicates were considered for each of the two experimental 

conditions (random fibers without electrical stimulation and aligned fibers with electrical 

stimulation). 

4.2.8 Real-time quantitative PCR 

qRT-PCR analyses were performed for a range of cardiac markers using the StepOnePlus RT-

PCR System (AB Applied Biosystems Life Technologies, US). To isolate RNA from our 

microfluidic system, cells were thoroughly washed with sterile 1x PBS (five washing steps with 

4 min intervals of incubation) to remove all traits of phenol red present in the cell culture media 

and avoid further interference in downstream reactions. Then, a buffer provided in the RNeasy 

Plus Micro kit (Qiagen, NL) was used to lyse the cells (60 μl per upstream reservoir followed by 

a 5 min incubation). The lysate was then collected from one of the cell chamber inlets into a 0.5 

Eppendorf vial and homogenized vortexing it for 1 min. The remaining isolation steps were 

performed following the manufacturer’s protocols, including the removal of gDNA. The quality 

and concentration of the extracted RNA samples were assessed using a Nanodrop 1000 

spectrophotometer (Thermo Fisher, US). After this step, the RNA was transcribed into cDNA 

using the RT2 First Strand Kit (Qiagen, NL) and real-time PCR was performed with the RT2 

SYBR Green Mastermix (Qiagen, NL) following the manufacturer’s protocols. Specific primers 

for amplifying TNNI3, GJA1, and MYH6, MYH7, and housekeeping gene R18S were used 

(Qiagen, NL). Data obtained by qRT-PCR were analyzed using the ΔΔCt method. Two replicates 

were considered for each of the experimental conditions (aligned fibers with and without 

electrical stimulation), each one using the RNA harvested from just a single microfluidic device. 

4.2.9 Statistical analysis 

All data were statistically analyzed following the same procedure as presented in section 3.2.9. 
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4.3 Results and discussion 

4.3.1 Fabrication of microfluidic devices with nanopatterned substrates 

Our results show that the electrospinning of nanofibers is an effective way to generate either 

random or aligned nanotopographies for microfluidic devices, as observed in SEM micrographs 

(Fig.17-a,b). The differences in fiber orientation were quantified by performing an FFT analysis 

and radial summation of the oval profile of SEM images. A clear peak at 90º can be observed for 

the aligned fibers (Fig.17-c) while a random distribution at different angles is seen for the 

randomly distributed ones (Fig.17-d). A series of different electrospinning parameters were tested 

till the optimal configuration was found, which yielded continuous and homogenous fiber 

thicknesses of 1702.3 ± 128.9 nm for the random fibers and 697.3 ± 30.9 nm for the aligned ones 

(Fig.17-e) with no bead content. The approached elastic modulus was isotropic for the random 

nanofibers, with a mean value of 21.1 ± 3.9 MPa, while for the aligned ones the value in the 

direction of the fibers was 516.5 ± 80.3 MPa (Fig.17-f). 

A robust method to incorporate the electrospun substrates into our microfluidic system was 

also developed. As the high hydrophobicity of the PLA fibers (~130º) [47] hampers the bonding 

process of the coverslips to the PDMS devices, we carefully removed most of them from the 

substrate with a stray bathed in acetone, leaving only a small rectangle slightly bigger than the 

cell chamber (around 2 cm wide and 10 cm long). This allowed the PDMS frame to hang on and 

fix the fibers preventing their detachment from the coverslip when immersed in cell media. The 

bonding process could be successfully performed for all the experiments, and we did not observe 

any leakage of media during cell culturing within the devices. Another advantage of using PDMS 

as a frame is its transparency, which together with the fact that we use thin coverslips as substrates 

(0.17 mm) and low thickness electrospun layers (~12 μm), makes our device compatible with 

high-resolution imaging platforms such as confocal microscopes. 

Overall, we consider electrospinning to be a much more robust, reproducible, cost-effective, 

and scalable approach to generate nanopatterned substrates for microfluidic chips than previously 

presented methods such as microcontact printing [7,52,53], hydrogel patterning with microfluidic 

channels [8,9], or hot embossing [11]. It is a single-step procedure performed with commonly 

used equipment (such as pumps, or a  high voltage source) while previously used techniques are 

multistep and require expensive microfabricated molds generally obtained through 

photolithography. It also offers high versatility, as it is possible to easily customize many different 

fabrication parameters such as fiber orientation, thickness, length, positioning density or type of 

polymer material (natural, synthetic, or blended) [54-56]. In our case, we chose PLA 70/30 due 
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to its excellent biocompatibility and cell adhesion properties observed in previous works from 

our group [45,57]. 

 

Figure 17 Electrospun fibers characterization. (a,b) Field emission scanning electron microscopy (SEM) images 

showing the morphology of the aligned and random fibers respectively. (c,d) FFT analysis of the nanofiber orientation 

based on the SEM images. (e) Mean nanofiber diameter for each of the conformations. (f) Characteristic stress-strain 

curves were obtained for the tensile mechanical assay of each sample type. Scale bar in (a,b) = 20 µm. Data in (e) 

expressed as mean ± standard deviation (n = 18) with ****p < 0.0001 (evaluated with Student’s t-test).  

 The mechanical strength and chemical stability of this material make it compatible with 

procedures such as plasma bonding or UV light sterilization, which is an important limitation of 

the techniques that rely on natural polymers such as collagen, which tend to collapse due to their 
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low ultimate strength and undergo degradation when exposed to UV light [58]. Finally, our device 

can also be easily customized to incorporate perfusion by changing the size of the reservoirs and 

connecting it to a pumping system by using the appropriate tubing. This is something that cannot 

be easily addressed in most of the previously presented methods, which generally rely on systems 

placed inside well-plates or Petri dishes [10,11,59,60], in which incorporating perfusion is not 

even an option. 

4.3.2 Electrical stimulation model of the microfluidic system 

The development of a reliable electrical model for our platform is essential in order to 

demonstrate that our approach can generate the required conditions to optimally stimulate cardiac 

cells. It is generally considered that a uniform electrical field of 5 V/cm, 2 ms in duration, and 1 

Hz in frequency can mimic the characteristics of the electrical impulses in murine native 

myocardium [59]. After performing some preliminary testing, we found that placing the 

electrodes tangent to the media channels and aligned with cell chamber inlets yields the best trade-

off between design simplicity and maximizing the electrical field strength in the cell chamber. 

Then, we evaluated the possibility of performing the stimulation using just two rod-shaped 

electrodes at each end of the chamber. Unfortunately, we found that this was not a suitable 

approach, as the generated field was not homogeneous because the x-components (corresponding 

to cell chamber width direction) did not cancel each other (see Fig.18-a).  

 

Figure 18 Electrical finite element model results for preliminary evaluation of stimulation approaches. (a) Layout 

and materials composing the different parts of the system and electrical field intensity corresponding to the longitudinal 

section decomposed in its different components (x,y,z) for the two stainless steel electrodes configuration. (b) Layout, 

materials and electrical field intensity for the planar gold electrodes configuration. The red line indicates the section 

across which the electrical field was computed (z = 75 µm). All results were calculated for an input voltage of 5 Vpp. 
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To solve this problem, we introduced two extra electrodes placed symmetrically at each end 

of the chamber (see Fig.19-a), which proved to completely remove the x-component (see Fig.19-

b). This makes the field to be completely homogenous in the length direction (y-component) for 

most of the cell chamber, with the logical perturbations around the PDMS posts structures due to 

the insulator properties of this polymer. This is further confirmed by observing the field lines 

(Fig.19-c), which show that the current flow goes completely in the electrode-electrode direction 

(matching also with the alignment of the electrospun fibers). This is an important point, as it has 

been shown that cardiomyocytes are more excitable when their long axis is parallel to the 

electrical field lines [59,61], so the electrical field should ideally go in the same direction as the 

contact cues. Another interesting point is that the required input voltage to generate a field of 

around 5 V/cm is significantly lower in the case of the four-electrode configuration (around 5 V) 

than in the two-electrode one (around 8 V). In both cases, we observed that the z-component is 

zero, which means that the homogeneity is maintained for all the height of the chamber. 

Regarding the validity of the simulations, we have to consider that they are performed under 

steady-state conditions. Any bioreactor using solid electrodes to apply electrical stimulation has 

a dynamic electrical behavior that derives from the way the charge is transduced into the 

electrolyte (generally cell media). This process occurs via reversible and non-reversible faradaic 

reactions and the non-faradaic charging/discharging of the double layer formed in the 

electrode/electrolyte interface [50]. In our case, we consider the steady-state conditions as an 

electroquasistatic approximation of the dynamic electrical behavior of the system, which gives us 

detailed spatial information rather than a description of the time evolution of the system. This is 

a valid assumption when considering homogenous, isotropic media, and wavelengths under 10 

kHz [49,60], all of which are fulfilled in our experiment.  

