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Summary
Cardiovascular diseases have become ubiquitous in the developed world. It is 

estimated that 18 million people die annually from a cardiovascular disease. Treatment 
of cardiac diseases is hampered by the inability of cardiac cells to replicate. With the 
advent of pluripotent stem cells, circumvention to this limitation has been possible. 
However, these cells are highly susceptible to the microenvironment they are cultured 
in. Moreover, common cell culture hardware fails to replicate the microenvironment 
that these cells experience in vivo, limiting the application of these cells to the study 
of the complex interactions that occur at the cellular level in a controllable manner. 

Microfluidics finds its focus on the movement of liquids at the microscale.  Organ-
on-chips (OoC) are microfluidic devices that enable the replication of the human 
microenvironment at the microscale. These devices enable cell culture in small 
channels and chambers that enable fine control over the biochemical environment 
these cells are cultured in, as well as the configuration of the different cells. These 
devices enable biomedical studies that would not otherwise be possible with standard 
cell culture hardware. 

Despite their advantages, the adoption of these devices has not reached its full 
potential. Among the different limitations on the adoptions of this technology lies 
the complex setups and expertise required to set up cell cultures on such systems. 
Mainly, microfluidic interfacing is one of the major hurdles that OoC face when it 
comes to widespread adoption. 

In this thesis, a summary of the different strategies adopted so far along with the 
benefits of adopting connection standards to facilitate OoC adoption is demonstrated 
in chapter two. 

In chapter three, a Heart-on-a-Chip device where culture of human cardiac 
fibroblasts and human derived pluripotent stem cells differentiated into cardiac 
cells and endothelial cells are co-cultured in is demonstrated.  With a established 
co-cultured, electrical pacing, drug dosing and co-culture with human derived 
endothelial cells are demonstrated as a proof-of-concept as evidence for the potential 
these type of devices hold. 

In chapter four, a fluidic circuit board (FCB) is developed with the aim to facilitate 
the fluidic actuation and interfacing of the Heart-on-chip developed in chapter two 
using off-the-shelf components. With this platform, standard connections were 
established among the different microfluidic components that would otherwise need 
to be connected with tubing, thus representing a tubeless solution for OoC fluidic 
actuation. 

In chapter five, a workflow is presented for the adoption of a step-by-step procedure 
to integrate already developed OoCs into an FCB to facilitate the fluidic connections 
among all the different components.  Adoption of such approach enables throughput 
increase, modularization and a scalable approach to aid on the adoption of OoCs 
with and easy-to-use fluidic  connection interface. 

In the last chapter conclusions and outlook are presented delineating the different 
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challenges that OoCs face to become ubiquitous both in industry and academia.  
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CHAPTER 1
GENERAL INTRODUCTION

Cardiovascular diseases
Cardiovascular diseases are the leading cause of death in the world, and around 

2 million people have died from this disease in the European Union alone1. These 
diseases encompass a set of different pathologies that affect both the heart and the 
vasculature alike including diseases like ischemia, atherosclerosis that may ultimately 
progress to a form of heart failure. Although great progress has been made over the 
year with different treatments, the lack of representative disease models that allows 
the study of the human cardiovascular system has hampered the development of 
new drugs for its treatment2. The difficulty lies in the translation of results obtained 
in animal models to its human counterpart3, that ultimately leads to the costly 
abandonment of clinical trials due to unforeseen reactions in humans4. 

It then becomes necessary to develop new technologies to support the development 
of new treatments for cardiovascular diseases. Several fields have taken part 
in the development of different models to mimic human heart physiology5, 
e.g., in silico models, where mathematical models are able to replicate the 
electrophysiological reactions triggered by the ion channels present in the heart 
muscle cells (cardiomyocytes) and blood flow dynamics that take part in the heart 
contraction6. Moreover, the advent of human induced pluripotent stem cell-derived 
cardiomyocytes has opened the door to new paths of research whereby human cells 
can be de-differentiated into an earlier more plastic developmental stage, and then 
differentiated into the cell type of interest7. Tissue engineering approaches have been 
employed in recent years where 3D cell culture methods are more representative 
of in vivo models8. However, all the aforementioned techniques have difficulties in 
integral recreation of the dynamic cell micro-environment in terms of mechanical, 
electrical and biochemical stimuli that cells are exposed to in the human body. 

Organs-on-chip
Leveraging on the developments of the semiconductor industry, microfluidics 

emerged at the beginning of the 1970’s9 with “plenty of room at the bottom”10 for 
creating new tools and a field of its own. From this, the lab-on-chip concept emerged 
as a way to downscale entire labs into few cm2 footprint devices where chemical 
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reactions could happen faster and economically due to the downsizing effects11. 

Soon after, microfluidic devices integrating cells started to appear in literature12. 
These devices aimed at utilizing the controlled chemical microenvironment lab-
on-chip offered and use microfluidic flow and its properties as a mean to recreate 
human cellular microenvironments. The technology was brought to the spotlight 
by the publication of the lung-on-a-chip by the Wyss Institute13 and since then has 
evolved to encompass an entire multidisciplinary field with the aim of recreating 
microphysiological aspects of the different organs of the human body on microfluidic 
chips. The proposition of the creation of a human avatar where drugs could be tested 
appeared as a follow up, promising better models for drug research14.

Organ-on-chips (OoCs), or microphysiological systems, have made tremendous 
progress over the last two decades and have created a growing market of companies 
that offer this technology in several formats15. However, hurdles still remain in 
translating this technology into the pharmaceutical industry, which can be subdivided 
into two categories: biological,14,16 i.e. pertaining to the cells used in OoCs and their 
biological function and technical,17 i.e. the micro engineered platforms that enable 
this technology.

One of the hurdles found on the technological side is in the fluidic interfacing of 
OoCs with other microfluidic components18, such as sensors and valves. The field 
has relied in handcrafted techniques relying on tubing and glues to interface the 
different components of a system and enable perfusion of OoCs. Although several 
solutions have been proposed, these solutions are isolated ecosystems that are unable 
to be integrated with each other. Hence, the adoption of standards may bring the 
interoperability required to interface and use the wealth of devices that already exist. 

Standards and modularity in organ-on-chips

Recently, several institutions have gathered efforts to agree upon a single, 
standardized way to integrate microfluidic devices. 19 These proposals have seen 
their efforts summarized in a white paper where the guidelines and terminology are 
explained and the firsts results have emerged.20,21 Adopting these guidelines may 
provide the required push to bring OoCs out of the academic labs into the industry, 
since the integration of both commercially available solutions and in-house developed 
technologies can be easily integrated into a single unified standardized platform.

Thesis aim
This thesis aims to demonstrate how the standardization of fabrication techniques 

used in OoCs and their interconnections will help reduce the amount of time and 
labor required to implement co-culture models in these microfluidic devices in the 
cardiovascular and more in general in the biomedical field. Reducing the labor-
intensive tasks that OoCs entail, effectively lowers the threshold of adoption of this 
technology to entry-level users and thereby a more widespread use. 

Cardiovascular diseases are multifactorial diseases that require integration of co-
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cultures to more closely represent the in vivo microenvironment. Moreover, correct 
stimuli are needed to better mimic physiological conditions such as electrical 
stimulation of the heart conductive system of the heart, as well as the biochemical and 
mechanical stimuli these cells are in. A microfluidic device that accomplishes these 
requirements is designed and implemented using a scalable fabrication technique. 

Complex microfluidic setups with multiple components are often required to 
actuate these OoCs. These systems require a lengthy and laborious process to setup. 
Facilitation of this process would enable higher throughput and would also lower the 
complexity of setting up microfluidic systems, making it easier to new users to adopt 
this technology. To this end, adoption of standards and using a microfluidic parallel 
of a printed circuit board, multiple microfluidic devices can be readily connected in 
a standardized and modular fashion. 

Lastly, implementation of these standards would allow integration not only of the 
OoCs here developed, but also other devices that could be readily modified and 
multiplexed using the same development process and techniques. In the following 
section each chapter is outlined in more detail. 

Thesis outline
Chapter 1 – General introduction

The present chapter briefly summarizes the scope and defines the aim of the 
thesis by giving a brief introduction to the motivation of the project. Including the 
advantages that the adoption of standards has on simplifying the fabrication and 
implementation of OoCs in the cardiovascular field for more representative models, 
and more broadly in the biomedical field.

Chapter 2 - Cardiovascular disease: organ-on-chip models
This chapter expands the discussion on cardiovascular diseases and existing models 

for organs-on-chip focus on cardiovascular disease present in the literature. It 
summarizes the different taken approaches to fabricate OoCs that better recapitulate 
the cardiac microenvironment using electrical, biochemical, and mechanical 
stimulation of the cells. The chapter ends with a proposition to adopt standards to 
integrate OoCs with commercially available microfluidic components and other 
independently developed devices alike. 

Chapter 3 - Heart-on-a-chip with controlled co-cultures of endothelial 
monolayers and three-dimensional cardiac tissues in a reversible open-
top microfluidic device

In this chapter, experimental work is reported on the development of a heart-on-
a-chip device that allows the co-culture of human pluripotent stem cell-derived 
cardiomyocytes and human adult cardiac fibroblasts in a 3D cardiac tissue in a 
reversibly open-top compartment covered by a glass seal. Swapping of this glass 
seal by a highly customizable ‘electronic lid’ with 3D-printed pyrolyzed carbon 
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electrodes enables cardiac tissue electrical pacing with extreme low electrical 
potentials avoiding culture medium oxidation. Subjacent to the cardiac tissues 
runs a microfluidic channel that allows the infusion of cardioactive drugs in a 
highly localized manner. The device is fabricated utilizing an injection-molding-
like technique integrating a polyester porous membrane that separate the two 
compartments. Lastly, this microfluidic channel is endothelialized demonstrating the 
level of complexity that can be achieved in such configuration and thus enabling, 
albeit with further optimization, more representative models for in vitro assays. 

Chapter 4 - Fluidic circuit board with modular sensors and valves 
enables stand-alone, tubeless microfluidic flow control in organs-on-
chips

This chapter expands on the work developed of the heart-on-chip device reported in 
chapter 3 and integrates it in a modular microfluidic platform. This platform enables 
automated perfusion of the culture medium utilizing a commercially available flow 
sensor and two valves that are controlled by a microcontroller. These components 
are able to recirculate medium in a constant and pulsatile flow. The modular 
character of the platform demonstrates the advantages of adopting standardized 
fluidic connections in OoCs and how relevant mechanical fluidic stimulation can be 
accomplished with minimal setup steps. 

Chapter 5 – Guidelines for FCB fabrication
This chapter delineates the considerations to be taken when developing fluidic circuit 

boards to integrate multiple microfluidic devices in a modular manner. It describes 
the incremental steps and considerations that need to be taken in the development 
and selection of the different components that are integrated via these fluidic circuit 
boards. These setups enable stand-alone systems that are able to perfuse and control 
of cell cultures in OoCs devices. Three examples are presented where already 
developed devices can be easily integrated with minimal modifications in modular 
microfluidic systems, drastically reducing development time and effort. 

Chapter 6 – Conclusion and outlook
This chapter provides the conclusions of the present thesis along with an outlook 

and possible steps to be taken onwards. 
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CHAPTER 2
CARDIOVASCULAR DISEASE: 

ORGAN-ON-CHIP MODELS

Abstract 
Cardiovascular diseases are among the most prominent in the world, accounting for almost 

half of the total deaths in Europe alone. Simultaneously, development of new treatments has 
stalled in recent years due to high complexity and co-morbidities that are presented with 
these diseases, but also in part for lack of more human representative models that allow 
dissection of specific aspects of the different pathologies under study. With the emergence 
of technologies like organ-on-chip (OoC) there is the potential to bring a new set of tools to 
the biomedical cardiovascular field. OoCs are able to recapitulate several aspects of human 
physiology with human cells by employing microfabrication techniques to create more 
representative cell culture microenvironments while still providing the possibility to integrate 
electromechanical stimulation. Several models have been developed over the last two decades, 
but major challenges remain, such as integration of independently developed devices and 
ease of use for potential end-users outside of the OoC field, preventing the adoption of OoCs 
technologies to newcomers. Implementation of standards and fabrication guidelines may be 
the answer to this problem. By adopting a set of fabrication rules, developers, industry, and 
end-users alike can benefit from the technological wealth that has already been developed 
by easily integrating it in their own experimental setup. Adoptions of standards will bring 
translatability of the developed technologies from academia to the industry, will facilitate 
implementation and will generate increased reproducibility of experimental designs. 
Ultimately, widespread application of OoCs will help to develop safer and more personalized 
medicines by reducing development time and animal use in the pharmaceutical industry.
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Cardiovascular disease and the Importance of in vitro 
Models

Cardiovascular diseases (CVDs) are a group of disorders affecting the heart 
and the vasculature that represent the number one cause of mortality globally. 1 
Only in Europe, CVDs causes over 4 million deaths each year 2, accounting for 
47% of all deaths in Europe. The most common underlying pathology in CVDs is 
atherosclerosis, which can cause ischemia in the heart and in peripheral arteries. 
Atherosclerosis is defined as a chronic disease of the vasculature, whose architecture 
is slowly remodeled over time. This disease and remodeling process involves the 
interplay of numerous cell subtypes, including endothelial cells (ECs) (becoming 
dysfunctional), leukocytes and macrophages (triggering inflammation), and smooth 
muscle cells (which de-differentiate or undergo apoptosis). 3,4

An acute result of atherosclerosis-related tissue ischemia is myocardial infarction 
(MI), in which a part of the heart is deprived of oxygen and nutrients due to 
atherosclerotic plaque rupture and intravascular blood clot ting. Other significant 
clinical effects of tissue ischemia are heart failure (HF), which is most commonly 
associated with coronary artery disease (CAD) and cardiac arrhythmia. 5 In particular, 
long-term complications after an acute MI that trigger pathological myocardial 
remodeling remain unsolved and are a major cause for high re-hospitalization rates. 

6 Hallmark features of this cardiac remodeling process 7 are excessive deposition 
of extracellular matrix (ECM) leading to cardiac fibrosis, chamber dilation (dilated 
cardiomyopathy), and cardiomyocyte hypertrophy. Apart from ischemia being the 
key inducer leading to heart failure, several non-cardiac therapies can cause adverse 
reactions that induce a similar disease phenotype as a toxic side-effect. 8 In particular, 
anti-cancer treatment strategies (radiation as well as chemotherapies) are particularly 
known for their cardiotoxic potential. 9 

Our knowledge about etiopathogenetic mechanisms in CVD has dramatically 
benefited from advances in ‘-omics’ technologies. With the availability of new 
technologies and the combination of genomic data utilizing publicly available 
expression datasets, the translation from genomic loci to the discovery of causal genes 
is starting to become a reality. Functional assessments using in vitro modulation in 
cultured cells or in vivo animal models are considered essential for identifying the 
actual genes or variants that are relevant for causing the associations while trying to 
validate biological relevance. However, the translation of discoveries across species 
remains a challenge. 

While primary cells from specific individuals can be difficult to obtain and cannot 
be cultured indefinitely, stable cell lines with the desired genomic background can 
be generated from human induced pluripotent stem cells (iPSCs). Human iPSCs are 
obtained from a somatic cell and can be differentiated into all cell-types.  10,11 They can 
therefore be derived from accessible adult tissues of any patient, such as the blood or 
the skin. There are current protocols available for the generation of cardiomyocytes 
12, defined atrial and ventricular cardiomyocyte subtypes 13, endothelial cells, as well 
as pericytes and vascular SMCs.  14,15 An important limitation of iPSC-CMs relates 
to their immaturity. In fact, they share more similarities with fetal than adult human 
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CMs. Although human iPSC-CMs express high levels of cardiac-specific genes and 
display a striated pattern for α-actinin and myosin light chain similar to the adult 
ventricular myocardium, their shape is typically roundish (and not elongated) while 
their cell body is smaller. 16 Various methods to enhance maturity are constantly 
developed and refined, including exposure to electrical stimulation, application 
of mechanical strain, and culturing human iPSC-CMs in three-dimensional tissue 
configuration. 17 

Human in vitro models that consist of single types of cells cultured under static 
conditions on a plastic surface in two dimensions poorly represent our physiological 
constitution. 18 Moreover, the human cardiovascular system, including its mechanical, 
electrical, biochemical, and cellular complexity, is hard to mimic in vitro. These 
simplistic models lack the effect of flow, the cell-cell interaction between blood cells 
and the endothelium, as well as the involvement of the extracellular matrix (ECM) 
that characterizes cardiac and vascular tissue in vivo. 

Organs-on-Chips
In recent years organs-on-chips (OoCs) have emerged as powerful new tools to 

fill the translational gap from animal models to human disease, with a particular 
potential to even replace animal testing in the future. 19 OoC technology will improve 
the modeling of organs or organ systems for healthcare research while immensely 
impacting the precision medicine approach. 19 

OoCs are micro-engineered in vitro models that recapitulate aspects of human 
physiology and pathology. They can be used in drug discovery, as well as for efficacy 
and toxicology testing. 20 OoCs are defined as microfluidic cell culture devices that 
contain continuously perfused chambers being inhabited by living human cells 
arranged in a three-dimensional organization that preserves and mimics the tissue 
geometry.  21,22 OoCs comprise systems integrating either 2D cell cultures on e.g., 
permeable membranes or/and cells cultured in 3D hydrogel scaffolds. The high level 
of control, enabling customized cell culture environment in OoCs, is illustrated 
in Figure 1. This includes custom ECM topology, the integration of sensors and 
actuators for e.g., monitoring and inducing electrical/mechanical stimuli, control 
of microfluidic channel dimensions, and temporal and spatial flow profiles for e.g., 
pulsatile flow and dynamic chemical stimuli. Moreover, the precise microfluidic flow 
control enables an optimal growing environment (influx of nutrients and efflux of 
cell-waste), as well as the circulation of drugs, signaling molecules, or immune cells. 
The fabrication methods used to realize OoC systems were originally developed for 
the microelectronics industry, providing methods to define microfluidic channels and 
compartments with dimensions from a few micrometers (μm) to several millimeters 
(mm), thus matching the dimensions of real arteries, veins, and functional units of 
organs.

Furthermore, systems with multiple connected organs-on-chips are being 
developed to study organ-organ interactions. 23 These multi-organs-on-chip (MOoC) 
systems are essential for drug development since drug and toxicity screening cannot 
realistically be confined to a single organ due to the drugs’ metabolic pathways 
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across several organs. At present, OoCs are used mostly by academic biomedical 
scientists to understand human-specific physiology, compound toxicity, and disease 
mechanisms. 24–29 However, regulatory agencies, pharmaceutical companies as well 
as food and cosmetic businesses show growing interest in using organs-on-chips to 
test their products. 30–32 

Figure 1 – Summary figure depicting the different microenvironment engineering possibilities for 
heart-on-chip models using micromachining and microfluidics for integrated cell stimulation. Geo-
metrical control can be achieved by altering the geometry and topology of the device providing 
anchoring points for cell or tissue attachment; mechanical stimulation can be achieved via substrate 
deformation and/or fluidic shear; cardiomyocyte electrical stimulation and beating signal recording 
can be accomplished using integrated electrodes. Finally, biochemical microenvironment control 
can be accomplished using the fluidic flow to infuse drugs, biomolecules or even immune cells fur-
ther increasing in vivo-like microenvironment.

Heart-on-Chip Model Development
OoC models of the heart are often realized using a multichannel approach where 

overlapping compartments communicate through porous membranes or trapped 
hydrogels in pillar arrays, as these provide the possibility to compartmentalize the 
different functional aspects of cardiac tissues. This unprecedented modularity has 
led to the development of various heart-on-chip models that have focused on specific 
cardiovascular subdomains of great interest to cardiovascular researchers. The heart 
models can be fabricated to include multiple channels that are aligned in parallel 
either along the horizontal axis 33–35 or the vertical axis. 36–38 The choice of layout is 
often related to the assays used, where horizontally structured channels for example, 
allow for easy optical access of the separate compartments.
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Geometry - There are several reports of 2D-based cardiac models 36,37, for example 
developed with an electrophysiological focus due to the increased simplicity of 
integrating planar electrodes with cell cultures. These systems are often fabricated in 
more robust materials, such as silicon or glass, coated with e.g., fibronectin to enhance 
cellular adhesion. Three-dimensional models, on the other hand, are more commonly 
used in mimicking multi-organ systems or three-dimensional aspects that 2D models 
fail to recapitulate, such as force of contraction measurements and maturation of 
co-cultured micro-tissues. Such models include mechanically moveable parts, such 
as suspended membranes 39,40 or cantilever structures 41 that expose the encapsulated 
cardiac cells to mechanical stimulation during the culture. A fabrication method 
that is rapidly gaining attention, both for realizing vessels and heart constructs, is 
“bioprinting”, a type of additive manufacturing or “3D printing”. In bio-printing, 
hydrogel cell suspensions are directly extruded onto a substrate, building up the 
final biological structures layer-by-layer. Advantages of bioprinting is that the final 
device can include a high level of topographical complexity and that multiple cell 
and material combinations can be realized. Bio-printed models of vascular networks 
41 have been reported, and recently proof-of-principle of a drug toxicity screening 
heart-on-chip model using bio-printed cardiac cells was demonstrated. 42 Although 
bioprinting is a rapidly developing technology, the challenge with interfacing bio-
printed heart models with vascular models for controlled media perfusion still 
remains.

Electrophysiological sensing and actuating - OoCs not only allow mimicry of 
the human in vivo microenvironment, it also allows the integration of monitoring 
components that allow a dissected view of a given system using sensors and 
electrodes for the monitoring of the cell microenvironment and its stimulation, 
respectively. The inclusion of electrodes in cell culture systems assist in producing 
highly controlled environments and allow for continuous read-out of parameters 
essential to identifying cell behavior. Various materials can be used for the fabrication 
of the electrodes, including bio-friendly metals such as gold 34 and platinum 36,43, and 
organic conducting materials, such as carbon 44 or poly (3,4-ethylenedioxythiophene) 
polystyrene sulfonate (PEDOT:PSS). 45 

For the realization of reliable heart-on-chip models, it is very important to support 
the development of cells with a mature electrophysiological conduction system, 
such as synchronized beating. Although some cultures of cardiomyocytes show 
spontaneous synchronized beating already after a few days of culture even without 
external interactions 34,43,46, an effective method to induce synchronized beating in 
immature cultures is to assist the synchronization of the beating by using external 
electrical stimulation. 47,48 Typically, the cells are exposed to trains of electrical pulses 
similar to the electrical signaling of native cardiomyocytes. Often, this is achieved 
via large external electrodes, but more user-friendly custom systems have been 
developed using integrated electrodes on-chip. 34,49 It has been shown that maturation 
of cells may be improved by pacing the cells as proved by expression of α-actinin, 
connexin-43, and cardiac troponin-T. 49 In addition to external electrical stimulation, 
maturation schemes that rely on external mechanical 33,50 and biochemical 51 cues - or 
a combination of the aforementioned 40,46- have also been presented. 

The main use for microfabricated integrated electrodes in heart-on-chip systems 
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is however, for on-chip read-out of electrophysiology. Here, the ion currents of the 
cells are measured extracellularly as changes in the field potential. The extracellular 
field potential is closely linked to e.g., the QT interval through the corrected field 
potential duration (cFPD). 52 Multiple localized measurements of single cells enable 
assessment of the synchronization of beating cells and wavefront propagation. As 
demonstrated in open-format cell cultures, cells can be cultured on top of high-
density electrodes, so-called MEAs (microelectrode arrays) for read-out of cellular 
electrophysiology. 53–55 Customized MEAs can fit in virtually any microfluidic system 
and have been reported for several OoC systems. 36,43,56 

Normally, very close contact between the cells and the MEA is desired for optimal 
resolution and signal strength, resulting in cell culture on hard flat surfaces and 
2D cell models. To make the culture environment more biomimetic, Kujala et al. 
cultured cardiomyocytes on a ~100-μm-thick micro-grooved gelatin layer attached 
to the MEA, and showed that the electrophysiology still could be mapped, although 
no longer with single-cell resolution. 53 Other approaches that address the issue of 2D 
culture on hard surfaces are non-contact MEA measurements as explored by Sharf 
et al. 57 and patterning of MEAs on a soft PDMS substrate as demonstrated by Gaio 
et al. 46 

Electrical sensors can also be integrated to monitor cell contraction. Quin et al. 
have demonstrated this in an open-top structure, where interdigitated electrodes 
(IDE) were pattered for cell contraction measurements in combination with MEAs to 
monitor beating. 54 Although highly correlated in normally functioning cardiac tissue, 
contraction and electrophysiology are two different mechanisms that are important 
to follow in heart-on-chip models. Alternative ways to map cell contraction is to 
integrate mechanical sensors into the heart model 43,55, or to utilize an external optical 
read-out with computational motion tracking, 51 or mapping the transient intracellular 
calcium signal using cells modified to include GCaMP6. 34 

Integrated electrodes are also interesting for vessel models, as they can be used 
to assess the barrier integrity of the cultured cells via trans-endothelial electrical 
resistance (TEER) measurements. Most commonly, this method works by integrating 
electrodes on either side of a porous membrane on which the ECs are cultured. As 
the cells form cell-cell junctions, it becomes increasingly more difficult for any 
electrical current to flow through the cell layer, and the measured electrical resistance 
increases. It is possible to combine electrophysiological measurements and TEER as 
demonstrated by Maoz et al., using a dual-channel, endothelialized heart-on-chip 
model. 36

It may be noted that most models with integrated electrical sensing capabilities 
are two-dimensional, which is explained by the well-established technology to form 
electrodes on hard 2D surfaces. However, electrodes can also interface with more 
in vivo-like cardiac microtissue as in the case of Weng et al. 34 An increase in the 
number of publications on this topic is expected. Further, the hydrogel scaffold may 
be topologically patterned on top of the electrodes 53, or the electrodes themselves 
can be structured into 3D formats. 49,58 Alternatively, conducting and biocompatible 
scaffolds can be prepared, thus enabling electrical read-out via the porous scaffold 
itself. 59 
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Heart-on-Chip Applications
Heart-on-a-chip models developed so far have focused on establishing biomimetic, 

functional aspects of the heart, focusing in particular on the co-culture of 
multiple cell types, e.g., cardiomyocytes and cardiac fibroblasts, as well as on the 
electromechanical stimulation of the cells cultured on these systems (Figure 2). Heart-
on-chip models aim to recapitulate the intricate conditions of the microenvironment 
that cells would experience in the heart. The ability to include 3D cell cultures in 
these devices enables an increase in their biological complexity. Control over the 
microenvironment and the cultured cell types permits the recreation of relevant 
aspects of specific diseases (Table 1). Among the various reported heart-on-a-chip 
platforms, models to address cardiac ischemia, cardiac fibrosis, and cardiotoxicity 
can be found in the literature (Figure 2), while many other exciting approaches have 
been developed and summarized in further review articles. 51,76–81 

The highly controlled microenvironment in heart-on-chip models makes them very 
useful for modeling diseases. There is plenty of room to study disease mechanisms 
that cannot be dissected in common platforms, such as cell culture and animal 
models. Below, some of the key categories of cardiac dysfunction that have been 
studied with heart-on-chip devices are summarized, highlighting the key role of 
microengineered features in the models.

Figure 2 Heart-on-chip devices can recapitulate cardiac functions in vitro and integrate sensing 
units to monitor the cells in culture, e.g., action potential. Examples of cardiovascular diseases can 
be found in these devices, such as ischemia and cardiac fibrosis. Integrated electrodes and mechan-
ical actuation allow to monitor and stimulate the cells in culture, better recapitulating the cardiac 
microenvironment.
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Ischemia - The abrupt disruption of blood flow in ischemia leads to the 
accumulation of metabolic by-products while reducing the oxygen supply to the 
tissue. This locally affects the contraction of cardiomyocytes. Liu et al. 56 were able 
to replicate the hypoxic microenvironment and follow the action potential changes 
over time in the cell culture using patterned electrodes in a heart-on-a-chip device. 
The combination of the microenvironment cues, along with the insights gained from 
the electrophysiology of the cells depicts the solid control that can be attained with 
these devices.

Cardiac fibrosis - In the scope of cardiac fibrosis, Kong et al. 39 were able to 
recreate the increased ECM stiffness using a photopolymerizable hydrogel while 
including the mechanical load similar to the stimulus that cardiac fibroblasts would 
experience under pro-fibrotic conditions. The cyclic mechanical loading, along with 
the exposure to a pro-fibrotic biochemical stimulus like transforming growth factor 
β (TGF-β) can even more closely mimic the fibrotic microenvironment of the heart. 
There have also been non-microfluidic devices that make use of 3D cardiac tissue 
models to mimic hallmarks of cardiac fibrosis using human induced pluripotent 
stem cell-derived cardiomyocytes (iPSC-CMs) along with fibroblasts. Mastikhina 
et al. 82 reported a model where expression of collagen and brain natriuretic 
protein were upregulated when tissues were exposed to TGF-β and downregulated 
when subsequently exposed to an anti-fibrotic drug. Wang et al. 83 used cardiac 
fibroblast overpopulation of the tissues to mimic a fibrotic scenario, thus avoiding 
the pleiotropic effects of TGF-β. Such models could in the future be integrated in 
microfluidic devices to generate more even complex, integrative models, for example 
by combining them with microfluidic co-cultures of other cell types, like endothelial 
cells.

Cardiotoxicity – Interestingly, the vast majority of heart-on-chip devices reported 
in literature state cardiotoxicity as their primary goal (Table 1). While cardiotoxicity 
encompasses a myriad of aetiologies, two common trends can be found in these 
devices: i) an investigation of the toxic effects that specific drugs have on cardiac 
cells, and ii) the toxic effect produced by the co-cultured cells from other organs 
(e.g., liver). 

Table 1 Summary of the Heart-on-Chip platforms* 

Aspects of human cardiac physiology and disease in organs-on-chips

Cardiac physiology

Defined 3D tissue organization 60, 61, 62, 63, 64, 
65

Force of contraction 66, 65, 67, 68

Electrophysiology 60, 69, 62, 70, 63, 
65, 71, 72

Cardiac-vascular interactions 73, 60, 70, 65
Body-on-chip approach 66, 65, 68
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Cardiac disease and 
toxicity

Hypertrophy 64
Arrhythmia 70, 65, 71, 67
Ischemia 71
Fibrosis (e.g. fibroblast proliferation, 
collagen deposition, valve 
calcification)

74, 75

Inflammation 70, 65

Cardiotoxicity & Pharmacology
73, 66, 60, 68, 72, 
67, 62, 64, 63, 70, 
65, 67, 72

* The selection criteria employed in this table were that the devices used in the study could be 
considered a heart-on-a-chip device, i.e., a microfluidic device where the microenvironment of the 
cells or tissue in culture can be controlled and/or be stimulated mechanically and/or electrically. 
Platforms where constructs are cultured in well-plates or make use of spheroid technology were 
not considered due to the lack of their microfluidic character, which is seen as a requirement for 
organs-on-chips.

Challenges in Heart-on-Chip Development
Organ cross-talk - The crosstalk between different organs is an important aspect 

to be integrated in heart-on-chip models, because it is essential for many aspects 
of cardiotoxicity and chronic diseases that lead to CVD. 84 A major challenge in 
developing advanced heart-on-a-chip disease models is the difficulty of establishing 
multi-organ co-cultures for longer periods of time, typically around one week after 
tissue formation. Nonetheless, aspects of complex chronic diseases can still be 
modelled with OoCs, e.g., cardiac fibrosis, as mentioned above. 

Stem cell-derived tissue maturity - Heart-on-chip models make use of cardiac 
cells, a scarce resource since primary cardiomyocytes proliferate poorly in vitro. 
With the advent of protocols to generate human iPSC-CMs, this major cell 
source bottleneck is gradually being overcome. However, hurdles still remain to 
improve their immaturity, which ultimately affects the pharmacological response, 
e.g., with oncotherapy effects 85 and the biomimetic aspects of the OoCs in which 
they are employed. Cardiac cell maturity can be defined in several aspects such as 
electrophysiology, metabolism, and morphology, to name a few. Unveiling what 
mechanisms underlie iPSC-CM maturity is an active field of research and is reviewed 
elsewhere. 86

Benchmarking - There are examples of initiatives that aim to characterize iPSC-
CMs and their response to pharmacological agents with a known response as an 
attempt to benchmark different cell sources, such as the CiPA initiative 87 and the 
Pulse CRACK-IT 88 project. In the future development of heart-on-chip models, the 
drugs used for benchmarking in the mentioned initiatives can be used as a reference 
for new devices. With the aim of generating a model where the response of cardiac 
tissues exposed to libraries of compounds could determine the drug used, Lee et al. 
89 used a machine-learning model for the drug response analysis. 