To make sure that the developed electrical model is able to predict the actual electrical field 

distribution in our device, we compared the theoretical voltage curve obtained in the simulations 

with experimental measurements performed in three different positions inside the cell chamber 

(see Fig.20-a,c). The pulse characteristics were the same as in the cell stimulation protocol: 

biphasic wave with an amplitude of 5 Vpp, 2 ms in duration, and 1 Hz in frequency. We evidenced 

that the experimental measurements perfectly matched the theoretical curves with minimal 

differences between devices (see Fig.20-b). For the first position (approximately 1408 μm from 

the start of the cell chamber) we measured a value of 3.31 ± 0.03 V, which is close to the 3.28 V 

estimated in the finite element simulation. For the second and third positions (4208 μm and 7008 

μm respectively from the chamber inlet) we obtained values of 2.55 ± 0.03 V and 1.77 ± 0.02 V 

which also matched the estimated simulation values of 2.52 V and 1.72 V. 
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Figure 19 Electrical finite element model results. (a) Layout and materials composing the different parts of the 

system: the cell chamber filled with culture media, PDMS frame and posts, and four stainless-steel electrodes. The red 

line indicates the section across which the electrical field was computed (z = 75 µm). (b) Electrical field intensity 

corresponding to the longitudinal section previously indicated decomposed in its different components (x,y,z) for an 

input voltage of 5 Vpp. (c) Electrical field vectors in a cross-section of the cell chamber (z = 75 µm), indicative of the 

direction of current flow.  

4.3.3 Comparison of the developed system to “gold standard” planar electrodes 

The use of rod-shaped carbon electrodes is the most common approach to stimulate cardiac 

cells in macroscale platforms, due to their excellent properties in terms of biocompatibility and 

injected charge (95 % of charge is transduced into the bioreactor during the stimulus pulse) [49]. 

However, they cannot be easily integrated into microfluidic platforms because of their poor 

mechanical properties. The most common approach to stimulate this type of cell in microsize 

devices is the deposition of planar microelectrodes on fixed positions of the substrate [11,60].  



  Chapter 4 - MPS for the Maturation of Highly Anisotropic Cardiac Tissue 
 

 93 

 

Figure 20 Electrical characterization of the device. (a) The experimental setup used to perform the voltage 

measurements. (b) Comparison of the theoretical curve obtained in the FEM simulations for the electrical potential 

concerning the experimental voltage measurements (red dots). (c) Schematic of the device showing the section for 

which the electric potential was calculated in the simulations (z = 75) and the three holes performed in the cell chamber 

of the device to obtain the experimental measurements. Experimental data in (b) expressed as mean ± standard deviation 

(n = 3). Note that the error bars cannot be seen because of the really small deviations: ± 0.03 V for points number 1,2 

and ± 0.02 for point number 3. 

Since this approach is considered the gold standard, we compared our system to an equivalent 

version in which planar electrodes were used. To that end, we performed a simulation considering 

the patterning of two rectangular gold electrodes (120 μm in width and 800 nm in height based 
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on the parameters from a previously proposed system [11]) in the same position as the rod-shaped 

stainless-steel ones (aligned with the cell chamber inlets).  

The results of the simulation (Fig.18-b) show that the planar electrodes require just a slightly 

lower input voltage (around 4.6 V) to generate the 5 V/cm field compared to the four-electrode 

configuration (~5 V). Another difference is that the field is completely homogenous for all the 

length of the chamber, while in the 4-electrode configuration there is a slope to reach and drop 

from the 5 V/cm value for approximately the first and last millimeter of the chamber. However, 

the use of planar electrodes has many limitations: its microfabrication is generally a complex 

procedure requiring expensive equipment (such as photolithography mask aligners or 

evaporators) and materials (gold, platinum, etc.) with the resulting devices being generally not 

reusable due to the irreversible nature of the bonding process. Moreover, their planar nature may 

not ensure the uniformity of the electrical field throughout the different heights [62], which is 

critical in case a 3D culture is performed. 

4.3.4 Generation of highly anisotropic cardiac tissue with improved maturation 

Cardiac cells were seeded on our MPS to evaluate tissue alignment and maturation after 7 days 

in culture (5 of which were under electrical stimulation). In the case of the randomly deposited 

fibers, the distribution of the cardiomyocyte contractile proteins was completely isotropic, 

showing no preferential angle of orientation (Fig.21-a,c), while in the case of the aligned ones, 

the cells are polarized in the direction of the nanofibers (0º) with a small deviation of ± 5º (Fig.21-

b,c). Cells were also clearly more elongated in the aligned fibers, acquiring a fusiform shape that 

closely mimics the morphology of cardiomyocytes found in native myocardium [20]. From the 

electrospinning variables, the used fiber density is probably the main regulator of the resulting 

tissue architecture, as it drives two processes: the first step during cell seeding and attachment, in 

which the fibers provide contact guidance, and the second step of intercellular guidance caused 

by the growth and close interaction of neighboring cells [54]. High fiber densities are 

recommended to obtain optimal ordering, co-alignment, and elongation of cardiac cells, so we 

made sure to completely fulfill this requirement by depositing around 1160 fibers/mm. This is 

also beneficial in terms of generating a nanoscale topography with a high specific surface area, 

which is essential for optimal cell attachment and growth [55].  

Cardiomyocytes formed confluent cell monolayers capable of spontaneously contracting on 

top of the nanofibers. This is in line with previous studies that show that thin meshes provide 

contact guidance and oriented growth to the cells while still allowing some degree of cellular 

contraction [54].  
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Figure 21 Immunofluorescence staining of the cardiac tissue and quantification of orientation and gap junctional 

proteins expression. (a) Fluorescent microscope images of the random electrospun fibers containing rhodamine B 

(red) and the cardiomyocytes seeded on top stained for the contractile protein troponin T (green), gap junctional protein 

connexin-43 (red), and cell nuclei (blue) after 7 days in regular culture. (b) Fluorescent microscope images of the 

aligned electrospun fibers containing rhodamine B (red) and the cardiomyocytes seeded on top stained for the 

contractile protein troponin T (green), gap junctional protein connexin-43 (red), and cell nuclei (blue) after 7 days in 

culture (5 of them with electrical stimulation). Scale bar in (a,b) = 40 µm (20 µm in magnification view). (c) Polar plot 

of the differences in the orientation between the cardiomyocytes seeded on top of the aligned vs random electrospun 

substrates. Results represent the normalized mean values distribution (n = 6) for different angles between -90º to 90º. 

(d) Analysis of the number of measured Cx-43 gap junctional protein (Cx-43) dots per cell. Results are expressed as 

mean ± standard deviation (n = 6) with *p < 0.05 (evaluated with Student’s t-test).  

Compared with previously presented microsystems, which are generally based on the 

microfabrication of geometries not naturally occurring in vivo, such as rectangular lanes made of 

different materials [7-11], nanofibrous scaffolds have the advantage of providing a much more 

physiologically relevant environment for cardiac cells as they closely resemble the native fibrous 

network of the extracellular matrix of the heart [63]. One important consideration is that the 

stiffness of the PLA fibers is several orders of magnitude higher than the physiological range for 
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neonatal mice [64] (around 4-11.4 kPa) or human [21] (10-500 kPa) myocardium, which has been 

shown to increase cardiac fibroblasts proliferation [64]. An overgrowth of fibroblasts may 

compromise the generation of a confluent contractile monolayer due to the limited proliferative 

capacity of the cardiomyocytes. Therefore, during the isolation procedure, we made sure that the 

cardiac cell population was highly enriched in cardiomyocytes, and cells were seeded at high 

densities (20*106 cells/ml). The complete removal of fibroblasts, however, is not recommended, 

as their presence has been demonstrated to significantly improve the morphological and 

functional properties of the resulting cardiac constructs [65,66].  

As previously described, we also incorporated electrical stimulation into our system. We 

selected AISI 304 stainless steel electrodes due to their excellent biocompatibility, mechanical 

properties, and charge transfer characteristics from the electrode to the cell media (75 % of 

injected charge) [49]. One common concern about the use of these electrodes is that they are more 

susceptible to faradaic reactions than carbon electrodes because they leave a higher amount of 

unrecovered electrical charge, which makes them more likely to undergo corrosion and generate 

harmful byproducts [67]. However, this can be easily minimized using an adequate stimulation 

protocol. First,  short pulses (2 ms in duration) are enough to excite cardiac cells while sufficiently 

short to dissipate double layer effects on the electrodes between subsequent pulses [50]. 

Additionally, the use of biphasic waves is an effective way to balance the charge and counteract 

the irreversible reactions happening at the interface of the electrodes and culture medium, which 

leads to an accumulation of charge with undesirable side effects (electrolysis, pH gradients, etc.) 