Ease-of-use - As OoC systems are becoming increasingly complex, end-user 
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adoption is often hampered by complicated device fabrication and operation of 
devices that are still at proof-of-concept level. Without end-users, device development 
in academia often ends with the researcher’s project and can lead to expensive re-
inventing of the wheel by other developers in other labs. In contrast, commercially 
available devices are more user-friendly, but often lack the physiological complexity 
of OoCs from academia. Moreover, end-users of modular OoC systems are limited 
to devices from one supplier or research group, since the components of these 
systems are not interchangeable due to the lack of interface standardization. This 
clearly demonstrates that heart-on-chip development is a multidisciplinary field, 
where pharmacologists, engineers, biologists, regulators, clinicians, among others, 
play a key role in the development of these models and their respective validation.

Organ-on-chip: Technological challenge 
Despite many advances in the OoC field, the application of the technology still 

remains largely an academic exercise, with lack of standardization and inability to 
reutilize already developed technologies. OoCs have been developed so far on a fit-
the-purpose basis, where devices do not follow any design or fabrication guidelines. 
This has prevented OoCs to be used by a wider user base due to the high level of 
technical skills and equipment required for fabricating OoCs. The biomedical field, 
a potential user base of such devices, are thus barred at the entry level by complexity 
and overwhelming variety of approaches.

The OoC field can only reach its full potential if end-users can focus on using the 
OoC devices which best suit their research questions, without having to take into 
account which chips are available from a given supplier. To achieve this, there is 
widespread agreement in both academia and industry that OoC standardization will 
be essential. 90–93 The required standardization applies to many different aspects of 
OoC technology. 94 Some aspects revolve around protocols, Good Manufacturing 
Practices (GMP) of cells and devices, data standards and compound sets for model 
validation, while others concern technological interfacing or form factors. Moreover, 
any form of standardization must also be compatible with the different funding 
schemes, protection of intellectual properties and settings of research & development 
of both academia and industry. 95 If successfully implemented, a widely accepted 
standardized system would greatly facilitate bringing new devices and functions 
from developers to end-users and shorten the path to commercialization. Innovation 
will thrive if developers can use standardized building blocks to make new setups. 

A platform for organs-on-chips
Defining an open organ-on-chip platform

Platforms are used in many technologies (electronics, personal computing, social 
media, etc.). Although there is not one single definition, a platform generally 
comprises a set of components with shared interfacing rules from which new, higher-
level products or applications can be created 96 (Figure 2a). Many commercial and 
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non-commercial platforms exist in the field of OoC. 92,93 Some of these platforms 
focus on providing high flexibility through facilitating modular combinations of 
components 97–99, while others focus on a fixed set of components that integrate in a 
single way into a functional product. However, due to the incompatible interfacing 
rules of current OoC platforms, the end-user almost always stays confined to one 
platform’s components for a certain application (Figure 2b). If components (e.g., a 
pump, or a microfluidic chip) of one platform can be integrated in another platform, 
such components have a cross-platform design. Cross-platform applications would 
strongly facilitate the implementation and innovation in the OoC field because they 
allow developers and end-users to integrate existing solutions to more rapidly design 
OoC applications that are fit-for-purpose. In order to facilitate the development of 
cross-platform components, there is a need for open technology platforms in the 
OoC field.

Figure 3: Schematic overview of an OoC platform which has an open, standardized interface. Some 
components of the platform (e.g., some of the OoC modules or module plates) may be made closed 
to certain participant groups while the platform, as a whole, is still considered open.

Technology platforms can have both open and closed aspects. Gawer et al. define 
open as inviting contribution or encouraging participation with no or only few 
reasonable restrictions (e.g., accepting a license agreement). 100 A platform can be 
either open or closed for anyone who wants to participate in the development and 
application of the platform. These participants can be divided roughly into four 
groups: end-users, developers, manufacturers, and sponsors (platform designers)100, 
as shown schematically in Figure 3. For example, an OoC platform which is open 
for end-users can be used by anyone with minimal restrictions. In contrast, an OoC 
platform which is closed for this group can only be used by, for example, members 
of a certain institution or company. Another example is a platform that is open for 
developers, permitting anyone to develop components for the platform. In this case, 
the interfacing rules of the platform are openly available. In contrast, a platform can 
be open for end-users, but closed for developers. In this scenario, anyone can use the 
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platform, but components can only be developed by groups of specific people. The 
case for manufacturers and sponsors is analogous. Since the role of sponsors is related 
to the core functionality of the platform (e.g., interface design), it is possible that any 
sponsor may introduce changes (open for sponsors), but these are then rejected by 
the overall community of participants. For example, if a sponsor of an OoC platform 
would develop an interface between components based on a specific type of tape or 
glue, this interface adjustment may be rejected because it is incompatible with other 
modules. 

If an OoC platform is fully open, it will facilitate collaboration between all four 
participant groups. It is important to note, however, that an open platform does 
not require all its individual components to be open to the same groups as well. 
Subsets, for example OoC devices developed by a company, can be open for end-
users, but closed for developers and manufacturers. This way, companies can create 
proprietary components which are still compatible with an open platform. In fact, 
proprietary components may even be essential for long-term value creation and 
continued support of an open platform. 

Towards an open platform: Translational Organ-on-Chip Platform 
(TOP)

Recently, MFManufacturing - a consortium comprised of academic and industry 
partners from across Europe - took significant steps toward designing a standardized 
connection interface for microfluidics. 101–103 The proposed platform architecture 
consists of a fluidic circuit board (FCB) acting as a base plate and microfluidic 
building blocks (MFBBs) that are interfaced with the FCB in a standardized manner. 
In our view, the FCB is the microfluidic equivalent to the well-known electronic 
Printed Circuit Board (PCB) that serves as an internationally accepted standard in 
realization of electronic circuits, and which fast-tracked the industry’s higher level 
integration development to the complex systems of today. The MFBBs and FCB 
have standardized footprints, including footprints based on microscope slides and 
regular microtiter plates, and the fluidic inlets and outlets have a standardized pitch 
and diameter. These standards are based on a multi-stakeholder analysis and have 
been documented in an openly available ISO Workshop Agreement (IWA 23:2016). 

104 The MFBBs are interconnected through channels in the FCB to form a single, 
compact microfluidic system. In this way, a true “lab-on-a-chip” rather than a 
“chip-in-a-lab” can be created. S. Dekker et al. developed and characterized several 
MFBBs, forming an initial library. 103 Later, S. Dekker et al. built a coulter counter 
which had an electric layer integrated in the FCB in addition to the fluidic layers. 
Using this layer, the FCB could be interfaced with a printed circuit board. 105 Recently, 
we reported a platform following the same interfacing standards to parallelize three 
MFBBs designed for cell culturing 106,107, thereby demonstrating the potential of this 
platform for applications in the domain of OoC. 

To date, the FCB and MFBB platform concept is being ported to the field of OoC 
with the support of the Human Organ and Disease Model Technologies (hDMT) 
consortium which encompasses several Dutch universities, research institutes and 
OoC start-up companies. This open platform is now known under the acronym 
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‘TOP’ which stands for Translational Organ-on-Chip Platform. 108 MOoC MFBBs 
and various types of FCBs have been developed and are currently used for OoC 
research (Figure 4). We have developed advanced FCBs based on polystyrene and 
thermoplastic elastomers to offer pneumatic control to connected chips, but we 
have also developed simpler FCBs based on poly (methyl methacrylate), that offer 
re-circulation of medium through an OoC module in between two fluid reservoir 
modules. The TOP platform has been conceptually expanded to include a readout 
& control system tailored to OoC research. Proof-of-concept experiments have 
demonstrated that TOP can be used to build a simple fluidic network to connect an 
in-house developed OoC to a commercially available flow sensor. 

Importantly, TOP is supported by a network of end-users, developers, and 
manufacturers from both academia and industry, which is essential for a broad 
adoption of the platform and its interfacing standards. Currently, several research 
projects using TOP are in progress including the development of new FCBs as 
well as gut-on-a-chip, heart-on-a-chip, and cancer-on-a-chip MFBBs. TOP is only 
offering the first steps of an open OoC platform since all development so far has 
focused almost exclusively on modules and interconnects. However, development of 
control systems and software will play an important role in the future.

Figure 4: a) Schematic overview of the components of the “Translational Organ-on-chip Platform” 
(TOP). b) Example of a TOP set-up. c) Close-up of the collection of FCBs and MFBBs. From left to 
right, three FCBs in well plate format are shown. The left and middle FCB can be used to operate up 
to three complex MFBBs which are shown beside the FCB. The right FCB is shown fully assembled 
with both in-house MFBBs and MFBBs based on commercially available products.

Future Outlook 
OoCs have advanced the drug development process by stimulating scientists to 

increase the level of complexity of better mimicking human biology and physiology 
on a more systemic level. Further, the possibility to integrate more than one organ in 
the same model is an important and on-going effort in the field.  109–111 Microfluidic 
devices that contain the function of different organs have been connected with each 
other via vessels-on-chips to obtain the so-called “body-on-a-chip”. This concept 
captures the potential efficacy and toxicity of a drug in different organs. 109,112 An 
important advancement in the validation of MOoC usage in drug screening has been 
the integration of sensors to ensure continuous assessment of the microenvironment 
parameters (pH, oxygen, and temperature). 97 Kamei and colleagues have developed 
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an integrated system composed by a healthy heart-on-chip connected to a liver 
cancer-on-chip and recapitulated the cardiotoxic effect of the anti-cancer drug 
doxorubicin. 113 The side effect of the doxorubicin treatment on cardiac cells was due 
to toxic metabolites produced in the liver cancer cells. 

Especially relevant for cardiovascular research are models that include both 
vasculature and the heart. This can be achieved either by building a microfabricated 
vascular network that cardiac tissue can be shaped around 114 or generate vascularized 
cardiac microtissues via co-culture with ECs. The latter approach shows a higher 
biological relevance but comes with the challenge to interface the microtissue constructs 
with microfluidic circuits for controlled perfusion. To recapitulate complex, multi-
layered and interconnected tissue architectures remains impossible with the current 
engineering approaches utilized to build OoCs. However, the possibility to combine 
biological self-assembly capabilities of organoids with the controllable assembly 
of microfabricated OoCs represent an attractive advancement of both technologies. 
This has been demonstrated by a novel microphysiological model of the human retina 
derived from hiPSCs incorporated in a two-channels chip separated by a thin porous 
membrane mimicking the endothelial barrier and enabling the exchange of nutrients 
and metabolites. 115 An important challenge for cardiovascular OoC platforms is the 
ability to reproduce the chronic aspect underlying the progression of CVDs. Animal 
models in this respect are still somewhat irreplaceable; however, investigators 
can benefit from OoCs to study a specific mechanism and subsequently refine the 
targets to be evaluated in further animal models. The field of OoC is growing, and 
an increasing number of academic groups and companies are becoming active in 
the development of OoC systems. 116 All these OoC systems have different layouts 
and interfaces, which prevents them from being easily connected, interchanged, or 
compared. This lack of common standards for OoC systems is considered to be one 
of the major challenges in their future development and implementation. 91 Initiatives 
are currently emerging in the field to address this challenge, e.g., the development of 
a Translational Organ-on-Chip Platform (TOP) which aims to be an ‘open’ platform 
based on standards that are defined and supported by the stakeholders (developers, 
manufacturers, users) in the field (https://top.hdmt.technology/). Standardization 
and harmonization are not only of importance for the technical aspects of an OoC, 
but also for the cells and tissues that are integrated into the chips. Human cells are 
highly variable in terms of growth, stability, and function, particularly when primary 
tissues or stem cells are used as a source. Mainly users from the industry consider 
access to human cell material, including patient material, to be a major challenge. 117 
In the field of stem cell technology, efforts are made to address this issue by setting 
up open databases of available human stem cell lines, including their characteristics, 
sources, and restrictions to use (e.g., https://hpscreg.eu/). Overall, the use of OoC 
is rapidly moving from basic science to translational research to validate results 
from genomic studies and provide better models for drug testing, paving the way 
for personalized medicine. The combination of organ-on-chips with gene editing 
and iPSC use for better control of genetic background is becoming an innovative, 
attractive alternative for the functional study of the cardiovascular system.
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CHAPTER 3
GENERATION AND CULTURE OF CARDIAC 

MICROTISSUES IN A MICROFLUIDIC CHIP WITH 
A REVERSIBLE OPEN TOP ENABLES ELECTRICAL 

PACING, DYNAMIC DRUG DOSING AND 
ENDOTHELIAL CELL CO-CULTURE

Abstract 
Cardiovascular disease morbidity has increased worldwide in recent years 

while drug development has been affected by failures in clinical trials and lack of 
physiologically relevant models. Organs-on-chips and human pluripotent stem cell 
technologies aid to overcome some of the limitations in cardiac in vitro models. 
Here, a bi-compartmental, monolithic heart-on-chip device that facilitates porous 
membrane integration in a single fabrication step is presented. Moreover, the 
device includes open-top compartments that allow facile co-culture of human 
pluripotent stem cell-derived cardiomyocytes and human adult cardiac fibroblast 
into geometrically defined cardiac microtissues. The device can be reversibly 
closed with a glass seal or a lid with fully customized 3D-printed pyrolytic carbon 
electrodes allowing electrical stimulation of cardiac microtissues. A subjacent 
microfluidic channel allowed localized and dynamic drug administration to the 
cardiac microtissues, as demonstrated by a chronotropic response to isoprenaline. 
Moreover, the microfluidic channel could also be populated with human induced 
pluripotent stem-derived endothelial cells allowing co-culture of heterotypic cardiac 
cells in one device. Overall, this study demonstrates a novel heart-on-chip model 
that systematically integrates an open-top device with 3D printed carbon electrode 
for electrical pacing and culture of cardiac tissues while enabling active perfusion 
and dynamic drug dosing. Advances in the engineering of human heart-on-chip 
models represent an important step towards making organ-on-a-chip technology a 
routine aspect of pre-clinical cardiac drug development.
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Introduction
Cardiovascular diseases (CVD) are the leading cause of death in western society. In 

Europe alone, nearly 4 million people die every year due to CVD. 1 Drug development 
for CVD has been hindered, among others, by reduced investments in drug research 
due to multiple failed late-phase clinical trials. 2 

After years of development, drugs can fail in human trials for a variety of reasons, 
e.g., lack of efficacy or toxicity. Such unexpected outcomes of clinical trials are 
a clear illustration of the low correlation between results in common cell culture 
models and animal models on the one hand, and human subjects on the other. 3 This 
low correlation often stems from physiological and metabolic differences between 
animal models and humans. 4

With the advent of human stem cell technology, some of these hindrances can 
now be overcome. Human stem cells can be differentiated into tissue-specific cells 
that can be used for pre-clinical testing in drug development. Successful examples 
include the use of stem cell-derived cardiomyocytes for cardiotoxicity testing. 
5 Notwithstanding, cells derived from human pluripotent stem cells (hPSC), such 
as human embryonic stem cells (hESC) or human induced pluripotent stem cells 
(hiPSC), are often in an immature state and require more complex culture systems 
than basic 2D well plates to promote their maturation or organization into functional 
tissues. 

Traditional culture well plates do not provide the ideal microenvironment for 
stem cell cultures, lacking complex cell-cell and cell-extracellular matrix (ECM) 
interactions that have been recognized to play crucial roles in cell maturation and 
drug responses. 6 Moreover, essential biophysical aspects are missing in these 
conventional cell culture platforms such as geometrical cues to enhance muscle fiber 
alignment in hPSCs-derived cardiomyocytes (hPSC-CM) or shear stress stimulation 
on hPSCs-derived endothelial cells (hPSC-ECs), both of which are important for 
e.g., metabolic responses and recapitulation of the human cell microenvironment. 3

Various approaches to mimic relevant aspects of the microenvironment have 
successfully been implemented in cardiac in vitro models to improve their 
functional relevance. [1,7,8] Using microfabrication techniques, multielectrode arrays 
(MEAs) have been used to provide electrical sensing and stimulation to cultured 
cardiomyocyte monolayers. 9 Mechanical stimulation has been achieved in 2D 
using cultures on flexible muscular thin films that allow non-invasive sensing of 
contractile force and beating frequency. 10 Integration of multiple cardiac cell types 
in 3D spheroids has been shown to increase the resemblance with the cardiac 
microenvironment in healthy and diseased states. 11,12 Finally, by coupling co-cultures 
with electromechanical stimulation, engineered heart tissues (EHTs) and cardiac 
wires have been able to mimic relevant key aspects of cardiac physiology, such as 
heterotypic cell interaction, electrical actuation and biochemical cues that altogether 
capture many aspects of cardiac physiology and have been shown to enhance hPSC-
CM maturity. 13,14 

Organs-on-chips (OoCs) are microfluidic cell culture devices that allow culture 
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of cells in dynamic conditions with tight control over the physico-chemical 
microenvironment. 15,16 Moreover, OoCs allow the integration of sensors to obtain 
in situ readouts. 17,18 Many OoC systems that recapitulate certain aspects of cardiac 
function, known as ‘hearts-on-chips’ (HoC), have been reported. 19,20 Integration 
of the advances in cardiac cell culture with HoC technology has been done on a 
‘fit-for-purpose’ basis, where designs are guided by one specific aspect of cardiac 
physiology. Examples of this are HoCs with relatively simple mono-cultures that 
focus on electrophysiology [10,21,22] or on geometrical confinement. 23,24 Others have 
focused on more complex heterotypic co-cultures to realistically capture the cardiac 
tissue architecture. 14 Reported HoC devices with such complex co-cultures either 
have a planar configuration with side-by-side microfluidic compartments, 25,26 or they 
have a complex 3D configuration with advanced perfusable scaffolds. 27–29

One of the many advantages of OoCs is the ability to recreate in vitro tissue 
interfaces by engineering two stacked microcompartments separated by a semi-
permeable membrane. Additionally, the increasing evidence of the role that the 
endothelium plays in cardiac physiology requires more representative models to 
study these mechanisms. However, no HoC has been reported that makes use of 
3D cardiac tissue culture in combination with a perfusable microchannel in such a 
typical multi-layer configuration. This configuration would offer added advantages, 
such as control on the relative position, localized drug dosing and proximity of 
cardiac microtissues and an endothelial monolayer, ease of fabrication and selective 
perfusion of compounds in separate compartments. Combining cardiac and vascular 
cells in this configuration would help to establish models that better mimic the human 
cardiac anatomy. Increasing awareness of the role that the endothelium plays in heart 
function by the cross-talk between these cells, such as the nitric oxide effects and 
cytokine release upon infection, also support the creation of more complex in vitro 
models that are able to recapitulate some aspects of heart physiology. It would also 
allow seamless future integration of such HoCs into multi-organ ‘body-on-a-chip’ 
systems, which rely on linking organs-on-chips via microchannels. 

Here, we report the development of a versatile HoC device that mimics 3D cardiac 
tissue geometry by employing a novel multi-layer organ-on-chip design with a 
reversible open-top configuration and an easy one-step fabrication process resulting 
in a monolithic device. The open top enables direct seeding of hPSC-CMs and cardiac 
fibroblasts in microwells with defined 3D geometries in close proximity with a 
subjacent microfluidic channel where a drug can be locally administered and be lined 
by hPSC-ECs. The open top also allows reversible integration of 3D-printed carbon 
electrodes for stimulation of the cardiac tissues. Having a multi-layer configuration 
allows selective perfusion of each compartment with a defined medium of choice. 
Moreover, we use the HoC to demonstrate that highly localized and dynamic drug 
dosing of cardioactive drugs through the microfluidic channel more closely mimics 
the kinetics of drugs in cardiac tissue.
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Results and discussion
Heart-on-Chip Design and Fabrication

The HoC device was designed to establish a controlled 3D co-culture with cardiac 
tissues and endothelial cells in a perfusable device. The compartmentalization of the 
device and the membrane dividing both compartments made it possible to fluidically 
stimulate the endothelial cells without disturbing the cardiac tissues.

As depicted in Figure 1A, the HoC hosts eight cardiac microtissues in two 
fluidically independent culture chambers. In Figure 1B left a top schematic view of 
the HoC is shown demonstrating the integrated porous polyester membrane and the 
monolithic design of the HoC.

Similar to compartmental pharmacokinetics assays, 30 where each organ is 
represented by a compartment, the HoC design takes this philosophy into 
consideration by creating two compartments depicted in Figure 1B right that can be 
selectively perfused with a medium of choice. The shape of the 3D cardiac tissue 
compartment was adopted from earlier study 23 that reported on the benefits of using 
such a geometry for the uniaxial alignment of the fabricated cardiac microtissues’ 
muscle fibers and it could potentially be altered to another geometry of choice. In 
this study, overall cytoskeletal alignment was not present; however, it is considered 
a hallmark of cardiac tissue functionality and contractility 31. This geometric 
configuration provides a template in which microtissue remodelling culminates in a 
configuration similar to that of engineered heart tissues. Promoting this configuration 
has been shown to recapitulate the cardiac cell structure in vitro. 32 

The cardiac microtissues were reversibly enclosed in the open-top compartments 
in the top layer of the device. This open-top configuration enables facile seeding 
of cardiac cell suspensions, medium sampling and cardiac microtissue retrieval at 
any point of the culture and prevents detrimental media evaporation. Moreover, 
when reversibly sealing the top compartment with a glass seal, perfusion of the 
microchannel could be performed with flow rates and pressures of up to 147 µL/
min and 18 mbar. The sealing of the glass seal relied on evaporation and subsequent 
formation of protein deposits in a pre-designed micropatterned zone around the edge 
of the full top compartment without any glue or tape (Figure S1). When double-
sided tape was applied, the seal strength could be further improved, allowing flow 
rates and positive pressures of up to 339 µL/min and 65 mbar, respectively.

The ability to selectively perfuse the microfluidic channel allows perfusion 
of controlled concentrations of drugs through the microchannel for localized 
administration of drugs to the cardiac microtissues. This is a relevant feature for drug 
studies, where localized drug administration is extremely useful to gain insight into 
how cells in a tissue react to a specific drug at different concentrations. 

The fabrication of the device was designed to be simple, requiring as few steps as 
possible employing an injection-molding-like fabrication technique adopted from. 

33 This method allows fabrication of multiple HoCs in a one-step process, yielding 
monolithic devices with integrated porous membranes that do not require the use of 
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Figure 1. Heart-on-chip features, configuration and fabrication process. A) Picture of the heart-on-
chip device. B) on the left, the top schematic view of the heart on chip device depicting the mono-
lithically integrated porous membrane in yellow; on the right, schematic cross-sectional view of the 
culture compartments (note: not to scale), the cardiac microtissues, its respective cell types and its 
real dimensions. C) General overview of the fabrication process of the heart-on-chip. i) Membranes 
are cut and fixed on the shapes mold using double sided tape; the mold parts were then brought to-
gether and the magnets applied in their respective pockets ensuring application of uniform pressure. 
ii) PDMS is degassed and injected into the mold using a syringe, bubbles are allowed to escape 
the mold and cured in an oven. Magnets clamp the porous membrane between the dumbbell shape 
and the channel avoiding PDMS infiltration; iii) after PDMS curing, molds were separated and the 
heart-on-chip devices were diced after being peeled of the mold; iv) isometric schematic view of the 
assembled heart-on-chip device and the glass seal used to reversibly close the cardiac compartment 
and respective dimensions.
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toxic glues or multi-step protocols typically needed to integrate porous membranes 
in multicompartment organs-on-chips (Figure 1C, i). 16 Additionally, this method 
prevented issues with fluid leakage and infections that could occur due to the open 
conduit the medium typically forms with the surrounding space. The neodymium 
magnets employed in the chip fabrication were able to provide an evenly distributed 
and consistent clamping force that prevented the PDMS infiltration over the porous 
membrane, which would otherwise obstruct the fluid link between the two culture 
compartments. Recently, we demonstrated that the same technique also allows 
facile integration of other membranes in organ-on-chip devices, including biological 
membranes of varying thicknesses while still avoiding PDMS infiltration over the 
porous membrane. 34 The membrane stripes were held in place by the cured PDMS 
since they were embedded along the body of the device, avoiding its collapse onto 
the subjacent microfluidic channel.

 Injection of PDMS into the molds generated bubbles that naturally escaped via 
the top opening of the molds after room temperature incubation, leaving the mold 
bubble free (Figure 1C, ii). After the PDMS curing step, the removal and dicing of 
the HoCs was performed with caution to not separate the integrated membranes from 
the PDMS (Figure 1C, iii). Finally, the slabs of PDMS were bonded to a glass cover 
slip with spin-coated PDMS. The PDMS on the cover slip provided a homogeneous 
environment to the cells in the microchannel and practically prevented bonding issues 
between the coverslip and the monolithic HoC (Figure 1C, iv). Due to the facile 
fabrication of the HoC, the devices were treated as a disposable unit. Reutilization of 
the HoC would be possible by using commercially available biochemical detergents 
in a sequence of cleaning steps. However, ensuring that the devices are entirely 
free of bio residues resulting from previous experiments is difficult to assess and 
guarantee. Moreover, surface chemical functionalization required for enhanced cell 
adhesion entails exposure to oxygen plasma exposure that ultimately creates a glass-
like film that could affect the chemical functionalization.  The use of more reusable 
materials, such as COC and glass pose challenges in membrane integration while 
keeping the distance from the bottom of the channel to the tissue, further reducing 
the use of high amplification objectives.

Cardiac microtissues in the Heart-on-Chip
The role that the microenvironment plays in cell culture highlights the relevance 

of integrating 3D cultures in HoC devices. Significant differences have been found 
between 2D and 3D cardiac cultures with respect to their maturity and functionality. 

12 Moreover, the integration of multiple cardiac cell types in 3D cardiac cultures has 
been shown to promote maturity markers in CMs and better recapitulate in vitro 
the microenvironment these cells would experience in vivo. 11 These characteristics 
highlight the advantages that cardiac microtissues have over 2D cultures. 

We integrated cardiac microtissues that were fabricated using a human embryonic 
stem cell line with two reporter genes for the transcription factor NKX-2.5GFP/+ 
and the fluorescently tagged sarcomere accessory protein α-actinin with GFP and 
mRuby, respectively. 35 NKX-2.5 is a cardiac-specific marker used to identify hPSC 
committed to a cardiac phenotype 36 while α-actinin allows the visualization and 
assessment of the contractile units of these cells. 
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Ensuring uniform cardiac microtissue fabrication is crucial to guarantee 
reproducibility of drug exposure assays since differences in sizes may alter the 
dynamics of tissue oxygenation and drug concentration seen by the cells. To that 
end, we optimized the fabrication of cardiac microtissues by working with well-
characterized batches of cells and by identifying the optimal ratio of CMs and cFBs. 
We characterized the percentage of CMs present in the cell population obtained 
after differentiation using flow cytometry and the reporter genes of the hPSC-
CMs (Figure S2). The percentage of NKX-2.5 and α-actinin positive cells was 67 
± 11% (average ± STD). Even though the differentiation efficiency was relatively 
consistent, introduction of an additional cardiac cell type, human adult cFB, at a 
ratio of CMs/cFB of 1:10 improved the cardiac tissue compaction (Figure S3). 
cFBs highly improved the consistency of the cardiac microtissues by allowing the 
tissues to remodel and compact inwards and pinning them in the shaft of the cardiac 
compartment. By applying these optimized cell culture conditions, we were able to 
obtain homogenous compaction among the fabricated tissues in a consistent manner 
after three days of culture (Figure 2A). The tissues started beating between day 3 

Figure 2. Cell culture in the cardiac and microchannel of the heart-on-chip. A) On day 0 the hydro-
gel-cell mix fills the entire dumbbell-shaped compartment and after 3 days the tissues have com-
pacted and pinned in the shaft of the compartment. B) Close-up on one 3D cardiac tissue in bright 
field and fluorescent microscopy using the GFP reporter gene NKX-2.5 and the fluorescently tagged 
α-actinin sarcomeric protein. C) Close-up at the single cell level showing the striated sarcomeric 
structures of hPSC-CMs in the 3D cardiac tissue using the fluorescently tagged α a-actinin protein. 
Scale bar 20 µm.



40

and day 7 after seeding in the HoC (Supplementary Movie 1). The day at which the 
tissues started beating was highly dependent on the cell differentiation batch used. 
Moreover, cardiac microtissues in culture kept beating for a maximum period of 30 
days with three changes of medium per week. The extended culture period may be 
important for future applications, as it allows cells in the tissue to form heterotypic 
and homotypic cell connections for their electromechanical coupling and paracrine 
communication. 37

The NKX-2.5 reporter gene in the hPSC-CMs proved useful to determine cell 
distribution in the cardiac microtissues without laborious staining protocols. Based 
on fluorescence microscopy, the CMs were evenly distributed throughout the cardiac 
microtissues (Figure 2B). This homogeneity also indicated that there were no cFBs 
clusters in the formed tissues. In case a non-homogenous distribution of cFBs would 
have been observed, this could have resulted in the formation of cardiac microtissues 
resembling a fibrotic state. 14

In turn, fluorescently tagged α-actinin allowed analysis of the organization of the 
sarcomeres in live samples and throughout an experiment (Figure 2B). In the present 
study, we were able to verify the striated pattern characteristic of the sarcomeric 
structure of the CMs due to the α-actinin/mRuby fusion protein. The presence of 
these structures indicates the maturity of the contractile machinery of CMs in the 
microtissue closest to the microscope objective and even though not studied here, it 
could enable the assessment of the sarcomeric structural mutations involved in dilated 
cardiomyopathy. 38 However, to better characterize CMs maturity using α-actinin, 
long working distance objectives are required to reach the cardiac microtissues, 
which are at approximately 300 µm from the glass coverslip. One disadvantage of 
long working distance objective is their high numerical aperture which is detrimental 
to resolve the fine sarcomeric structures of the CMs contractile machinery. In the 
present form of the HoC, it is not possible to evaluate the expression of these proteins 
in the entirety of the cardiac microtissue with common fluorescence microscopy and 
more advanced imaging techniques would need to be explored. 

In this study, no obvious sarcomeric alignment was seen in the closest volume 
that could be imaged of the cardiac microtissues (Figure 2C). It has been reported 
that cardiac tissues require an anchorage point in order to increase the uniaxial 
contraction. 23 In our case, the tissues were not anchored to the PDMS substrate of 
the squared-shaped region of the dumbbell-shaped cardiac compartment but pinned 
in the shaft of said compartment. Even after chemical functionalization to promote 
anchorage of CMs to PDMS, 39 tissues did not anchor to the bottom of the squares 
of the cardiac compartment, which may be the reason for the relatively randomly 
oriented sarcomeric structures. Differences between the present study and the one 
previously reported 23 may be due to differences in the thickness and cell density 
of the cardiac microtissues. Further optimization of the cell density, dumbbell 
shape dimensions and cell density should be studied in more depth to recapitulate 
the results previously reported in terms of sarcomeric fiber alignment. Inclusion of 
flexible micro pillars 40 or microelectrode arrays 21 would enable better assessment of 
the maturity of the formed cardiac microtissues by evaluating the force of contraction 
these microtissues can exert as well as their electrophysiological profile. 