[68]. We successfully implemented this approach in our platform, as we did not observe any 

bubble formation at the electrode sites or changes in the color of the phenol red present in the 

medium during the time of culture. Moreover, with the daily change of media, we made sure that 

we eliminated any potential accumulation of byproducts that may have formed during the 

stimulation. As previously commented, cardiomyocytes tend to align parallel to the direction of 

the electrical field lines [59,61], while the fibroblasts strongly orient perpendicularly to the field 

lines, especially when DC is used [18,59]. However, previous studies have shown that the use of 

topographical cues saturates the cellular signaling pathways leading to cellular orientation 

[10,11]. As a result, the use of electrical stimulation would fail to promote further cellular 

elongation. Therefore, the main goal of incorporating electrical cues in our platform is to enhance 

the development of conductive and contractile properties of the cardiac constructs. This is an 

important feature, as it has been shown that electrospun fibers alone have a limited effect on 

cardiomyocyte maturation [69]. One of the most important points in this regard is the 

development of cardiac gap junctions, which are transmembrane intercellular channels that enable 

the propagation of electrical signals across the cardiac tissue and, subsequently, the activation and 

development of the contractile apparatus [70]. Immunofluorescence analyses show a moderate 
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but significant increase for connexin-43 (Cx-43, the major cardiac gap junctional protein in heart 

tissue) in the stimulated tissues compared to the controls (Fig.21-d). Interestingly, their 

distribution also shows a clear trend from being randomly dispersed in the cytosol in the case of 

the unstimulated controls (Fig.21-a) to a progressive localization in the membrane border of the 

elongated cells in the stimulated ones (Fig.21-b), which is widely considered to be their functional 

location in adult cardiomyocytes [71].  

Several factors were taken into account to achieve an enhanced expression and localization of 

this protein. First, it has been evidenced that the optimal time to start the electrical stimulation is 

between 1-3 days after cell seeding [50]. If applied too early, cells will not have time to recover 

from the isolation process, and the production and reassembling of conductive proteins will be 

inhibited, leading to poor contractile behavior. On the other hand, if applied too late the effects 

of the stimulation will be minimal due to the reduced amount of contractile properties available 

in the cells [59]. Additionally, the use of biphasic pulses has been shown to yield better functional 

and structural properties in cardiac constructs compared to monophasic pulses [72]. This is 

attributed to the synergistic effect of the two phases of the pulses, with the first one acting as 

conditioning subthreshold prepulse and the second phase as an excitatory pulse [73].  

We further studied the effects of our electrical stimulation setup in driving cell maturation by 

analyzing the transcriptional expression of several key cardiac markers. On the one hand, we 

focused on the development of functional gap junctions and cell-to-cell coupling by analyzing the 

GJA1 gene, which encodes the connexin-43 protein. We observed a 2.5-fold increase in the 

expression of this gene in the electrically stimulated samples compared to the unstimulated 

controls (Fig.22-a), which closely agrees with the Cx-43 expressed at the protein level and 

supports the idea that electrical stimulation is the main factor enhancing cell maturation. We also 

evaluated the development of the contractile apparatus by quantifying the TNNI3 gene, which 

encodes cardiac troponin I, a key component of the actin-based thin filaments. Interestingly, we 

found a 7-fold increase in the expression of this gene compared to the unstimulated samples 

(Fig.22-b). This result suggests a higher degree of maturation, as this isoform of the troponin is 

often associated with an adult phenotype [70]. The values obtained for both the TNNI3 and GJA1  

are in the range reported for macroscale bioreactors [74], showing the capabilities of our 

miniaturized system in achieving similar degrees of maturation to much more complex and costly 

setups.   

We also evaluated MYH6 and MYH7 genes, which respectively encode the α-(fast) and β- 

(slow) heavy chain subunits of the cardiac myosin. The β-subunit is associated with a more adult-

like phenotype, while the α-subunit tends to be higher in a fetal stage [75]. Therefore, it is 

important to quantify the β-MHC/α-MHC ratio, as it increases with the developmental stage [70]. 
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We found lower levels in the expression of MYH7 concerning MYH6 in electrically stimulated 

samples compared to controls (Fig.22-c). We believe that this fact is derived from the limitations 

of the 2D configuration, as these proteins are more dependent on mechanotransduction pathways 

than troponin for their development [76,77]. In 2D setups, the use of high stiffness substrates 

prevents the same level of contraction and remodeling as in highly compliant 3D scaffolds, which 

leads to some degree of degradation and decrease in the synthesis of sarcomeric proteins [78]. 

 
Figure 22 RT-qPCR analysis of the transcriptional expression of different cardiac markers. (a) Connexin-43 

(encoded by GJA1 gene), (b) Troponin I (encoded by TNNI3 gene) and (c) ratio between myosin heavy chain alfa and 

beta isoforms (encoded by the MYH7 and MYH6 genes respectively). Gene expression values are computed as fold 

changes using the ΔCt method and expressed as a ratio concerning the control condition. 

4.4 Conclusions 

In this study, we present a microfluidic cell culture system able to generate a highly biomimetic 

2D cardiac tissue by incorporating topographical and electrical cues more simply and efficiently 

than previously reported platforms, representing a useful tool for tissue engineering community. 

We describe a method to generate electrospun-coated substrates in closed microdevices and 

validate its potential to consistently yield highly anisotropic cardiac microtissues. Moreover, we 
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describe a simple and cost-effective strategy to place electrodes in a microfluidic system. An 

experimentally validated finite element model of our device shows that this approach is able to 

generate electrical fields with a magnitude comparable to the golden standard based on planar 

electrodes with similar input voltages. The functionality of the electrical setup for the maturation 

of the cardiac constructs is also evidenced by the upregulation of key cardiac genes related to the 

contractile apparatus (troponin I) and conductive properties (upregulation of tight junctional 

protein Cx-43 at both gene and protein level). Nevertheless, some limitations related to the high 

stiffness of the 2D substrate are also observed, which leads to a slight decrease in the ratio of β-

MHC/α-MHC ratio, often related to a more immature phenotype. Further work is therefore 

required to address this issue by implementing more compliant substrates that allow a higher 

degree of remodeling. 
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5 
Development of a 3D Human-derived Model 
of Cardiac Ischemia-Reperfusion Injury 

Ischemic heart disease, also known as myocardial infarction (MI) is the most prevalent cardiac 

disease, accounting for more than 30 % of all global deaths. Despite the devastating consequences 

of this disease, current clinical treatments are highly limited, mainly due to the lack of adequate 

preclinical models to investigate cardioprotective or regenerative strategies. Most of these models 

are based on animal experiments, which have been widely recognized to fail in reliably predicting 

the actual human response. In this chapter, we start by introducing the current state of the art in 

preclinical models for myocardial infarction to then describe our proposal to model in vitro a 

cardiac ischemia-reperfusion injury (IRI) using a novel microfluidic device architecture to co-

culture human pluripotent stem-cell derived cardiomyocytes (hPSC-CM) and primary human 

cardiac fibroblasts (hCF) in 3D. The devices were assembled by bonding polydimethylsiloxane 

(PDMS) replicates obtained from micromilled polymethyl methacrylate (PMMA) master moulds 

to ultra-thin glass coverslips. A preliminary screening using 2D hPSC-CM monolayers is 

presented to investigate the media composition and cycle of oxygen tension conditions that 

generate pathological levels of necrotic and apoptotic cell death. These conditions were then 

validated in the 3D cardiac tissues obtained in the microfluidic platform, showing a significant 

increase in both mechanisms of cell death. The response of cardiac fibroblasts to IRI was also 

investigated in both 2D and 3D assays, showing a significant increase in the expression of α-

smooth muscle actin and collagen I deposition, two hallmark markers of the fibrotic response. 

Overall, these results show that the presented platform can be of great interest to enhance 

cardiovascular and regenerative medicine research. 
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5.1 Introduction to preclinical models for myocardial infarction 

The process of cardiac damage in MI generally occurs in two steps: the first one is ischemia, 

which occurs when a plaque blocks a coronary artery, occluding the blood flow to the heart tissue, 

which prevents nutrients and oxygen from reaching cardiac cells and the accumulation of 

metabolic by-products [1]. Oxygen depletion switches CM metabolism from aerobic respiration 

to anaerobic glycolysis, a far less efficient method of producing adenosine triphosphate (ATP), 

which translates into an increase in ATP hydrolysis and therefore intracellular acidification [2]. 

Glycolysis also increases lactate production and the extrusion of protons through the lactate-

proton cotransporter to balance the intracellular pH [3]. However, the lack of blood flow leads to 

an increase in metabolic products such as lactate, which prevents the correct outflux of this 

metabolite and increases intracellular acidosis [4]. To try to find alternative ways to compensate 

for the decrease in pH, CMs start using the sodium-hydrogen channels to pump protons out and 

increase sodium levels [5]. Nevertheless, the lack of ATP hampers sodium release, which makes 

this ionic channel function in reverse, which translates into higher calcium concentrations in the 

cytosol [6].  

The second step in MI is reperfusion, which occurs when the coronary artery is unblocked by 

a therapeutic intervention such as thrombolytic drugs or percutaneous coronary intervention [1]. 