41

 Overall, a protocol for cardiac microtissue fabrication in a systematic and 
standardized manner was established and successfully characterized. In order to 
reduce the variability of the CMs population inherent to hPSC-CM differentiation, 
an extra step of purification should be implemented. Alternatives to do so include cell 
sorting techniques and chemical purification using nutrient selective protocols that 
promote cardiac cell viability while reducing non-cardiac cells viability by lactate as 
an energy source. 41

Electrical stimulation of cardiac microtissues using an E-lid with 
3D-printed pyrolyzed carbon electrodes

With each heartbeat, cardiac cells synchronously contract after being triggered by 
an action potential generated by the sinoatrial node – the heart pacemaker. To mimic 
this mechanism, depolarization of CMs using electrical pulses has been used in vitro. 
Thus, electrical pacing is a valuable feature to include in HoCs devices and reviewed 
elsewhere in more detail. 42 Integration of electrical pacing aids in the maturation of 
CMs further mimics the in vivo microenvironment. 13

We were able to pace the cardiac microtissues in our HoC using an electronic lid 
(‘E-lid’) comprised of highly customizable 3D-printed pyrolytic carbon electrodes 
(Figure 3A and B) instead of the glass seal (Figure 1C iv). The E-lid encompasses 
a set of eight pairs of pyrolytic carbon micropillars electrodes with a height of 1.45 
± 0.16 mm and a diameter of 158 ± 8 µm connected to two electrical carbon pads 
that allow the connection to a signal generator of choice (Figure 3A). Designs 
with different dimensions were tested in order to determine the dimensions of the 
micropillars electrodes that would best fit in the dumbbell-shaped wells of the 
cardiac compartment. The effects of printing accuracy and mass loss during the 
pyrolysis process of the micropillar electrodes can be appreciated in Figure S4. Due 
to the high conductivity of carbon and its low secondary reactions with the culture 
medium, 43 common hurdles in long-term electrical stimulation assays with metallic 
electrodes can be overcome. More importantly, carbon biocompatibility allowed 
seamless integration of the electrodes and cell attachment to the electrodes. During 
pacing, the electrodes did not show any signs of drastic disturbances of the cell culture 
microenvironment, medium pH changes or bubbling. Despite the good attachment 
of the cells to the pillar electrodes, no obvious alignment could be detected by using 
a fluorescence inverted microscope and the fluorescently tagged reporter α-actinin 
gene. Two-photon microscopy or transmission electron microscopy are techniques 
that can be employed to better elucidate the sarcomeric structural organization of the 
tissues in these conditions.

We measured the electrical conductivity of the carbon leads with the electrodes, 
which was 80 ± 13 mΩcm, (average ± STD), which is similar to what has been shown 
before for 2D pyrolytic carbon. 44 Additionally, we also employed cyclic voltammetry 
to verify if the 3D-printed pyrolytic carbon electrodes were conductive and had an 
electroactive surface able to provide electrical stimulus to the cardiac microtissues 
(Figure 3C). The considerably higher anodic and cathodic peak currents for the 3D 
carbon electrodes confirmed an increased electrode surface area compared to 2D 
electrodes without the 3D pillars. This demonstrated a successful structural and 
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electrical integration of highly conductive 3D carbon pillars on the E-lid required for 
in situ stimulation of the cardiac microtissues. Furthermore, the increased surface 
area for signal transduction and close interaction with the cardiac microtissues and 
the E-lid’s electrodes allows reducing the applied potential difference between the 

Figure 3. E-lid with carbon electrodes integrated in the heart-on-chip. A) The glass seal is replaced 
by the E-lid shown in a schematic form, bottom, and in a picture depicting the connection of the 
E-lid to the stimulus generator - top. B) Schematic view of the opened device depicting the HoC and 
the E-lid and the respective electrodes. A schematic view of the electrodes is shown in the top right 
and in the bottom right a scanning electron microscopy image shows one of the 3D printed pyrolytic 
carbon electrodes with a height of 1.45 mm and a diameter of 158 µm. C) Cyclic voltammogram 
recorded with 10 mM Ferri/ferrocyanide at a scan rate of 50 mV/s comparing an E-lid with flat 
carbon electrodes (red) with one having 3D pillars (black). D) Alignment of the electrodes in the 
dumbbell-shaped compartment without cells. E) Fluorescent picture of a 3D cardiac tissue attached 
to the carbon electrodes in monoculture in green with NKX-2.5 reporter gene and an inset in red 
with α-actinin tagged protein (scale bars are 500 µm and 200 µm, respectively) on the left-hand side 
and in the center and on the right a motion heatmap of the cardiac tissues generated with optical 
flow image analysis using OpenHeartWare script. F) Beating frequency plots of a cardiac tissue 
obtained using kymography and their respective Fourier transform evidencing the dominant pacing 
frequency in the cardiac tissue beating pattern at 1 Hz and 2Hz.
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electrode pairs to elicit an action potential. This reduces undesirable water dissociation 
and culture medium acidification typically seen in 2D or Pt wire electrodes, which 
is detrimental in electrical stimulation experiments. Further characterization of the 
fabricated electrodes using electrical impedance spectroscopy would be required to 
better understand the electrochemical phenomena taking place during stimulation 
with these electrodes, as well as the characterization of their charge storage capacity 
which is a relevant parameter in electrode stimulation design.

After injection of the cardiac cell suspensions, but prior to hydrogel gelation, the 
E-lid was used to seal the device using double-sided tape. The electrodes were 
centered in the cardiac compartment ensuring equal distribution of cells around them 
(Figure 3D) thanks to the electrodes being introduce prior to gel gelation. Inserting 
the electrodes at this stage also avoided any cellular damage caused by the electrode 
placing, since cells were displaced upon their insertion. Cardiac microtissues were 
cultured for at least 10 days prior to electrical stimulation. During this period, cells 
compacted and wrapped around the carbon electrodes and were autonomously 
beating, due to the biocompatibility of carbon as an electrode material and an 
increase in electrode-tissue contact area (Figure 3E, left). Microtissue remodeling, 
beating and CMs expression of fluorescently tagged α-actinin provided indirect cues 
of cell viability (Figure 3E, α-actinin inset and Supplementary Movie 2).

Due to the difficulties in effectively cleaning the carbon electrodes from bioresidues 
left from previous experiments, each E-lid was used only once. Accumulation of 
bioresidues would also possibly affect electrical signal conduction from the electrodes 
to the cardiac tissue. This is a common issue with electrodes in general, designated as 
biofouling and the electrodes of the E-lid are also subjected to such effects. 

Exposure of cells to electrical fields leads to a charge imbalance in the extracellular 
space created by the ion migration towards the electrodes of opposing charge. Due to 
the relatively high impedance of the cellular membrane, the cytosolic ion distribution 
remains unaltered. The anisotropic charge distribution in the extracellular and 
intracellular space hyperpolarizes one extremity of the cells while depolarizing 
the other. When a threshold is reached, the action potential is triggered and thus 
cell contraction takes place. 45 In cardiac tissues, however, the description of this 
phenomenon is more complex due to the heterogeneity of the tissue and the presence 
of cellular gap junctions that electrically couple the cells that populate the tissue 
and alter signal propagation. The details of this phenomenon have been reviewed 
elsewhere in more depth. 45 Briefly, cells near the electrodes depolarize and trigger an 
action potential that propagates along the tissue due to the presence of gap junctions 
in the cells. 

In order to determine the excitation threshold (ET), i.e., the minimum potential 
difference required to elicit a tissue contraction, we progressively increased the 
potential difference between the electrodes from 10 mV up to 350 mV. Typically, the 
ET is visually determined and subsequent stimulus is performed as high as 200% the 
ET to ensure that all cells are being effectively stimulated and with common values 
ranging from 2 to 10 V. [13,21,46] Increasing the potential difference may introduce 
undesirable effects such as hydrolysis in the culture medium. Moreover, visual 
detection of the ET is a subjective measure that may introduce errors due to user bias. 



44

To overcome this limitation, we used the Fourier transform of the beating signal to 
determine the ET. Thus, the ET was established as the minimum potential difference 
where the electric stimulation signal frequency was identified in the Fourier transform 
of the tissue beating signal.  Using this method, the ET was determined to be at 350 
mV (Figure S5). 

At this potential, cardiac tissues were exposed to an estimated electrical field of 1.6 
V/cm, sufficient to achieve synchronized beating at 1 Hz and 2 Hz (Figure 3F and 
Supplementary Movies 3 and 4). This field strength is below the minimum 2 V/
cm value reported in literature. 13,14 Due to the proximity and increased contact area 
between the CMs in the cardiac tissue and the electrodes, we were able to reduce the 
electric field required to capture the cardiac tissues contraction, and consequently 
reduce water hydrolysis when compared to platinum wires electrodes. Avoiding 
these electrochemical reactions allows to increase pacing efficacy, electrode life 
and to avoid disturbances of the cell microenvironment. The optional integration of 
the E-lid further increases the versatility of the HoC providing integrated electrical 
stimulation over longer periods of time.

Localized drug dosing to the heart-on-chip
To test the ability of localized drug administration and the functional aspects 

of the formed cardiac microtissues in the HoC device, we stimulated them with 
isoprenaline. Isoprenaline is a non-selective β-adrenoreceptor agonist and has 
similar effects as epinephrine. The effect of isoprenaline on cardiac cells is relatively 
well-characterized. It is known to have a positive chronotropic effect, i.e., increase 
the beating frequency. 47

The drug was dynamically administered through the subjacent microfluidic channel, 
allowing for a localized drug administration to the cardiac microtissues through the 
porous membrane that allows fluidic communication with the cardiac compartment. 
Additionally, the ability to perfuse the bottom compartment allows an unperturbed 
microenvironment of the top cardiac compartment where the cardiac microtissues 
are cultured, reducing sudden microenvironmental changes that occur when spiked 
medium is exchanged in the device. This feature of the HoC is also found in other 
HoC devices in literature. 48,49 However, the devices reported so far that integrate full 
3D cardiac microtissues have a lower cell density, as evidenced by the fluorescence 
microscopy images. In our case, the higher cell-to-hydrogel ratio increases the 
chances of intercellular contact in the microtissue allowing homogeneous contraction 
(Supplementary Movie 1).

To test the localized dynamic drug administration in the HoC, the cardiac 
microtissues were cultured for a period of 14 days prior to the assay. On day 14, 
the beating rate of the cardiac microtissues was recorded and served as a baseline. 
Isoprenaline was then administered in spiked medium through the subjacent channel, 
rocked and incubated for 5 min inside an incubator with 5% CO2

 and at 37°C (Figure 
4A, B left). The process was repeated with increasing spiked medium concentrations 
- ranging from 1 to 30 nM. Similar in vivo plasma concentrations of 0.39 ng/mL (1.85 
nM) after isoprenaline intravenous administration have been previously reported. 50  
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To gain insight into the amount of drug reaching the cardiac tissues when 
administered via the subjacent channel after a 5 min incubation period, computational 
fluid dynamic (CFD) and mass transport modeling of the drug diffusion through 
the porous membrane was performed at the lowest concentration administered, 
1 nM. The CFD analysis revealed that after the 5 minute incubation period, the 
cardiac microtissues would be exposed to a concentration equal to that of the spiked 
medium (Figure 4B right). Hence, the localized administration of the drug through 
the subjacent channel was able to expose the cardiac tissues to the intended drug 
concentration without disturbing the cardiac compartment microenvironment. 

In terms of biological response, an increasing trend in the beating frequency of 
the individual cardiac microtissues was observed for most of the tested cardiac 
microtissues at any of the given tested concentrations. Figure 4C depicts the 
chronotropic response of each of the tissues tested at the lowest and highest 
concentration. A summary graph of all the tested concentrations is available in 
Figure S6. Overall, an increasing beating frequency trend upon administration of 
isoprenaline could be observed, with a clear dose-dependent response (Figure 4D). 

Figure 4. General overview of the drug dosing in the heart-on-chip, CFD diffusion study and chro-
notropic response of the cardiac microtissues. A) Cardiac tissues were seeded and cultured for 14 
days prior to drug administration with medium changes every 3 days. A baseline of the beating 
frequency was recorded, drug was administered and incubated for 5 minutes and the new beating 
frequency was recorded. B) Localized drug administration was performed through the subjacent 
microfluidic channel. A cross-sectional schematic view illustrates the drug administration path (left) 
and the zoomed in view of the drug diffusion from the microfluidic channel into the cardiac com-
partment (middle). In the CFD analysis the drug diffusion at 1 nM during a 5 minute incubation 
was studied for the incubation period (right). C) Overall increasing trend of the individual cardiac 
microtissues chronotropic response for the lowest and highest isoprenaline concentration locally 
administered through the microfluidic channel. D) An overall increasing trend was detected in all 
tested concentrations of isoprenaline for the different tested concentrations. Error bars represent 
S.E.M. and n=11.
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This result, in combination with the CFD analysis, highlights the ability to locally 
administer drugs via the subjacent microchannel while avoiding sudden changes in 
the cardiac microtissues microenvironment. Moreover, the positive chronotropic 
response of the cardiac tissues agrees with the results from the CFD. To further 
support the CFD results, experimental data with the diffusion of a tracer of similar 
molecular weight could be useful. However, localized quantification of three-
dimensional gradients of a specific drug or fluorescent tracer on short timescales is 
technically challenging and is therefore not feasible in the present form of the HoC. 

Local dynamic drug dosing is a feature of interest for drug assays, in which the 
pharmacokinetics – the change of effective drug concentration over time – is an 
important factor to consider. 51 Moreover, the localized administration in small 
volumes is also important for assays that aim to study paracrine intercellular cross-
talk in cardiophysiology, since having large volumes of cell culture medium between 
different cell types may attenuate the magnitude of the effect under study due to 
dilution of active chemical species.

Altogether, we were able to demonstrate the positive chronotropic response of 
the fabricated cardiac microtissues to isoprenaline, highlighting the physiological 
functionality of the tissues.

Co-culture of endothelial monolayers and cardiac microtissues in the 
Heart-on-Chip

Once regarded as an inactive epithelial tissue, the endothelium has been revealed 
to play crucial roles in cardiac health and disease. 52 ECs are abundant in the heart 
forming capillaries that irrigate the cardiac tissue 53 and are involved in several 
aspects of cardiac physiology, such as paracrine signalling, 54,55 fatty acid metabolism, 
maturation, and differentiation during development 56,57 to name a few. Moreover, the 
endothelium is constantly exposed to a frictional force caused by the blood flow 
that is important for ECs metabolism. 58 In vitro, ECs have been shown to express 
different phenotypes when cultured under shear stress, such as elongation parallel to 
the flow direction 59 and changes in permeability of the formed monolayer. 60

The porous membrane that separates the cardiac compartment from the microfluidic 
channel does not fully recapitulate on its own the fluidic path that drugs would 
undergo in vivo. In vivo, endothelial cells form a monolayer that line the cardiac 
vasculature, providing a supporting barrier to the adjacent cardiac tissue.

Aiming to mimic this configuration in the HoC, we established a co-culture 
with hPSC-ECs lining the subjacent channel previously used for localized drug 
administration of the cardiac microtissues (Figure 5A). We assessed the confluence 
of the hPSC-EC monolayer monocultured in the HoC by fluorescently labelled 
F-actin filaments and hPSC-ECs were able to fully cover the subjacent channel in 
monoculture and co-culture conditions (Figure 5B). Since the area of interaction 
between the two compartments is limited to the shaft of the cardiac compartment, we 
investigated the coverage of the hPSC-ECs at this location in co-culture conditions 
and confirmed that the hPSC-ECs were able to form a continuous monolayer lining 
the subjacent channel (Figure 5B).



47

The use of a custom-made rocking platform reduced labour-intensive setup of 
microfluidic pumps and ensured, via mass transport, that hPSC-ECs were cultured 
in a homogeneously distributed nutrient medium as opposed to the gradients that 
typically develop over the length of microfluidic channels in static cultures. The 
versatile design of our device still enables active medium perfusion using pressure-
driven or syringe pumps to attain higher control and stability on fluid flow through 
the microfluidic chip if desired. 

In our setup, the shear stress generated from the gravity driven-flow was calculated 
to reach a maximum of 0.44 Pa (Figure S7), equivalent to a vein microenvironment. 

61 Due to the high width-to-height ratio of the microchannel, the fluid flow front gets 
closer to a planar shape reducing the characteristic parabolic profile of the Poiseuille 
pressure-driven flow front (Figure S8). 