This can help recover the ischemic region by restoring the extracellular pH, but also results in an 

increase in cell death due to the drastic activation of the sodium-hydrogen channels, which starts 

pumping protons leading to a further accumulation of calcium [7]. This increases the production 

of reactive oxygen species (ROS), mitochondrial membrane permeability which leads to the 

failing of the electron transport chain, ATP production and eventually membrane rupture, which 

results in the release of apoptotic proteins to the cytosol [8]. These damage-associated proteins 

trigger the recruitment of immune cells to the infarcted region, which clears the dead cells and 

ECM debris and initiates a regenerative response [9]. This involves the recruitment of cardiac 

fibroblasts as well as their activation towards myofibroblasts, which are in charge of depositing 

ECM proteins (mostly collagen) to cover the injured region; and the triggering of 

neovascularization [10] (see Fig.23-a). When the fibrotic scar is completely formed, fibroblasts 

go back to their quiescent state and the neo vessels get surrounded by mural cells and transform 

into mature vessels [11].  

Current preclinical models to study ischemia-reperfusion injury (IRI) primarily rely on animal 

models to test new therapeutic approaches. Nevertheless, some in vitro assays exist, which are 

based on the use of isolated CM, allowing for the direct control and manipulation of the various 

factors contributing to the IRI, which makes it easier to understand disease mechanisms and how 

therapeutic candidates may work. There is no standard protocol to study IRI in vitro, so the cell 
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source must be carefully considered [12]. Neonatal mouse CMs are the most widely used, due to 

the relatively easy isolation process and mid- to long-term viability in culture [13]. The main 

concern with their use is that they are more resistant to hypoxia than adult CM, which limits the 

translational potential of these studies [14]. Unfortunately, the isolation procedure for adult mouse 

CM is far more challenging and their viability after the extraction is highly limited [15]. This led 

to an increased interest in alternative models such as cell lines (H9C2 or HL-1) [16]. However, 

these cells fail in recapitulating the actual cardiac phenotype, as they are proliferative and have 

different apoptotic and bioenergetic pathways [17]. Alternative options include progenitor cells 

[18] or induced pluripotent stem cell-derived CM (iPSC-CM) [19,20], which are probably the 

most attractive model, as they have a human origin. Despite their promising potential, few studies 

have been carried out with these cells, and some concerns have arisen regarding their unmatured 

nature and non-physiologic responses [21].  

To mimic the ischemic event, the most common approach is to use a dedicated incubator to 

replicate anoxic conditions (less than 1 % O2, 5 % CO2 and around 94 % N2) and use a serum-

free, glucose-free medium [1]. Additional modifications in cell media composition can be 

performed to mimic other physiological conditions such as hyperkalemia or acidosis [22]. The 

duration of hypoxia and reoxygenation also have to be carefully considered, as longer times than 

in vivo are required due to the different levels of maturity and oxygen dependency [23]. For 

animal experiments, 30 min is generally enough to elicit the ischemic response, but in vitro time 

intervals ranging from 90 min to 9 h have to be considered [24]. The most common variables 

measured in the in vitro models to assess the role of a certain therapeutic in increasing or 

protecting cells from IRI include cell viability, which is evaluated using methods such as LDH or 

propidium iodide to quantify cell survival and annexin V immunostaining to quantify apoptosis; 

mitochondrial membrane damage using tetramethyl-rhodamine methyl ester (TMRM) 

immunostaining and ROS production [20,25].  

An alternative in vitro assay is the use of isolated perfused hearts, in which the heart of the 

animal (generally mice) is removed and infused with a physiological saline solution (generally a 

Krebs-Henseleit buffer) [26,27]. The most common technique to work with isolated hearts is the 

Langerdoff system, in which the heart is perfused through the coronary arteries with the saline 

solution, maintaining its viability for several hours [28]. Left-ventricular (LV) pressure is 

monitored to measure cardiac function in real-time. The injury can be then generated by 

completely stopping the perfusion (global ischemia) or performing a suture in a coronary artery 

(regional ischemia) during 20-40 min [29]. This method allows the evaluation of different 

parameters of the cardiac injury, such as contractile dysfunction using the LV-pressure sensor, 

cell death and infarct size using a triphenyltetrazolium chloride (TTC) staining or intracellular pH 
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monitoring using NMR spectroscopy [30]. Some of the disadvantages of this model is the 

possibility of generating a tissue edema, its limited stability or an excessive coronary flow, which 

may be not representative of the actual in vivo environment [12].  

 

Figure 23 Myocardial infarction progression. (a) Different phases of the regeneration after an ischemia-reperfusion 

injury, including the inflammatory response, regenerative/proliferative stage and eventual maturation. (b) Progression 

of the ischemic injury in murine in vivo models with time. Adapted from [12]. 

Although in vitro models provide a simplified framework to study heart ischemia and identify 

new therapeutic targets, results are many times not predictive of the actual clinical response due 

to the simplistic approach, as, for instance, many of the CM interactions with non-cardiac cells 

(macrophages, endothelial cells, fibroblasts, etc.) are not accounted for, which have been 

demonstrated to have a huge impact in the actual heart microenvironment [31]. Therefore, in vivo 

assays are critical to validate any potential therapy. These studies consist in performing a suture 

to occlude the left descending coronary artery of the animal [17]. The occlusion can be permanent, 

to mimic patients that due to logistic issues con not receive successful reperfusion [32], or 

temporal (generally removed after 45-60 min), to model the growing population of patients that 

survive the event by being at risk of further complications due to the complications derived from 

heart remodelling [33,34]. This procedure is most commonly performed in rodent models [35,36] 

due to their lower costs compared to larger animal models (see Fig.23-b), although they are 
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considered a closer approximation to the clinical situation, especially in pigs as their heart rate 

and size is comparable to humans [37].  

Results of MI are usually evaluated at two different time points: a first one during the first 

week to assess CM death and infarct size, inflammation, fibroblast activation and ECM deposition 

as well as neovascularization; and a second one during the 4-8 weeks post-infarction to gather 

information about long-term heart remodelling [38-40]. Several techniques are used to study 

cardiac tissue healing and remodelling: imaging techniques such as echocardiography or magnetic 

resonance (MRI) are used to obtain information about infarct size and geometry [41,42]. 

Histochemistry stainings are also used to characterize the response to MI: haematoxylin/eosin 

serves to identify areas of necrosis and inflammation, picrosirius red staining to characterize 

collagen deposition and other specific immunostainings (neutrophils, macrophages, fibroblasts, 

endothelial cells, etc.) are useful to evaluate vascularization, fibrosis and further aspects of 

inflammation [43].  

Despite their many advantages in the analysis of MI, animal models have demonstrated limited 

success in translating therapeutic approaches to the clinic, due to their inherent differences from 

the human species [1]. For instance, rodents have a higher heart rates and basal metabolism as 

well as different electrophysiological profiles [44,45]. On top of that, the procedures are 

technically challenging and highly costly, which among other things reduce the statistical 

significance of the studies [12]. This is why in this chapter we report the development of a novel 

microfluidic platform to model IRI in a 3D human-derived tissue model and characterize both the 

cell death and fibrotic response. To achieve that, we present a novel microfluidic platform based 

on micropost technology for the formation of engineered heart tissues by the self-assembling of 

a suspension of human induced pluripotent stem cell-derived cardiomyocytes (hiPS-CM) with 

primary human cardiac fibroblasts (hCF). To obtain the platform, master moulds were designed 

and fabricated by milling polymethyl methacrylate (PMMA) substrates and PDMS replicates 

were generated from it and bonded to ultra-thin glass substrates. The devices were then used to 

investigate the optimal conditions to mimic an IRI in terms of media composition and cycle of 

oxygen tensions that maximize cell death (necrosis and apoptosis) and fibrosis both in 2D and 

3D. 

5.2 Materials and methods 

5.2.1 Cell differentiation 

The cardiomyocytes used in this work were obtained using a previously reported protocol [46]. 

Briefly, human pluripotent stem cells (hPSC) were seeded at a density of 25*103 cells/cm2 on 

Matrigel-coated 6-well plates in essential 8 medium (Thermo Fisher, US) on day -1. On day 0, 
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mesodermal differentiation was initiated by adding the Wnt activator CHIR99021 (1.5 µmol/l, 

Axon Medchem, US), Activin-A (20 ng/ml, Miltenyi, DE) and BMP4 (20 ng/ml, R&D Systems, 

US) in BPEL media. On day 3, Wnt is inactivated by adding XAV939 (5umol/l, R&D Systems, 

US) in BPEL. In all cases, Matrigel is added to the media (1:200) to facilitate cell adhesion. Cell 

cultures were refreshed on day 7 and 10 with BPEL. For most of the experiments, we used a 

double reporter line expressing green fluorescent protein (GFP) for NKX2.5 and mRubyII for 

ACTN2 gene (which encodes α-sarcomeric actinin). This dual reporter line was obtained using 

CRISPR-Cas9 mediated genome editing as previously reported [47], and from now on will be 

referred to as DRRAGN (Double Reporter of mRubyII-ACTN2 and GFP-NKX2.5). 

5.2.2 Cell culture in 2D 

To perform the ischemia-reperfusion experiments in 2D, the hPSC-CM were thawed and 

seeded in 96-well plates previously coated with 50 µl of vitronectin with Geltrex (ThermoFisher, 

US), both at 1:100 in Dulbecco’s phosphate buffered saline solution (DPBS) for 1 h at 25 °C. 

After that, plates were incubated for additional 30 min at 37 °C with media composed of 87 % 

Dulbecco’s Modified Eagle Medium/Nutrient Mixture F-12 (DMEM/F-12), 10 % fetal calf serum 

(FCS), 1 % GlutaMax supplement, 1 % penicillin/streptomycin, and 1 % of non-essential amino 

acids (all from ThermoFisher, US). Finally, cardiomyocytes were seeded at a density of 1.25*105 

cells/cm2 per well and cultured in 150 µl of basal media, composed of maturation medium [46] 

with TDI: T3 hormone concentration of 100 nM, 100 ng ml-1 of IGF-1 (both from Sigma, DE) 

and 1 µM of dexamethasone (Tocris, UK). This media was also fully supplemented with D-

glucose at 4.5 mM and sodium lactate at a concentration of 5 mM (both from Sigma, DE).  Cells 

were kept in culture in an incubator with the environmental conditions set at 21 % O2, 37 °C and 

5 % CO2 for 7 days with changes of media every 2 days to let them recover and reach confluence. 

5.2.3 Design and fabrication of the microfluidic platform 

 The microfluidic platform design (see Fig.24-a,b) was obtained using computer-aided design 

software (SolidWorks 2020, Dassault Systèmes, FR) and consists of 4 cell culture chambers (6 

mm x 1 mm x 1 mm) flanked by 2 culture media channels (1 mm x 1 mm). Each chamber has 2 

hanging posts of 0.2 mm in diameter, height of 0.95 mm and separated 3 mm between them. 

Master molds were produced from a polymethylmethacrylate (PMMA) block using a 

micromilling machine (Datron Neo, Datron, DE). The input files for the milling machine were 

produced using computer-aided manufacturing software (HSM Works, Autodesk, US). 

Replicates in PDMS were obtained, cleaned, bonded and sterilized following the procedures 

previously described in section 3.2.2 (holes of 1 mm were used for the media channels).  
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Figure 24 Design and cell culture conditions for the microfluidic platform aimed at generating the cardiac IRI. 

(a) Schematic representation of the microfluidic device with a detail of how the cardiac tissues assemble around the 

micropost structures and a photo of the actual device. (b) Detailed view of the microfluidic device including all the 

dimensions for the cell chamber, media channels and micropost structures. (c) Representation of the elements required 

to perform the ischemia-reperfusion experiments, including the 2D (96 well plates) and 3D (microfluidic device) 

platforms as well as the hypoxia workstation used to control the oxygen tensions. 

5.2.4 Cell culture in 3D 

To obtain the engineered cardiac tissues in 3D, the hPSC-CM were co-cultured inside the 

microfluidic platform with commercial human adult primary cardiac fibroblasts (hCF, Promocell 
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C-12375). To do so, both cell types were thawed, counted and mixed in a proportion of 5*105 

hPSC-cardiomyocytes to 5*104 hCF. Cells were then resuspended in 48 µl of the fully 

supplemented media and mixed with 6 µl of Matrigel (ThermoFisher, US, concentration batch 

dependent), 6 µl of fibrinogen and 0.6 µl of thrombin (both from Sigma, DE) with a stock 

concentration of 20 mg/ml and 100 U/ml respectively in a solution of bovine serum albumin 

(BSA) at 0.1 % w/v in PBS. All procedures were carried out on ice to avoid the premature gelation 

of the hydrogel. The 60 µl of cell suspension was then injected into the upper channel of the 

microfluidic chip. Due to the restriction imposed by the capillary burst valve located at the end 

of the channel (section narrowing to 0.2 mm), it starts to progressively enter each of the 4 cell 

chambers. The same principle is applied to confine the cell suspension in the chambers (outlet 

section narrowing of 0.2 mm) and to retain the suspension when it is aspirated back in order to 

remove it from the upper channel (inlet section narrowing to 0.4 mm). Once all the cell chambers 

are loaded, the chips are incubated for 15 min at 25 ˚C to allow for the pre-polymerization of the 

gel and the start of cell compaction. After that time the channels are hydrated by placing two 

pipette tips with a filter on the two inlets of one side with 45 µl each and the other two on the 

other side with 150 µl each. Finally, the chips are placed in a rocket plate in the incubator (21 % 

O2, 37 °C and 5 % CO2) for 7 days to establish a flow driven by the pressure differences between 

the reservoirs. Media changes were performed every 2 days. 

5.2.5 Ischemia-reperfusion experiments 

Ischemia-reperfusion experiments started at day 8, in which three environmental conditions 

were considered: normoxia (21 % O2 tension for 10 h), ischemia (0 % O2 for 10 h) and 

ischemia/reperfusion (0 % O2 for 8 h + 21 % oxygen tension for 2 h with fully supplemented 

media refreshment). For the latter two conditions, we considered two types of ischemic media: 

basal media + TDI (without nutrients) and an ischemic media composed of a HEPES solution in 

distilled water (pH = 6.4) supplemented with 119 mM NaCl, 12 mM KCl, 1.2 mM NaH2PO4, 1.3 

MgSO4, 0.5 MgCl2, 0.9 CaCl2, 20 mM of sodium lactate to mimic the conditions of the ischemic 

heart, characterized by hyperkalemia, high lactate concentrations and acidic pH due to metabolic 

waste accumulation [48,49]. The anoxic conditions were attained by placing the plates or the 

chips inside a hypoxia workstation (Fig.24-c). 

5.2.6 Fluorescent staining and cell death quantification 

 To evaluate necrotic cell death, a live/dead staining was performed using a commercial kit 

(Thermo Fisher L3224, US). Briefly, after washing with sterile PBS, a solution of calcein at 

1:2500 and ethidium homodimer-1 (EthD-1) at 1:500 in DPBS 1X was prepared and samples 

were incubated for 15 min at 37 ˚C. It is important to highlight that the hPSC-CMs used for 

live/dead experiments were not modified to express the double reporter line (DRRAGN) to avoid 
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the overlapping of the α-sarcomeric actinin fluorescent signal with EthD-1. For apoptosis, 

samples were washed with sterile PBS and then incubated for 15 min at room temperature with a 

solution of annexin V diluted in the buffer provided with the kit at 1:200 (Thermo Fisher A23204, 

US). After that, samples were washed with the commercial buffer and a final replacement of 

culture media was performed before imaging. 

 Fluorescent images were taken in both cases in an EVOS FL2 microscope (Thermo Fisher, 

US). A total of 2 pictures at 20x magnification were taken per sample (a total of 3 samples so 6 

images per condition), except for the 2D live/dead assay, in which a 10x magnification was used. 

To obtain a quantitative score for cell death, all images were processed in Image J software [50] 

to calculate the positive area for each of the stainings. Briefly, this was achieved by converting 

the images to 8 bit, thresholding them and measuring the positive area covered by the marker of 

interest. To quantify the relative amount of necrotic cells, the EthD-1 signal area was divided by 

the calcein positive area, while to check for the number of apoptotic cells, the annexin V positive 

area was divided by the area covered by the α-sarcomeric actinin staining. In both cases, results 

for cell death are expressed as fold-changes with respect to the standard culture conditions, which 

correspond to fully supplemented cell culture media and 21 % O2. 

5.2.7 Immunostaining and evaluation of fibrotic response 

 To perform the immunostaining, samples were washed 3 times with sterile 1x PBS for 5 min 

and then fixed incubating with 4 % paraformaldehyde (Electron Microscopy Sciences, US) for 

15 minutes in the case of the 2D cultures or 1 h for the 3D tissues. After that, 3 washes with sterile 

PBS were performed and tissues inside the microfluidic chips were transferred to a 96-well plate 

by separating the PDMS from the glass substrate and carefully removing with tweezers the cardiac 

tissues from the pillars. The next step involved the permeabilization of the samples by incubating 

with a solution of Triton-X-100 (Sigma, DE) at 0.3 % in 1x PBS: the 2D samples were incubated 

for only 10 min, while the 3D tissues were washed 3 times for 20 min. The samples were then 

incubated with the blocking solution consisting of bovine serum albumin (BSA from Sigma, DE) 

at 10 % w/v in 1x PBS to prevent non-specific antibody bindings (2 h for the 2D, overnight for 

the 3D) at 4 ˚C. Then, samples were incubated with the primary antibody solution consisting of 

mouse α human smooth muscle actin (αSMA from Sigma A2547, DE) and rabbit α human 

collagen I (Novus Bio NB600-408, US) both at 1:200 in PBS + BSA (1 % w/v) overnight at 4 ˚C 

in agitation. After this, samples were incubated with the secondary antibody solution consisting 

of rabbit α mouse Alexa Fluor 568 (Molecular Probes A11061, US) and goat α rabbit Alexa Fluor 

647 (Thermo Fisher A21244, US) at 1:200 in PBS + BSA (1 % w/v) overnight at 4 °C. Finally, a 

counterstaining for cell nuclei was also performed by incubating DAPI (Thermo Fisher D1306, 
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US) (1:1000) in 1x PBS for 10 min (2D) or 1 h (3D) at room temperature. Samples were then 

rinsed three times in 1x PBS and maintained at 4 ºC in the same solution until image acquisition.   