Figure 5. Endothelialisation of the subjacent microfluidic channel. A) On the left, schematic top view 
of the HoC device and the dumbbell-shape cardiac compartment with the subjacent microfluidic 
channel. On the right, schematic cross-sectional view of the culture compartments and its respective 
cell types. B) Endothelialisation of the microfluidic channel in monoculture and co-culture condi-
tions, both demonstrating good coverage of the microfluidic channel. C) Fluorescent microscopy 
micrograph of a closed-up view of the hPS-ECs cultured for up to 5 days on a rocking platform with-
out any evident cell alignment. Flow direction was from left to right and vice-versa. In both B and 
C, the cytoskeleton of the hPS-ECs was stained with actin-green and their nuclei with DAPI in blue.
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Due to the homogenous, mechanical and chemical, microenvironment created by 
spin-coating PDMS on the glass coverslip, hPSC-ECs were able to form a confluent 
monolayer in the microfluidic channel adhering to the top and partially covered the 
bottom of the channel as depicted in Figure S9. However, under these conditions 
of low shear and bi-directional flow, no evident hPSC-ECs alignment could be 
detected in our culture setup (Figure 5C). The low shear stress magnitude and the 
consideration that the mechanisms enabling endothelial cells to sense shear forces 
require the convergence of several different pathways, 58 may explain the lack of cell 
alignment to flow direction. Moreover, certain phenotypes do not align in response 
to shear stress 62 and immaturity of hPSC-ECs is a known shortcoming of hiPSC-
derived cells that typically resemble an embryonic stage. 63 Elucidation of the factors 
at play in mechanical stimulation is an ongoing subject of research. Characterizing 
the phenotype of hPSC-ECs and evaluating their maturity will be a key factor on 
the recapitulation of the in vivo microenvironment in HoC systems like the one here 
presented. 

As proof-of-concept, we co-cultured endothelial cells with the cardiac microtissues 
for a maximum period of 5 days on a rocking platform until a monolayer was obtained 
(Figure 5B). These preliminary results demonstrated that upon co-culture, no changes 
in the morphology of hPSC-ECs were detected and no significant alterations were 
found in the beating frequency of cardiac microtissues. However, more in depth 
characterization is required to fully assess changes in either cell type, i.e., hPSC-
ECs and cardiac microtissues. Importantly, these preliminary results show the 
feasibility of co-culturing these cell types in the HoC and the hPSC-ECs expression 
of vascular endothelial cadherin adherent junction protein that is typically present 
in endothelial cell monolayers (Figure S10). Further assays for the characterization 
of the engineered endothelial monolayer are required to better elucidate relevant 
aspects, such as its permeability and endothelial-cardiac cross-talk between the cells 
cultured in each one of the compartments.

Altogether, the ability to co-culture a monolayer of hPSC-ECs with cardiac 
microtissues in the HoC is of added value as a tool to enable future studies in 
cardiac-endothelial cross-talk in the context of cardiovascular diseases. 64 By taking 
advantage of the bicompartmental character of the HoC here presented, each of the 
different compartments can be independently tuned. The vascularized microfluidic 
channel could integrate geometrical features that would allow localized increase in 
shear rate exposure of the cultured ECs mimicking early stages of atherosclerosis 
and pro-inflammatory states where the EC monolayer permeability and disruption of 
cell adherens junctions could be studied in more detail. Cell extravasation, from one 
compartment to another, as reported earlier 65 in a device with a similar configuration, 
could also be potentially included. Regarding the flow pattern of the microfluidic 
channel, the device could be subjected to oscillatory and pulsatile flow to mimic 
the mechanical shear stress cells experience in vivo. Lastly, co-culture of different 
tissues in a parallel configuration similar to that of the HoC could bring new tools for 
the study of cancer cell extravasation 27 and cytotoxicity assays in order to mimic the 
crosstalk of the different cells culture in the different compartments.
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Conclusion
We have successfully developed a HoC model that integrates hPSC-derived cardiac 

microtissues and demonstrated that the microtissues in the HoC can be paced at 
voltages that are lower than what has ever been reported due to the integration 
of 3D pyrolytic carbon electrodes and cell attachment to the electrodes. We also 
demonstrate that cardiac tissues respond to inotropic drugs that are dosed in the 
subjacent microfluidic channel with an increasing beat frequency trend, typical of 
isoprenaline. Overall, our HoC represents a novel platform for studying cardiac 
physiology and drug responses in vitro in a versatile open-top microfluidic device.

Other HoC devices that integrate cardiac microtissues with adjacent compartments 
have been previously reported. 27,48 Compared to these models, our design presents an 
improvement on the ease of fabrication without sacrificing the anatomical relevance 
of the model. The design of our device also follows the conventional organ-on-chip 
configuration of two compartments with a semi-permeable membrane. This presents 
advantages on the formation of a tissue-tissue interphase that more closely mimics 
the heart and may facilitate future integration into ‘body-on-chip’ systems in which 
several organs-on-chips are linked by identical vascularized compartments. 66 Similar 
to these models, proof-of-concept results in our HoC demonstrate the feasibility 
of co-culturing hPSC-ECs with the cardiac microtissues by endothelializing the 
subjacent microfluidic channel. However, more in depth characterization is required 
to better characterize these cells and their interaction in co-culture conditions. 

One distinguishing aspect of our HoC device is the open-top configuration of the 
design. This allows easy access to the cardiac tissue compartments during and after 
culture. The controlled geometries of the 3D cardiac tissue compartments enable a 
high degree of control over the tissue morphology, including those that show benefits 
on 3D cardiac tissue formation. 23 Moreover, the open-top configuration allowed the 
optional integration of an E-lid for electrical stimulation of cardiac tissues. 

Improvement of models like the one here presented must be accompanied by 
development in the field of stem cell technologies where efforts are being made to 
enhance the maturity and phenotype of differentiated cells, bringing them closer to 
an adult state and away from the current embryonic or fetal phenotypes. 31 Due to the 
non-standardized fabrication methods in the organ-on-chip field, throughput of HoC 
platforms like ours is another limiting factor where this organ-on-chip technology 
could benefit from further improvements. Although we aimed at lowering the threshold 
for performing assays in a HoC, the field is still far from being able to compete 
with high-throughput technologies such as high-content imaging and automated cell 
culture. 67 Future efforts are needed to combine our HoC with microfluidic platforms 
for automation of perfusion 68 and sensing. 69

Organ-on-a-chip technology presents unprecedented opportunities to closely 
mimic in vitro the dynamic microenvironment that cells are exposed to in the 
human body. The further integration of 3D cell culture with hPSC-derived cell 
technologies opens a wealth of tools to introduce human physiology in HoC models. 
Additionally, the high level of control over mechanical, biochemical, and electrical 
stimuli in these cell culture platforms ensures that HoC models better recapitulate 
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the in vivo microenvironment of tissues than common cell culture hardware. This 
microenvironment plays an important role on providing the correct cues for these to 
maintain and in some cases mature their phenotype. 

The development, validation and use of HoC models like the one presented here will 
enable the realization of a more informed drug discovery process. There, OoCs will 
be used to their full potential in the assessment and discovery of intricate biological 
questions where the use of animal models fail to replicate human physiology and 
current cell culture techniques lack the complexity the human body.

Experimental Section
Chip design and Fabrication: The HoC device is comprised of two independent 

microchannels which are each connected to their own respective set of four cardiac 
compartments. The cardiac compartment and microchannels are fluidically connected 
through a 10 µm thick polyester (PE) porous membrane with 8 µm diameter pore-size 
(GVS Life Sciences, USA). The cardiac compartments consist of dumbbell-shaped 
wells similar to what has been reported previously 23 in which cardiac microtissues 
were fabricated.  The cardiac dumbbell-shaped wells are 3.2 mm in their longest 
axis, where the two squares at the edges are 1 mm2 connected by a 1.2 mm by 0.25 
mm shaft and a total depth of 1.5 mm. Above the cardiac tissue compartments lies 
the cardiac reservoir that can hold approx. 450 µL when reversibly closed by a glass 
seal. The microchannels have a rectangular cross-section with dimensions of 1.2 mm 
width, 0.1 mm height and a length of 33 mm. 

Devices were made out of polydimethylsiloxane (PDMS) and fabricated using an 
injection molding-like technique with a pair of negative replicate molds similar to a 
technique previously reported. 33

The HoC and the two respective negative molds were designed using SolidWorks 
(Dassault Systèmes, France). A CNC machine (Datron Neo, Datron AG) was used to 
micromill the molds using 8 mm thick casted poly(methyl methacrylate) (PMMA) 
(Altuglass, France) as a stock material. Dimensions of the molds were then verified 
by optical microscopy using a polydimethylsiloxane (PDMS) (Sylgard 184 Silicone 
elastomer kit, Dow corning, USA) casted replica. 

The HoC was fabricated by sandwiching 1 mm wide PE membrane strips 
perpendicularly aligned to the channel between the two negative molds. The 
membrane strips were held in place by double-sided tape (3M, USA). The two 
PMMA molds were brought together and clamped with two N46 neodymium 
nickel-plated square magnets rated with ca. 58.8 N force (Webcraft GmbH). PDMS 
was mixed in a 10:1 (wt:wt) polymer base to crosslinker agent ratio, degassed and 
injected with a 12 ml syringe (BD plastics) into the assembled mold. Air bubbles 
formed during PDMS injection were allowed to escape for 30 min by leaving the 
mold in a vertical position at room temperature (RT) on the lab bench followed by a 
65°C overnight incubation in an oven for PDMS cross-linking. After curing, molds 
were disassembled, the PDMS devices were peeled off from the molds and edges 
were trimmed with a scalpel. Inlets for the microchannels were opened with a 1 mm 
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diameter biopsy puncher (Robbins Instruments, USA). 

Glass coverslips with dimensions 50×24×0.15 mm (Menzel Glazer, Thermo 
scientific, USA) were spin-coated (1500 rpm, 30 s, 1000 rpm/s, Spin150, Polos, 
The Netherlands) with PDMS and cured overnight, the created thin layer of PDMS 
provided cells with a homogeneous mechanical substrate and surface chemistry for the 
chemical functionalization. HoC and PDMS-coated coverslips were simultaneously 
exposed to air plasma (50 W) for 40 s (Cute, Femto Science, South Korea), bonded 
and incubated at 65°C for at least 3 h to enhance bonding. All used devices were 
newly fabricated to avoid bio residue accumulation from previous experiments. 

Chemical chip surface functionalization: Fully assembled devices were silanized 
to enhance hPSC-ECs adhesion to the microchannels. Devices were first exposed 
to air plasma (50 W) followed by filling channels with an aqueous solution of 
(3-Aminopropyl)triethoxysilane (APTES) (Sigma Aldrich, Germany). Devices were 
then incubated for 1 min at RT, submerged in 100% ethanol and channels flushed 
with pure ethanol. Devices were then air blown dried with nitrogen and incubated in 
an oven at 65°C to complete ethanol evaporation. 

After incubation, UV-sterilization was performed during 30 min in a laminar 
air flow cabinet (Telstar, The Netherlands). Microchannels were coated with a 
rat tail collagen type I (VWR) solution of 0.1 mg/ml in DPBS (rat tail collagen I, 
ThermoFisher, USA), and incubated for 30 min at 37°C in a humidified incubator. 
The collagen solution was then flushed out of the channels, after which they were 
filled with DPBS until cell seeding. 

3D pyrolytic carbon electrode fabrication: For electrical pacing of the cardiac 
microtissues, the glass seal was substituted by an electronic lid, ‘E-lid’, containing 
carbon electrodes. The carbon electrodes were fabricated using a combination of 
common photolithography technology and 3D printing in a three-step fabrication 
process, namely photolithography for patterning of connection pads and tracks, 3D 
printing of the pillars and pyrolysis to convert the polymer precursor structures into 
pyrolytic carbon. 

First, the connection pads, leads and base of the E-lid were fabricated using 
photolithography. Briefly, a 600 nm layer of SiO2 was grown on a 4-inch silicon 
wafer by thermal oxidation. The wafer was then dehydrated for 24 h at 250°C and 
plasma activated for 2 min at 500 W and 120 sccm of oxygen (300 Plasma Processor, 
PVA TePla, Germany). A 15 µm thick SU-8 layer (SU-8 2035, Kayaku Advanced 
Materials, USA) was then spin-coated onto the surface, followed by a soft bake step 
for 1 h at 50°C. The SU-8 film was exposed to UV light to define the pattern of the 2D 
electrode precursor structures using a maskless aligner (MLA 100 Maskless Aligner, 
Heidelberg Instruments, Germany) at a dose of 250 mJ/cm2 with a wavelength of 
365 nm. This was followed by a post-exposure bake for 1 h at 50°C to crosslink 
the SU-8. The wafer was then developed using Propylene glycol monomethyl ether 
acetate (PGMEA, mr-Dev 600, micro resist technology GmbH, Germany) removing 
the un-crosslinked SU-8. The SU-8 structures were then flood exposed (MA6/BA6 
mask aligner, Süss MicroTec, Germany) with four exposure cycles at 250 mJ/cm2 
each with 30 s intervals between exposures. A final hard bake step was done on a 
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hotplate for 15 hours at 90°C to increase the degree of crosslinking of the SU-8. 
The thickness of the patterned photoresist was verified by profilometry (DektakXT, 
Bruker, USA) and the wafer was subsequently diced (DAD 321, DISCO, Japan) into 
individual E-lids, each wafer containing 3 chips. 

The 3D printed pillars were designed with heights ranging from 3 to 5 mm and 
diameters ranging from 300 to 800 µm using CAD software (Fusion 360, Autodesk, 
USA) and 3D printed with a stereolithography 3D printer (Form 2, Formlabs, USA) 
using a photosensitive resin (High Temp Resin V1, Formlabs, USA). The selected 
design had a height of 4 mm and a diameter of 600 µm. First, to align the 3D printing 
of the pillars to the diced E-lids, a holder structure was printed and washed with 
isopropyl alcohol (IPA) for 15 min (Form Wash, Formlabs, USA). The diced E-lids 
were then activated in an O2 plasma at 120 W for 75 s (Zepto, Diener electronic, 
Germany), mounted onto the previously printed holder using double-sided tape and 
pillars were then printed onto the chips. This was followed by a washing step with 
IPA for 15 min and a curing step of 1 h at 60°C (Form Cure, Formlabs, USA). The 
height of the 3D printed pillars was 3.62 mm, and the diameter was 432 µm, which 
is slightly lower than the design values.

Lastly, the final E-lids with the 3D printed pillars were pyrolyzed achieving 
conversion of the precursor polymers to pyrolytic carbon. The chips were loaded into 
a high temperature tube furnace (OTF-1200X, MTI Corporation, USA), a constant 
flow of nitrogen gas of 1000 sccm was applied and pyrolysis was conducted in three 
temperature steps. First, the temperature was ramped up to 375°C at 10°C/min and 
maintained for 3 h, then ramped up to 425°C at 12°C/min and maintained for 30 
min. and lastly ramped to 900°C at 10 °C/min and maintained for 1h for annealing 
and cooled down at 10 °C/min. The final height of the pyrolytic carbon micropillars 
was 1.45 mm and the diameter was 158 µm, which demonstrates the considerable 
shrinkage compared to the 3D printed pillars due to mass loss during pyrolysis. 
E-lids were designed as single-use devices to avoid accumulation of bio residues 
from previous experiments. 

Conductivity measurement and cyclic voltammetry: To verify the electrical 
conductivity of the carbon leads and the carbon micropillars of the E-lid and that 
these were electrically connected to the underlying 2D electrodes, the electrical 
resistance between the two sets of 4 carbon micropillars was measured using carbon 
paste and a multimeter. 

Cyclic voltammetry was used to identify if the 3D pillar electrodes on the E-lid were 
electroactive. The electrode terminals were connected to a potentiostat (PalmSense4, 
PalmSens, The Netherlands) using crocodile clips (AGF1, Hirschmann, The 
Netherlands). The E-lid was used as a working electrode along with a Ag/AgCl 3 
M KCl3MKCl reference electrode (PalmSens, The Netherlands) and a Pt counter 
electrode in an equimolar solution of 10 mM ferri/ferrocyanide in phosphate buffered 
saline (PBS) at a pH of 7.4. A scan rate of 10 mV/s was used for all measurements.

Cell differentiation and culture: Cardiomyocytes (CMs) were derived from 
an embryonic human pluripotent stem cell line with two reporter genes for the 
transcription factor NKX-2.5GFP/+ and the fluorescently tagged sarcomere 
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accessory protein α-actinin with GFP and mRuby, respectively and differentiated as 
previously reported. 35 Briefly, hESCs were seeded at a density of 25×103 cell/cm2 on 
Matrigel-coated 6-well plates in Essential 8 medium (ThermoFisher, USA) on day 
−1. At day 0, mesodermal differentiation was initiated by addition of Wnt activator 
CHIR99021 (1.5 μmol/L, Axon Medchem 1386), Activin-A (20 ng/mL, Miltenyi 
130–115-010) and BMP4 (20 ng/mL, R&D systems 314-BP/CF) in Bovine Serum 
Albumin (BSA) Polyvinylalcohol Essential Lipids (BPEL) medium. At day 3, Wnt 
was inactivated by adding XAV939 (5 μmol/L, R&D Systems 3748) in BPEL. 70 Cell 
cultures were refreshed with BPEL on day 7 and 10 after the start of differentiation 
until differentiation was completed. CMs were then frozen in medium C containing 
50% Knock out serum, 40% BPEL, 10% DMSO and 1x RevitaCell and stored in 
liquid nitrogen. Before CMs were thawed, 6-well well-plates were first coated with 
vitronectin (5 μg/mL, Thermo Fisher, USA) followed by a coating with 10% fetal 
bovine serum (ThermoFisher, USA) in DMEM (Sigma, USA) for 1 h and 30 min at 
37°C in a humidified incubator. CMs were thawed and plated on coated 6-well plates 
at a cell density of 1×105 cell/cm2 and cultured in cardiomyocyte maturation medium 
71 supplemented with 100 nM triiodothyronine hormone (T3) (Sigma-Aldrich), 1 
µM dexamethasone (Tocris) and 10 nM LONG R3 IGF-1 (IGF, Sigma-Aldrich, 
USA) (CM+TDI) for 3 to 4 days (16-17 after differentiation) prior to the 3D tissue 
fabrication. All information regarding donor consent of the embryonic stem cells can 
be found in. 72 The ethics committee at the University of Leiden provided consent to 
use the line, including its derivatives, for the current research. The study did not fall 
in the scope of the Dutch Medical Research Involving Human Subjects Act.

hPSC-ECs were differentiated from hiPSC as previously reported. 73 Briefly, 
hiPSCs were maintained in TeSRTM- E8TM medium (StemCell Technologies, Canada) 
on vitronectin-coated 6-well plates and seeded at day -1. 24 h after seeding, E8 
medium was replaced with BPEL medium supplemented with 8 µM CHIR. On day 
3, the medium was replaced with BPEL medium supplemented with 50 ng/ml VEGF 
(R&D systems) and 10 µM SB431542 (Tocris Bioscience) and refreshed on days 
6–9. hiPSC-ECs were isolated on day 10 using CD31-DynabeadsTM (Invitrogen) as 
previously described. 73 hPSC-ECs were cryo-preserved after isolation and obtained 
batches were used in all further experiments. After thawing, hPSC-ECs were 
subcultured and expanded in endothelial serum free medium (SFM, ThermoFisher, 
USA) supplemented with 30 ng/ml VEGF (R&D Systems), 20 ng/mL bFGF (Milteny 
Biotech) and 1% platelet-poor plasma-derived serum (BioQuote). 73 Cells were sub-
cultured on 0.1 mg/ml rat tail collagen type I T-75 coated flasks and passaged at 80% 
confluency. Cells were used at P2.

Human adult cardiac fibroblasts (cFBs, Bio-Connect) were subcultured following 
manufacturer’s instructions in T-75 culture flasks with FGM-3 medium (Bio-
Connect). cFBs were used between P4 and P7. 

CMs, cFBs and ECs were washed with DPBS and dissociated with 1× TrypLE 
select (ThermoFisher, USA) for 3 min. in a humidified incubator at 37°C. TrypLE 
was diluted with DMEM supplemented with FBS for CMs, FGM-3 for cFBs and 
supplemented SFM for ECs. Cells were then centrifuged at 240 ×g for 3 min and 
the supernatant was aspirated. The percentage of CMs in the resulting differentiated 
population was quantified by flow cytometry (MACSQuant VYB flow cytometer, 
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Miltenyi Biotech) using the fluorescent reporter markers expressed by these cells.

Cardiac tissues were formed in the microfluidic chip by seeding CMs and cFBs 
inside a fibrin hydrogel in the microcompartments. After dissociation, CMs and 
cFBs pellets were resuspended at a concentration of 5.8×107 cells/ml in CM+TDI 
supplemented with horse serum (CM+TDI+HS) and FGM-3, respectively. Thrombin 
from bovine plasma (ThermoFisher, USA) was mixed into the cell suspension at 
1:300 ratio with a final gel concentration of 0.67 U/ml. Both cell types were added 
in an ice bath to a hydrogel mix with the following composition: fibrinogen from 
bovine plasma (2 mg/ml, Sigma-Aldrich); Matrigel (1:10 V/V, Corning); 2 times 
concentrated CM (2x CM); and aprotinin from bovine lung (1:150, Sigma). The 
final cell gel concentration was 4.0×107 cells/ml and the CMs to cFBs ratio was 
1:10. 4 ml of pre-polymerized gel were pipetted onto each dumbbell shape and 
incubated at RT for 10 min to allow hydrogel polymerization. CM+TDI+HS was 
then added to the cardiac compartment, and 3D tissues were cultured at 37°C and 
5% CO2 in a humidified incubator. When the E-lid was used, it was placed right 
after pipetting the pre-polymerized gel and the electrodes embedded in the pre-gel 
by gently displacement of the hydrogel-cell slurry. Medium was changed every 3 
days and microtissues started beating between day 3 and day 7 after seeding. Cell 
microtissue remodelling, beating and cell α-actinin expression were used as proxies 
for cell viability. 

Endothelial cells were cultured in the microfluidic chip by seeding a highly 
concentrated cell suspension followed by continuous medium refreshment. After 
dissociation, ECs pellets were resuspended at a concentration of 5.0×106 cells/ml 
and seeded in the collagen-coated channels of the HoC. The device was flipped 
upside-down and incubated for 30 min in a humidified incubator at 37°C to promote 
cell attachment on the ceiling of the microchannel. After incubation, non-attached 
cells were removed by flushing with fresh medium. Pipette tips containing 100 µl 
of medium were mounted on the inlet and outlet of each endothelial channel. The 
seeded chips were placed on a custom-made rocking platform with a 35° tilting angle 
with a 30 s cycle in a humidified incubator at 37°C for 3 days until confluence was 
reached.  

Fluorescence and time-lapse microscopy: Nuclei and the cytoskeleton of ECs were 
stained to assess cell confluency in the channels as well as cell morphology. Briefly,  
cells were washed with PBS and fixed with 4% formaldehyde (ThermoFisher, USA) 
in PBS for 15 min at RT. Cells were then permeabilized with 0.1% Triton-X-100 
(Sigma-Aldrich) for 5 min at RT and washed. ECs were then incubated at RT for 30 
min. with the staining solution containing 2 drops/ml F-actin binding ActinGreen 
(ThermoFisher, USA) and 1.25 µg/ml 4’, 6-Diamino-2-Phenylindole (DAPI, 
ThermoFisher, USA). The staining solution was then washed with PBS. 

 EVOS FL Cell Imaging System and EVOS M7000 (Life Technologies) were 
used to image ECs and the cardiac tissues. For analysis of beating cardiac tissues, 
time-lapse images were captured using a Nikon EclipseTE2000-U fluorescence 
microscope (Nikon) with a high-speed camera (DMK 23UX172, The Imaging Source 
Europe GmbH, Germany). Cardiac tissue contraction analysis was performed using 
Openheartware. 24
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Electrical Pacing of the cardiac microtissues: Three-dimensional cardiac tissues 
were subjected to electrical pacing using a stimulus generator (STG4008-16mA, 
Multi Channel Systems MCS GmbH). Biphasic electrical pacing was performed at 1 
Hz and 2 Hz at 1.6 V/cm with a stimulus duration of 20 ms in CM+TDI+HS medium. 

Treatment of Heart-on-Chip with drug: The drug was infused through the 
microfluidic channel subjacent to the cardiac microtissues in the HoC. All cardiac 
tissues were cultured for 14 days prior to the drug assay. 

Isoproterenol (Sigma-Aldrich), a positive inotropic agent, was first diluted 
in Dulbecco’s PBS (DPBS) at a stock concentration of 10 mM. Isoprenaline 
administration to the cardiac tissues was performed at concentrations ranging 
between 1 nM and 30 nM in CM+TDI+HS medium in increasing concentrations and 
incubated for 5 min. before imaging. 

Two pipette tips were fitted into the HoC inlets with 100 µl of the spiked medium 
and the device was incubated in a humidified incubator at 37°C on a rocking platform 
for 5 min. to ensure mass transport along the microfluidic channel. Video clips of 
10 s were made for each tissue and all measurements took place within 10 min after 
incubation.  

Drug diffusion simulation: To gain insight into the mechanism of drug diffusion 
between the different compartments, computer fluid dynamic simulations were 
employed using COMSOL Multiphysics (COMSOL, Sweden). The simulation 
domain was comprised of one dumbbell-shaped microwell, the overhead volume 
of the reservoir and the membrane. The latter was simulated as a custom porous 
material with a thickness of 10 µm and a calculated porosity of 5%, derived from the 
manufacturer’s specifications. The transport of diluted species module was employed 
and the diffusion constant for isoprenaline was considered as 10-5 cm2/s. 74 A time-
dependent study was then performed with a 0.1 s interval step. 

Statistics: Results are displayed as mean ± standard error of the mean (SEM) except 
when stated otherwise. For the drug assay experiment 11 tissues were used in total. 
The number of beats were counted using image processing and then multiplied by 
6 to obtain the beats per minute. The concentrations in the x-axis were converted 
to their logarithmic equivalent and the tissues beat rate averaged. All analysis was 
performed using GraphPad Prism 8.0 (GraphPad Software, USA).
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CHAPTER 4
FLUIDIC CIRCUIT BOARD WITH MODULAR 

SENSOR AND VALVES ENABLES STAND-ALONE,  
TUBELESS MICROFLUIDIC FLOW CONTROL IN  

ORGANS-ON-CHIPS

Chapter text and figures partially based on:Vivas A, Berg A van den, Passier R, Odijk M, Meer AD 
van der. Fluidic circuit board with modular sensor and valves enables stand-alone, tubeless microfluidic 
flow control in organs-on-chips. Lab on a Chip. Published online 2022. doi:10.1039/D1LC00999K

Abstract
Organs-on-chips are a unique class of microfluidic in vitro cell culture models, 

in which the in vivo tissue microenvironment is mimicked. Unfortunately, its 
widespread use is hampered by their operation complexity and incompatibility with 
end-user research settings. To address these issues, many commercial and non-
commercial platforms have been developed for semi-automated culture of organs-
on-chips. However, these organ-on-chip culture platforms each represent a closed 
ecosystem, with very little opportunity to interchange and integrate components 
from different platforms or to develop new ones. The Translational Organ-on-
Chip Platform (TOP) is a multi-institutional effort to develop an open platform 
for automated organ-on-chip culture and integration of components from various 
developers. The central to TOP is the fluidic circuit board (FCB), a microfluidic plate 
with the form factor of a typical well plate. The FCB enables microfluidic control 
of multiple components like sensors or organ-on-chip devices through an interface 
based on openly available standards. Here, we report an FCB to integrate commercial 
and in-house developed components forming a stand-alone flow control system for 
organs-on-chips. The control system is able to achieve constant and pulsatile flow 
recirculation through a connected organ-on-chip device. We demonstrate that this 
system is able to automatically perfuse a heart-on-chip device containing co-cultures 
of cardiac tissues derived from human pluripotent stem cell-derived cardiomyocytes 
and monolayers of endothelial cells for five days. Altogether, we conclude that open 
technology platforms allow the integration of components from different sources to 
form functional and fit-for-purpose organ-on-chip systems. We anticipate that open 
platforms will play a central role in catalysing and maturing further technological 
development of organ-on-chip culture systems.  
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Introduction
Organs-on-chips are microfluidic devices with integrated cultured cells that allow 

dynamic control over the culture microenvironment in two and three-dimensional 
configurations. 1 These devices can be fabricated in multiple ways using various 
microfabrication techniques, such as 3D printing, 2 micromilling 3 and most 
commonly photolithography techniques. 4 Organs-on-chips allow biologists to 
perform assays of tissue functionality that are impossible to perform in common 
cell culture hardware such as well plates.5,6 There is a wide range of applications 
of organs-on-chips in fields like pharmacology, toxicology, stem cell biology and 
biomedical science. 7 

Organs-on-chips almost always include an actively perfused vascular compartment 
because of the essential role of blood vessels in human physiology and pharmacology. 
8 The vasculature regulates transport of oxygen, nutrients and waste into and out 
of tissues, it is involved in the regulation of immune responses and is a major 
determinant of the pharmacokinetics of drugs and drug candidates. 9 Moreover, the 
vasculature links together all organs in the human body and is therefore essential to 
include in organs-on-chips when designing linked multi-organ-on-chip, or ‘body-
on-chip’ systems. 10 In addition to the dynamic vascular compartments, other culture 
compartments of organs-on-chips are often also actively perfused, such as microbial 
perfusion of a gut-on-a-chip, 11 air flow in a lung-on-chip 12 or pre-urine flow in a 
kidney-on-chip. 13 

Despite the numerous advantages that organs-on-chips bring in terms of dynamic 
control over the cell culture microenvironment using microfluidic systems, their 
application and operability still pose a steep learning curve for biologists. 14,15 This 
challenge stems from both the wide variety of form factors and lay-outs of organ-
on-chip devices, as well as the complex microfluidic set-ups that are needed to drive 
flow through them. Commercial solutions entail the use of bulky systems that are 
laborious to set up and that require time and expertise to implement. Additionally, 
the many fluidic connections and the time-consuming process of setting up these 
systems further increase the entry-level user barrier.

Even when carefully setting up the flow control systems, failures can still occur due 
to minor oversights in establishing all the connections. Typical failures include fluid 
leakage, contaminations, bubble formation, and empty fluidic reservoirs leading to 
dry microfluidic channels that house the cells, resulting in experimental failure. The 
combination of these factors are significantly limiting the implementation of organs-
on-chips in end-user settings . 16 

Multiple attempts have been made to easily integrate microfluidic cell culture devices 
with each other and external pumps by using either tubing or specific connectors 
. 17–19 However, integrating off-the-shelve components would require additional 
connections and adapters in order to interface them with the connection methods 
so far proposed. This hampers the adoption and integration of already existing 
technologies into microfluidic setups. Adopting the concept of an open technology 
platform for organs-on-chips, which offers developers an openly available set of 
interfacing standards, would enable seamless integration of commercially available 
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components along with in-house developed devices. One such open technology 
platform that is being developed in a multi-institutional effort is the Translational 
Organ-on-Chip Platform (TOP) . 20 This initiative stems from the application of 
standards in the field of microfluidics in a broader scope with the publication of 
several standards for fluidic and electric connections. 21 These standards are publicly 
available and aim to simplify transferability of microfluidic technology by providing 
guidelines in terms of positioning the inlets/outlets of the microfluidic building 
blocks (MFBBs) that make up a system as well as their physical dimensions for a 
more standardized integration. 