 Imaging was performed on the EVOS FL2 microscope (Thermo Fisher, US) for the 2D 

cultures and a Zeiss LSM880 (Carl Zeiss, DE) for the 3D ones. A total of 2 pictures were taken 

per sample (a total of 3 samples so 6 images per condition) at 20x magnification for the 2D and 

40x for the 3D. Protein expression scores were obtained from the acquired images using Image J 

software. Briefly, αSMA and collagen I images were processed by converting them to an 8-bit 

format, thresholding and measuring the positive area of each staining. This data was normalized 

by the number of cells, which was calculated from the DAPI images using the same procedure to 

threshold the images and then applying the Analyze Particles plugin with standard settings. In 

both cases, results for cell death are expressed as fold-changes with respect to the standard culture 

conditions, which correspond to fully supplemented cell culture media and 21 % O2. 

5.2.8 Statistical analysis 

All data were statistically analyzed following the same procedure as presented in section 3.2.9. 

5.3 Results and discussion 

5.3.1 The ischemic solution produces a higher degree of cell death than nutrient 

deprivation alone in hPSC-CM cultures in 2D  

To select the best conditions to mimic an ischemia-reperfusion injury in a 3D cardiac tissue, 

we screened the influence of the main environmental factors involved in causing cardiac cell 

death in 2D. The first factor to be evaluated was cell culture media composition without changing 

the environmental oxygen tension (set at normoxic conditions of 21 % O2). We studied the levels 

of cell death using either cell culture media without any metabolic substrate (lactate or glucose) 

or an ischemic solution. We expressed the results as fold change with respect to the regular cell 

culture conditions with fully supplemented (FS) media (see Fig.25,26-a,b). We show that hPSC-

CM are minimally affected by nutrient deprivation, with a significant increase in necrotic (1.37 ± 

0.27 vs 1.00 ± 0.24) or apoptotic cell death (0.96  ± 0.29 vs 1.00 ± 0.38) after being cultured in 

basal media for 10 h. We even show (Fig.27) that hPSC-CMs remain viable after 3 days in basal 

media culture without any refreshment, as demonstrated by the minimal changes in the integrity 

of the α-sarcomeric actinin structures. This resistance to nutrient deprivation is probably due to 

fetal-like metabolism of the hPSC-CM, which is mainly based on glycolysis instead of oxidative 

phosphorylation of fatty acids [51]. On top of that, these cells have a much higher capacity for 

glucose uptake and subsequent glycogen storage than adult cardiomyocytes [52], which could 

explain how the cells can resist for several days without nutrients by obtaining energy through 

glycogenolysis.  
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Figure 25 Evaluation of hPSC-CM necrotic cell death in 2D. (a) Fluorescent microscope images for a staining with 

calcein (green signal corresponding to live cells) and ethidium homodimer-1 (red signal corresponding to necrotic cells) 

of hPSC-CM cultured in 2D. Three different conditions were considered for media formulations (basal cell culture 

media, fully supplemented cell culture media and ischemic solution) and oxygen tensions (normoxia = 21 % O2 for 10 

h, ischemia = 0 % O2 for 10 h and ischemia-reperfusion = 0 % O2 for 8 h + 21 % O2 for 2 h). Scale bar is 200 µm for 

all images. (b) Quantification of the necrosis levels as a ratio of the ethidium homodimer 1 respect to the calcein 

positive area. Data is normalized and expressed as fold-change respect to the standard culture conditions, which 

correspond to fully supplemented cell culture media and normoxia. Results are represented as mean ± standard 

deviation (n = 6) with *p < 0.05 (evaluated with Student’s t-test).  
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Figure 26 Evaluation of hPSC-CM apoptotic cell death in 2D. (a) Fluorescent microscope images for α-sarcomeric 

actinin protein expressed by the hPSC-CM DRRGN line (green signal) and annexin V staining (red signal 

corresponding to apoptotic cells) of hPSC-CM cultured in 2D. Three different conditions were considered for media 

formulations (basal cell culture media, fully supplemented cell culture media and ischemic solution) and oxygen 

tensions (normoxia = 21 % O2 for 10 h, ischemia = 0 % O2 for 10 h and ischemia-reperfusion = 0 % O2 for 8 h + 21 % 

O2 for 2 h). Scale bar is 200 µm for all images. (b) Quantification of the apoptosis levels as a ratio of the annexin V 

with respect to the α-sarcomeric actinin positive area. Data is normalized and expressed as fold-change with respect to 

the standard culture conditions, which correspond to fully supplemented cell culture media and normoxia. Results are 

represented as mean ± standard deviation (n = 6) with *p < 0.05 (evaluated with Student’s t-test).  
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Figure 27 Monitoring of hPSC-CM long term viability (3 days) without media refreshment. Imaging of hPSC-

CM (DRRGN line) expressing fluorescent α-sarcomeric actinin on day 1 and 3 in culture in both basal media and fully 

supplemented basal media without media changes. 

In the case of using the ischemic solution, necrotic cell death is increased 3-fold compared to 

that observed using fully supplemented media (3.29 ± 0.50 vs 1.00 ± 0.24, p < 0.0001). Apoptosis 

is also significantly higher (1.55 ± 0.36 vs 1.00 ± 0.38, p < 0.05 ), but not to the same extent as 

necrosis. This increase in cell death can be explained because the ischemic solution is able to 

better recapitulate the microenvironment generated by the quick waste accumulation that occurs 

in vivo [1]. One of the main traits mimicked is the accumulation of lactate that occurs in vivo 

(concentration of 22 mM in the solution), which leads to a block in the efflux of lactate, glycolysis 

inhibition and an eventual decrease in the intracellular pH [2]. In order to compensate for it, CMs 

try to eject the excess of H+ through the Na+/H+ exchanger, which in turn activates the Na+/Ca2+ 

channels, eventually leading to an accumulation of intracellular Ca2+ that has been associated with 

protease activation and increased cell death [53,54]. This aspect of the ischemic 

microenvironment cannot be mimicked just by removing the nutrients from the cell culture media. 

Indeed, the ratio of media volume to cell surface area is so high that buffers all of these changes 

in the extracellular pH maintaining it around 7.4, while the ischemic solution allows it to directly 

obtain an acidic pH of 6.4. 

5.3.2 Re-establishment of normoxic conditions with media refreshment after 

anoxia in ischemic media causes the highest degree of cell death in hPSC-CM 
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Besides media composition, we also analysed the influence of oxygen tensions on hPSC-CM 

death (see Fig.25,26-a,b). We observed that the drop of oxygen levels to 0 % did not significantly 

increase necrotic cell death compared to normoxic (21 %) conditions when cell culture media was 

used, either in fully supplemented media (1.52 ± 0.12 vs 1.00 ± 0.24) or basal media without 

nutrients (1.96 ± 0.19 vs 1.37 ± 0.27). This can be explained because, as we previously 

commented, hPSC-CM have a fetal-like metabolism that relies mainly on glycolysis, which 

means that they do not need oxygen to produce energy [51]. On the other hand, apoptotic cell 

death increased in a slight but significant way, both for the fully supplemented (1.66 ± 0.14 vs 

1.00 ± 0.38, p < 0.05) and basal media (1.57 ± 0.36 vs 0.96 ± 0.29, p < 0.05). This behaviour can 

be explained by the fact that hypoxia has been shown to induce apoptosis in a variety of ways 

[47,55], such as increasing the permeability of the mitochondrial membrane or stimulating the 

release of hypoxia-inducible factor 1 (HIF-1), which has been correlated to the overexpression of 

the pro-apoptotic gene BNIP3 [56].  

In the case of the ischemic solution, the combined effects of hyperkalemia, acidification and 

oxygen deprivation led to a significant increase in hPSC-CM necrosis (4.21± 0.53 vs 3.29 ± 0.50, 

p < 0.001). In the case of apoptosis, no significant differences were observed between anoxia and 

normoxia (1.83 ± 0.39 vs 1.55 ± 0.36). We hypothesized that, in this case, the difference between 

both conditions is not significant because the low intracellular pH already increases apoptotic 

levels, and probably the lack of oxygen is not a sufficient stimulus to increase them further. When 

reperfusion is added after the anoxia, there is a significant increase in cell death in all conditions. 

When hPSC-CM are cultured in fully supplemented media, the necrotic death increases from 1.00 

± 0.24 to 1.96 ± 0.29 (p < 0.05) and the apoptosis from 1.00 ± 0.38 to 2.55 ± 0.49 (p < 0.01), 

while for the basal media without nutrients the values rise from 1.37 ± 0.27 to 2.60 ± 0.30 (p < 

0.01) for necrosis and from 0.96 ± 0.29 to 4.02 ± 0.60 (p < 0.0001) for apoptosis. This drastic 

increase in hPSC-CMs’ death is due to the burst in the production of reactive oxidative species 

(ROS) because of the recovery of normoxic oxygen levels. The accumulation of ROS leads to the 

opening of mitochondrial transition pores (MPTP) that eventually lead to a failure in ATP 

production and swelling of mitochondria, whose membrane eventually breaks, releasing apoptotic 

proteins to the cytosol [57]. This rise in cell death is even more pronounced when using the 

ischemic solution, with necrosis increasing from 3.29 ± 0.50 to 5.06 ± 0.95 (p < 0.0001) and 

apoptosis from 1.55 ± 0.36 to 6.34 ± 1.27 (p < 0.0001). This condition produces the highest level 

of cell death, and we believe that it is the one that better recapitulates the process occurring in the 

actual cardiac tissue microenvironment, in which ROS production caused by reoxygenation is 

combined with a normalization of the extracellular pH (from 6.4 to 7.4) that creates a gradient 

that has to be compensated again, leading to an intracellular calcium overload that further increase 

the opening of MPTP [58,59]. 
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Figure 28 Evaluation of necrosis and apoptosis for 3D engineered heart tissues. (a) Fluorescent microscope images 

for a staining with calcein (green signal corresponding to live cells) and ethidium homodimer-1 (red signal 

corresponding to necrotic cells) of hPSC-CM co-cultured in 3D with adult CF in our microfluidic platform. (b) 

Fluorescent microscope images for α-sarcomeric actinin protein expressed by the hPSC-CM DRRGN line (green 

signal) and annexin V staining (red signal corresponding to apoptotic cells) of hPSC-CM co-cultured in 3D with adult 

CF in our microfluidic platform. Two different conditions were considered: regular culture conditions, corresponding 

to fully supplemented cell culture media and normoxia (21 % O2), and ischemia-reperfusion, corresponding to a 

combination of the ischemic solution and anoxia (0 % O2) for 8 h followed by a refreshment with fully supplemented 

media and recovery of normoxia (21 % O2) for 2 h. Scale bar is 200 μm for all images. (c) Quantification of the necrosis 

levels as a ratio of the ethidium homodimer 1 with respect to the calcein positive area. (d) Quantification of the 

apoptosis levels as a ratio of the annexin V with respect to the α-sarcomeric actinin positive area. In both cases, data is 

normalized and expressed as fold-change with respect to the regular culture conditions. Results are represented as mean 

± standard deviation (n = 6) with *p < 0.05 (evaluated with Student’s t-test).  
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5.3.3 3D engineered cardiac tissues are more susceptible to ischemia-reperfusion 

injury than 2D cultures 

Based on the previously described 2D experiments, we selected the conditions of culturing in 

anoxia (0 % O2) with the ischemic solution followed by a return to normoxia (21 % O2) and 

refreshment with fully supplemented media after 8 h as the ones that better recapitulate an IRI. 

We then decided to study how these conditions would affect a more realistic model based on 

engineered heart tissue technology (EHT), which has been widely used to obtain highly 

biomimetic 3D organoids of human cardiac tissue [60]. From the several strategies available to 

generate them, our platform is based on the compaction and self-assembly of a co-culture of 

hPSC-CM + hCF (suspended within a hydrogel) around flexible micropost structures that exert a 

passive mechanical tension that makes the cardiac cells align in a particular direction. We 

observed that subjecting these tissues to IRI resulted in a drastic increase in necrosis (17.17 ± 2.82 

vs 1.00 ± 0.12, p < 0.0001), triplicating the values obtained for the 2D assay (5.06 ± 0.95) (Fig.28-

a,c). The values for apoptosis are also significantly higher (4.11 ± 0.34 vs 1.00 ± 0.18, p < 0.0001), 

but surprisingly lower than the value obtained for the 2D assays (6.34 ± 0.52) (Fig.28-b,d).   

We consider that the response obtained with the EHT is much more physiologically relevant, 

as it has been demonstrated that the maturation degree of these organoids is higher than in 2D 

monolayers. On the one hand, co-culture of hPSC-CM with cardiac fibroblasts in a hydrogel 

provides a more biomimetic environment, in terms of 3D architecture, stiffness of the substrate, 

matrix remodelling, and heterocellular communication that affects, for instance, the distribution 

of gap junction proteins and propagation of electrical signals. The results are: more synchronous 

and stronger contractions [61,62]. It has been also suggested that the presence of non-

cardiomyocytic cells such as fibroblasts can significantly reduce apoptosis [63], which can be a 

possible explanation of why lower values are observed for the 3D constructs compared to the 2D 

monolayers, consisting only of pure hPSC-CMs. Another important factor is the passive 

mechanical stimulation derived from the auxotonic contractions of the tissue anchored to the 

microposts, which has been shown to drive tissue organization and maturation proportionally to 

the time in culture [64,65]. 

5.3.4 IRI model is able to recapitulate hallmarks of the fibrotic response 

The evaluation of IRI should not only be limited to the evaluation of cell death-related 

phenomena but should also consider the triggering of specific hCF pathological responses to the 

microenvironmental changes [66]. This response is generally referred to as fibrosis and in its early 

phase, it is mainly featured by a phenotypic transition of quiescent hCF to myofibroblasts, a 

contractile cell line expressing alpha-smooth muscle cell (αSMA) protein on top of actin stress 
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fibres, and an unbalanced production of collagen I to generate a collagen scar in replacement of 

the damaged tissue [67].  

 

Figure 29 Evaluation of the fibrotic response for co-cultures of hPSC-CM with adult CF in 2D. (a) Fluorescence 

microscope images for the α-smooth muscle actin (red signal) and cell nuclei (blue signal) immunostaining of the co-

culture of hPSC-CM with adult CF in 2D. (b) Fluorescence microscope images for the collagen I (purple signal) and 

cell nuclei (blue signal) immunostaining of the co-culture of hPSC-CM with adult CF in 2D. In both cases, two 

conditions were evaluated: regular culture conditions, corresponding to fully supplemented cell culture media and 

normoxia (21 % O2), and ischemia-reperfusion, corresponding to a combination of the ischemic solution and anoxia (0 

% O2) followed by a refreshment with fully supplemented media and recovery normoxia (21 % O2). Scale bar is 100 

µm for all images. (c) Quantification of α-smooth muscle actin expression as a ratio of the positive area for this staining 

with respect to the number of cell nuclei. (d) Quantification of collagen I expression as a ratio of the positive area for 
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this staining with respect to the number of cell nuclei. In both cases data is normalized and expressed as fold-change 

with respect to the regular culture conditions. Results are represented as mean ± standard deviation (n = 6) with *p < 

0.05 (evaluated with Student’s t-test). 

 

Figure 30 Evaluation of the fibrotic response for the 3D engineered heart tissues. (a) Fluorescence microscope 

images for the α-smooth muscle actin (red signal) and cell nuclei (blue signal) immunostaining of the co-culture of 

hPSC-CM with adult CF in 3D. (b) Fluorescence microscope images for the collagen I (purple signal) and cell nuclei 

(blue signal) immunostaining of the co-culture of hPSC-CM with adult CF in 3D. In both cases, two conditions were 

evaluated: regular culture conditions, corresponding to fully supplemented cell culture media and normoxia (21 % O2), 

and ischemia-reperfusion, corresponding to a combination of the ischemic solution and anoxia (0 % O2) followed by a 

refreshment with fully supplemented media and recovery normoxia (21 % O2). Scale bar is 50 µm for all images. (c) 

Quantification of α-smooth muscle actin expression as a ratio of the positive area for this staining with respect to the 

number of cell nuclei. (d) Quantification of collagen I expression as a ratio of the positive area for this staining with 
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respect to the number of cell nuclei. In both cases data is normalized and expressed as fold-change with respect to the 

regular culture conditions. Results are represented as mean ± standard deviation (n = 6) with *p < 0.05 (evaluated with 

Student’s t-test).  

We first examined the expression of collagen I production in 2D assays (Fig.29-a,c), observing 

a significant increase in collagen I production (2.58 ± 0.74 vs 1.00 ± 0.25, p < 0.0001). This is in 

line with previous 2D in vitro assays that show that hypoxic oxygen tensions are able to upregulate 

the secretion of this ECM protein [68,69]. Regarding αSMA (Fig.29-b,d), we observed a drastic 

increase in its expression for the 2D cultures (20.03 ± 4.05 vs 1.00 ± 0.30, p < 0.0001) that was 

not reported in previous studies analysing the effect of the oxygen tension on the cardiac fibrotic 

response [68,70]. However, one important difference is that the hCFs used for those experiments 

were only subjected to hypoxia and not to the full cycle of ischemia-reperfusion, which has been 

suggested to drastically increase the production of TGF-β through ROS-related pathways [71,72]. 

This molecule is closely linked to hCF transdifferentiation to the myofibroblast lineage [73], 

which explains the high levels observed in our experiments.  

Regarding the 3D culture experiments, a significant increase was observed for collagen I (3.30 

± 0.53 vs 1.00 ± 0.44, p < 0.0001) (Fig.30-a,c), which is slightly higher than in 2D cultures but 

around the same range. On the other hand, a significant but more moderate increase was observed 

in the expression of αSMA (4.41 ± 0.88 vs 1.00 ± 0.28, p < 0.0001) (Fig.30-b,d) compared to the 

2D conditions. We believe that this increase is more physiologically relevant than the one 

obtained for the 2D, in which there is probably an important interactive effect of the increase in 

TGF-β production with the high stiffness of the substrate, which has been shown to play an 

important role in stimulating the differentiation towards myofibroblasts [73,74].  To the best of 

our knowledge, there is only one previous study that evaluated cardiac fibrosis in a 3D tissue 

model [70]. There, researchers also reported a significant increase in the expression of αSMA, 

although, as in the 2D studies, they only evaluated hypoxic conditions (1 % O2). Overall, these 

results are indicative of a fibrotic response, although further experiments would be required to 

have a full characterization such as the analysis of hCF proliferation, the expression of different 

metalloproteinases (MMP-2 and MMP-3), or the secretion of inflammatory and pro-fibrotic 

cytokines. 

5.4 Conclusions 

In this work, we presented a 3D model of cardiac IRI by subjecting a 3D  co-culture of hPSC-

CM and adult hCF in a microfluidic-based device to a cycle of ischemia-reperfusion. The first 

process was characterized by culturing the cells for 8 h in anoxic conditions (0 % O2) with an 

ischemic solution recapitulating the acidic and hyperkalemic conditions observed in vivo. The 

reperfusion step was modelled by bringing back the cells to normoxic conditions (21 %) and fully 



  Chapter 5 - MPS to Model Cardiac Ischemia-Reperfusion in 3D 
 

 126 

supplemented cultured media for 2 h. To select these parameters and culture conditions, we 

performed different 2D studies to perform a screening of the conditions that maximized cell death, 

both in terms of apoptosis and necrosis. We also demonstrated that our model is able to 

recapitulate some hallmarks of the fibrotic responses observed in vivo, namely the upregulation 

of αSMA (indicative of differentiation of hCF towards myofibroblasts) and collagen I deposition, 

both in 2D and 3D. Although further improvements should be added to increase the biomimicry 

of the model (such as the creation of a spatial gradient of oxygen or the incorporation of 

endothelial and immune cells), we believe that the presented microphysiological system can be 

of great use to advance preclinical cardiovascular studies focused on ischemic heart disease.   
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6 
General Conclusions  

During this PhD dissertation, we have put forward three different microphysiological systems 

architectures, based on the combination of microfluidic technology with cell culturing, to provide 

relevant models of complex tissue processes (mainly bone vascularization and cardiac ischemia-

reperfusion). This research effort was motivated by the lack of adequate preclinical models to 

study complex regeneration processes with instructive biomaterials, as traditional in vitro models 

are generally too simplistic to recapitulate complex interactions taking place in the real cell 

microenvironment (mechanical and electrical cues, spatial distribution, etc.) and the in vivo 

counterparts are complex, expensive, genetically different from humans and ethically 

questionable.   

In chapter 3 we presented a novel 3D microfluidic assay that allows us to study the effect of 

soluble cues (such as ions or proteins) released by bioactive biomaterials in the recruitment of 

EPC, a key step in the overall vascularization process of a biomaterial. We showed a proof of 

concept of the device for bone regeneration applications, using a co-culture environment with 

BM-MSC and rigid calcium-releasing scaffolds based on electrospun fibers. We showed using 

finite element modelling supported with experimental validation that the presented microfluidic 

device can be used to generate gradients of ions (such as calcium) or growth factors (such as 

VEGF or osteopontin) either dissolved in the media or released from supporting stromal cells 

cultured in a separate chamber. We evaluated the biological relevance of the gradients generated 

in the device by studying the effects of dissolved calcium in the media (10 mM) on the 

proliferation and migration of rat bone marrow-derived EPC and MSC in 3D. We showed that 

this ion is able to stimulate both processes in the latter case while it has no apparent effect on the 

first cell type.  
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After this, we demonstrated that our device can be used to evaluate the different responses of 

rEPC to calcium-releasing scaffolds in a co-culture microenvironment with BM-rMSC. We 

compared an electrospun composite made of PLA with calcium phosphates nanoparticles with a 

regular PLA control, showing that the first one elicited a higher migratory response on the rEPC 

and the upregulation of several pro-inflammatory and pro-angiogenic proteins. These results are 

in good agreement with previous in vivo observations obtained with this composite material in 

our group. We further used the platform to study the effects of the bone sialoprotein osteopontin 

(OPN) on the rEPC migratory response in a co-culture environment with BM-rMSC. Our results 

suggest that this protein has an important role in mediating EPC recruitment to a calcium-rich 

microenvironment, as its neutralization drastically reduced this response. Overall, we believe that 

the presented assay could be of great interest to the tissue engineering community as a platform 

to study the optimal strategy to stimulate endothelial cell recruitment in bone biomaterials. Future 

work should focus on the incorporation of perfusion in the device, to improve cell function and 

viability in long term cultures, as well as allowing to maintain a stable gradient over time, 

something that cannot be achieved with the current approach. Moreover, a more physiologically 

relevant human model should be developed using iPSC-derived endothelial cells in combination 

with mesenchymal stem cells or osteoblasts cultured in a stiffer matrix that better recapitulates 

the bone tissue environment (for instance combining fibrin with hydroxyapatite). 

In chapter 4, we presented a microfluidic system to generate highly biomimetic cardiac tissues 

in 2D by combining topographical and electrical cues in a low cost and easy to use platform. We 

presented a method to nanopattern the substrate of the chips by depositing PLA electrospun fibers 

on glass coverslips and showed how we can control the cell anisotropy on the chip depending on 

the spatial orientation of the fibers during deposition. We also introduced a simple, cost effective 

method to incorporate electrical stimulation in the platform using biocompatible stainless steel 

rod electrodes. We provided an experimentally validated finite element analysis of electrical field 

to show that it is possible to obtain comparable results to gold standard approach that uses a much 

more complex and expensive method based on metal deposition on the substrate. We co-cultured 

neonatal mouse CM and CF in the platform and stimulated them with this electrode configuration, 

showing that higher maturation levels can be attained in terms of higher expression of the tight 

junction protein Cx-43, as well as the upregulation of several key genes involved in conductive 

and structural cardiac properties. Future work on this platform should focus on changing the 

material of the electrospun fibers from stiff PLA to a more compliant substrate such as collagen 

in order to prevent excessive CF proliferation and allow for a higher degree of CM contraction 

and matrix remodelling, which would result in higher mechanical stimulation and maturation 

levels.  
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Finally, in chapter 5 we presented an innovative model of cardiac IRI using a novel 

microfluidic architecture to co-culture hPSC-CM and primary hCF in 3D. A preliminary study 

was performed using 2D monolayers of hPSC-CM to establish the best environmental conditions 

in terms of media composition and cycle of oxygen tensions to generate biomimetic levels of IRI-

associated cell death. We showed that culturing these cells in anoxic conditions (0 % O2) for 8 h 

in combination with an ischemic solution that replicates the acidic and hyperkalemic conditions 

of the ischemic heart before going back to normoxic conditions produces the highest levels of 

necrosis and apoptosis. These results were validated using 3D cardiac organoids obtained by the 

self-assembling of a co-culture of hPSC-CM with hCF in a fibrin-based hydrogel around 

micropost structures. This resulted in even higher levels of cell death, probably due to the 

increased maturity of these constructs caused by the 3D architecture and passive mechanical 

stimulation resulting from the auxotonic tissue contractions against microposts. Finally, we also 

characterized the response of cardiac fibroblasts to IRI in both 2D and 3D configurations. We 

were able to observe a significant increase in the expression of α-smooth muscle actin and 

collagen I deposition, two hallmark markers of the fibrotic response in vivo. Future work should 

be mainly focused on implementing a microfluidic circuit that would allow producing a gradient 

of oxygen tensions from physiological (6 % O2 for cardiac tissue) to hypoxic (< 1% O2) levels 

within the same tissue instead of relying on whole tissue oxygen changes as in the current 

platform. This could be achieved for instance by implementing two extra channels in the platform, 

one to flow liquid (PBS for instance) at normoxic tensions while in the other we would use an 

oxygen scavenger (such as sodium sulfite) dissolved in that same liquid. Another possible 

improvement would be to better characterize the fibrotic response by analyzing more cell 

mechanisms such as increased cell proliferation, secretion of pro-inflammatory factors and 

expression of metalloproteinases. 
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