Central to the TOP initiative is the use of a fluidic circuit board  (FCB), which is 
analogous to a printed circuit board for microelectronic applications . 22,23 The FCB 
serves as a physical connecting station to which MFBBs can be connected. Such 
MFBBs can be any functional unit coupled to the FCB, e.g., sensors, reservoirs, 
mixers and organs-on-chips. TOP is an open platform in the sense that it facilitates 
collaborations and reutilization of already developed technologies by allowing 
connection of MFBBs on an FCB via publicly available standards. These standards 
are adopted from broader initiatives that aim to standardize microfluidic device 

Figure 1. Fluidic circuit board with modular sensors and valves enables fluidic interfacing with 
heart-on-chip. a) Isometric view of the assembled flow control system (left, schematic; right, photo-
graph). b) Top (left) and side (right) schematic view of the assembled flow control system with the 
fluidic circuit board, individual components and fluidic and pressure channels depicted. Dashed line 
highlights the site of interfacing with the heart-on-chip device. c) Top view (top) and side view (bot-
tom) schematic depiction of the heart-on-chip device. The device contains two identical independent 
units consisting of a cardiac compartment with four cardiac chambers (highlighted in red) and a 
vascular compartment (highlighted in blue), separated by a stripe of a porous membrane running 
perpendicularly to the vascular compartment (highlighted in yellow) creating a bi-compartmental 
device. Both the cardiac and vascular compartments have independent fluidic inlets and outlets 
(green). All dimensions are in mm. 
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design and its interconnections. 22,23 The standards describe the footprint dimensions 
and the grid-size to be used for inlet and outlet layout of microfluidic devices. They 
also describe the inlet diameter, pitch and edge distance to ensure compatibility 
across multiple platforms. The standards are publicly available as ISO Workshop 
documentation . 24–26 

Here, we present a TOP-compatible, organ-on-chip microfluidic perfusion platform 
using off-the-shelve, commercial components in an integrated, stand-alone solution 
with a small footprint and minimal fluidic and electronic connections. We demonstrate 
that the concept of TOP offers the flexibility to design fit-for-purpose set-ups that can 
integrate both commercially available and in-house developed MFBBs. We use our 
setup to actively re-circulate medium through a heart-on-chip (HoC) device.

Experimental
Microfluidic flow control system concept and operation

The system is comprised of a FCB that interconnects the different fluidic 
components – MFBBs – and a control box that houses the required electronics for 
control. The control box houses a microcontroller, two pressure pumps, two pressure 
sensors and a power source required to run the system (Figure S1). The FCB acts as 
a printed circuit board for fluids, interconnecting all the different fluidic components 
in a standardized manner. The MFBBs employed in the current configuration are two 
solenoid valves, a flow sensor, four reservoirs and a HoC – Figure 1.b (for detailed 
explanation of the interconnections refer to Figure 2.a). The FCB is composed of 
three layers, two of which are bonded together forming the pneumatic and fluidic 
circuits of the system. A third bottom layer acts simultaneously as a protection case 
to the HoC device and as a flat resting surface that provides stability to the FCB. 
This layer is connected to the bottom of the FCB and the HoC can be imaged without 
being removed from the FCB. The HoC devices contain two identical units, which 
each consist of a vascular compartment and a cardiac compartment, separated by 
a membrane. The vascular compartments of the two respective units of the HoC 
device were not perfused separately but were connected in series in the current study.

To image the HoC device coupled to the FCB with microscopy, the FCB can be 
decoupled from the control box and placed on a standard inverted microscope by 
removing the pneumatic and electronic connectors. Alternatively, live imaging with 
flow perfusion is also possible because of the well plate footprint of the FCB (Figure 
1.b) and the portability of the control box. The FCB is connected to the control box 
with 2 pneumatic lines that provide regulated pressurized air to the FCB and two 
ribbon cables that connect all electronic MFBBs on the FCB to the microcontroller 
in the control box. All the electronic components are connected to and controlled 
by a microcontroller programmed to regulate flow, valve position and driving 
pressures, as well as to monitor all these variables. For a more detailed description 
of the different components of the system, refer to the electronic components section 
below, and for the connections among the different components to Figure S.2.

In the FCB, the layout of the fluidic paths allows the recirculation of cell culture 
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medium, while maintaining unidirectional flow at a fixed rate. This is achieved 
by changing the positions of the solenoid valves, alternating the flow through two 
different fluidic paths (Figure 2). Each position of the system allowed back and forth 
medium flow between the medium reservoirs while the flow direction in the vascular 
channels of the HoC remained unidirectional. To accomplish this in a given system 
position, one of the pressure controllers pressurizes a reservoir, driving the fluidic 
flow through one of the solenoid valves which directs medium flow to one of the 
HoC channels. A flow sensor, used to regulate and measure flow rate, is fluidically 
connected in series between the parallel channels of the HoC allowing direct on-
line and in-line flow rate fluidic measurements. Medium flow would then be led to 
the HoC outlet of the other channel that in turn connects with the second solenoid 
valve associated to the other reservoir. Recirculation is accomplished by alternating 
between the two system’s positions (Figure 2.a). Once a predetermined volume of 
media or a given lapse of time passed, the system’s position would be changed, 
meaning valves’ states would switch and pressure controllers’ actuation would swap, 
thereby allowing unidirectional flow in the HoC’s channels (Figure 2.b) and reversed 
flow in the reservoirs.

Figure 2. Operation of flow control system for recirculation of culture me-
dium with unidirectional flow in the connected heart-on-chip. a) Overview 
of the fluidic circuit flow path between the different MFBBs and the respec-
tive flow direction in two respective Positions of the valves (left and right). 
b) Overview of flow direction inside the heart-on-chip device demonstrates 
identical flow patterns in both positions of the system.
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The position and control of the volumetric flow rate is controlled by an algorithm 
depicted in Figure S3. The process starts by triggering a flow measurement 
and a comparison between the measured flow rate value against the set value. A 
proportional-integral-derivative (PID) controller algorithm then computes the 
necessary adjustment to the input pressure to drive the volumetric flow rate to the set 
value. The computed pressure is then sent to the active pressure controller driving 
the flow. The control cycle continues in a repetitive loop until the set time has been 
reached, or a determined volume has been pumped depending on the switching 
mode. Keeping track of either the elapsed time or the pumped volume prevents 
completely emptying the reservoir being pressurized which would result in pumping 
air into the HoC’s microchannels and drying them ultimately resulting in cell death 
and experimental failure. To keep track of the elapsed time/volume pumped, the 
algorithm used to program the microcontroller compared the current value of the 
variable being tracked and compared it to a preset value using an ‘IF’ statement 
condition. If the comparison was TRUE the cycle would end and the components 
positions would be changed, if FALSE the cycle would continue to another cycle. 
In this way, the control cycle loop kept track of the relevant variables and adjusted 
them accordingly. The control cycle would repeat over and over until the cycle time 
elapsed, or the preset pumped volume is reached.

Materials and Methods
FCB fabrication

The FCB was composed of two casted 10 mm PMMA plates (Altuglass, France) 
where all connecting channels and fittings for Luer-slip connectors were milled 
with a CNC micro mill (Datron Neo, Datron AG). The milling models are available 
as downloadable files at the GitHub repository. 27 The channels in the FCB have a 
rectangular cross-section of 1 mm × 0,5 mm (width×height). Inlets were placed in 
a 1.5 mm grid following published standards. 24–26 The footprint dimensions of the 
FCB were reduced by 3.7 % to those of the ANSI standard well plate 28 footprint to 
accommodate for tubing connections when the FCB is mounted on a microscope 
stage. This reduction in size does not affect the FCB compatibility with common 
well plate mounting hardware. In terms of height, however, the FCB is currently 9.5 
mm taller than the well plate standard.

After milling, both layers of the FCB were cleaned using industrial cleaning wipes 
(Adolf Würth GmbH & Co), rinsed under running deionized water and blown dry 
with compressed nitrogen. Subsequently, both slabs were rinsed with 100% ethanol 
and isopropyl alcohol and again blown dry with nitrogen. A solution of acetone in 
pure ethanol at a volume ratio of 1:10 was added on top of the connection layer 
slab. The complementary channel layer slab was then pressed onto the connection 
layer slab and aligned using 1 mm diameter and 6 mm length alignment pins (DIN 
7 - ISO 2338, Thormas, ERIKS BV, Netherlands) inserted in 1 mm pre-drilled holes 
using the previously mentioned micro mill. The assembled FCB was then pressed 
at 1 kN at 55°C using a hydraulic press (model 3889, Carver Inc.) during 5 minute 
intervals and checked for the absence of colored interference fringes. If interference 
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fringes were seen, more acetone solution was added through the edges of the FCB 
by capillary action until the interference fringes disappeared and pressed again 
for another cycle. The process was repeated until the FCB was bonded – typically 
requiring 2 to 3 cycles. The FCB was then brought to room temperature (approx. 
25°C) using the water-cooling function of the press. 

Commercially available microfluidic building blocks
All the electronic components, including the commercially available MFBBs 

used are summarized in Table 1. The individual MFBBs are briefly described 
below. 

Table 1. Summary of the number of electronic components that are included in the FCB and the 
control box.  

Component Component model Qty.
Microcontroller - MCU Espressif ESP-32 Wemos Lolin32 1

Pressure Sensor Honeywell ABP Series 2
Flow Sensor Sensirion LPG10 1

Valve controller Adafruit breakout board - DV833 1
Solenoid Valve The Lee Company - LFR model 2

Pressure Pump TTP Ventus - Series micro-pumps 2

Voltage regulator Buck converter Mini 360 (MP2307) 
- Breakout board 3

Reservoirs
Glass reservoirs (Sigma-Aldrich, inc) were connected to the FCB via two blunt 

needles (GA 21, 0.5” and GA 23, 1.5”, Nordson EFD). The needles were tightly 
inserted in the FCB and rapid gel glue (Pattex, Henkel) was then applied around the 
base of the needles to avoid removal and any possible leakage.

Solenoid valves
Two solenoid valves (LFRA-1252170D, The Lee Company) were connected to the 

FCB by face-mounting them following the manufacturer’s instructions. The valves 
were electrically connected to the control box using the provided connectors and 
a ribbon cable. More precisely, the valves were connected to a 2 H-bridge motor 
control breakout board (DRV8833 DC/Stepper Motor Driver Breakout Board, 
Adafruit) controlled by the microcontroller.

Flow sensor
A face mounted flow sensor was employed for flow control (LPG10-1000, Sensirion 

GmHb). The sensor has an accuracy of 5% of the measured flow in the range from 
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0.05 to 1 ml/min. For flow rates below 50 µL/min, the accuracy is 2.5 µL/min. The 
flow sensor was mounted and operated according to the manufacturer’s specifications. 
Briefly, the profile of the sensor and its associated O-rings was milled in the FCB 
and two holes for M2.5 screws were thread milled using the previously mentioned 
micro mill. The sensor was then clamped in place using the company’s provided 
mounting piece and screwed into place based on the manufacturer’s instructions. 
The electrical connections were made for communication with the microcontroller 
based on the company’s application note. Publicly available scripts were adopted for 
communication between the microcontroller and the flow sensor 29, using a cyclic 
redundancy check (CRC) to avoid data corruption. 

Heart-on-chip fabrication

Chip design and Fabrication. 

The HoC device is comprised of two independent vascular compartments which 
are each connected to their own respective set of four cardiac compartments. The 
cardiac and vascular compartments are fluidically connected through a 10 µm thick 
polyester (PE) porous membrane with 8 µm diameter pore-size (GVS Life Sciences, 
USA). The cardiac compartments consist of dumbbell-shaped wells similar to what 
has been reported previously 30 in which 3D cardiac tissues were fabricated.  The 
cardiac dumbbell-shaped wells are 3.2 mm in its longest axis, where the two squares 
at the edges are 1 mm2 connected by a 1.2 mm by 0.25 mm shaft and a total depth 
of 1.5 mm. Above the cardiac tissue compartments lies the cardiac reservoir that can 
hold approximately 200 µL of medium when reversibly closed by a glass seal. The 
vascular compartments are straight rectangular-shaped channels with a cross-section 
of 1.2 mm width, 0.1 mm height and a length of 33 mm. Following published standard 
guidelines, 24 inlets were placed in a grid of 1.5 mm in the x axis of the HoC but not on 
the y axis due to the spatial constraints imposed by the employed commercial cover 
slips – the shortest side of the HoC. Inlets to the vascular compartment were used 
both for cell seeding of vascular endothelial cells and for active medium perfusion. 
In the current study, inlets and outlets of the cardiac compartment were only used to 
refresh medium of cultured cardiac tissues before connecting the HoC to the FCB. 
They were not used for active medium perfusion.

Devices were fabricated using an injection molding-like technique using a pair of 
negative replicate molds similar to a technique previously reported . 31,32 The HoC 
and the two respective negative molds were designed using SolidWorks (Dassault 
Systèmes, France). A CNC machine (Datron Neo, Datron AG) was used to micro mill 
the molds using 8 mm thick casted poly(methyl methacrylate) (PMMA) (Altuglass, 
France) as a stock material. Dimensions of the molds were verified by optical 
microscopy using a polydimethylsiloxane (PDMS) (Sylgard 184 Silicone elastomer 
kit, Dow corning, USA) casted replica. The HoC was fabricated by sandwiching 1 
mm wide PE membrane strips perpendicularly aligned to the channel and between 
the two negative molds. The membrane strips were then fixed in place by 3 mm wide 
and 2 cm long double-sided tape strips (3M, USA) placed parallel to the longest side 
of the HoC. The two PMMA molds were brought together and clamped with two 
N46 neodymium nickel-plated square magnets rated with ca. 58.8 N force (Webcraft 
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GmbH).

PDMS was mixed in a 1:10 (wt:wt) polymer base to cross-linker agent ratio, degassed 
and injected with a 12 ml syringe (BD plastics) into the assembled mold. Air bubbles 
formed during PDMS injection were allowed to escape during a 30-minute waiting 
period at room temperature followed by a 65°C overnight incubation in an oven 
for PDMS cross-linking. After curing, molds were disassembled, PDMS devices 
were peeled off the molds and the edges were trimmed with a scalpel. Inlets for the 
vascular compartments were 1 mm diameter and were integrated in the mold design. 

Glass coverslips with dimensions 50×24×0.15 mm (Menzel Glazer, Thermo 
scientific) were spin-coated (1500 rpm, 30 s, 1000 rpm/s, Spin150, Polos, The 
Netherlands) with a liquid PDMS polymer/crosslinker mix and cured at 65°C 
overnight. HoC and PDMS-coated cover slips were simultaneously exposed to air 
plasma (50 W) for 40 seconds (Cute, Femto Science, South Korea), bonded and 
incubated at 65°C for at least 3 hours to enhance bonding.   

Heart-on-Chip surface chemical functionalization.

Fully assembled devices were silanized to enhance cell adhesion to the vascular 
compartment. Devices were first exposed to air plasma (50 W) and followed by 
filling channels with an aqueous solution of (3-Aminopropyl)triethoxysilane 
(APTES) (Sigma Aldrich, Germany). Devices were then incubated for 1 minute at 
room temperature, submerged in 100% ethanol and channels manually flushed with 
pure ethanol without being connected to the FCB. Devices were then air blown dried 
with nitrogen and incubated in an oven at 65°C to complete ethanol evaporation. 

After incubation, UV-sterilization was performed during 30 minutes in a laminar 
air flow cabinet (Telstar, The Netherlands). Vascular compartments were coated with 
a rat tail collagen type I (VWR) solution of 0.1 mg/ml in Dulbecco’s phosphate-
buffered saline (DPBS, ThermoFisher, USA), and incubated for 30 minutes at 37°C 
in a humidified incubator. The collagen solution was then flushed out of the channels, 
after which they were filled with DPBS until cell seeding. 

Heart-on-chip connection to FCB
The assembled HoC with seeded cells (below) was connected to the FCB by male 

Luer-barb 1/16” connectors (Cole-Palmer). Care was taken not to introduce air 
bubbles by employing droplet contact between the FCB and the HoC. To accomplish 
this, first a dummy device – i.e., a sterile HoC without any cells - was used to run 
culture medium through the channels and fill all fluidic paths of the FCB. This 
culture medium was warmed up and its gas content equilibrated inside a humidified 
incubator with 5% CO2. The dummy device was then removed and drops of medium 
were placed right on the inlets of the HoC. The Luer-barb connectors from the 
FCB were then visually aligned with the HoC inlets and pushed onto it, effectively 
sealing the connection. The excess medium was then aspirated. All these steps were 
performed inside a laminar flow hood to reduce chances of contamination. 
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Control box fabrication and software
The control box was fabricated from sheets of PMMA glued together, and contained 

two pressure controllers, one microcontroller unit, and three buck converters for 
voltage control.  All the electronic components used in the control box are summarized 
in Table 1.

Communication between the flow sensor with the microcontroller was established 
using an Inter-Integrated Circuit (I2C) protocol, while the communication with 
the pressure controllers was performed using a universal asynchronous receiver-
transmitter (UART) protocol. The solenoid valves were controlled using a 2 H-bridge 
breakout board controlled by the microcontroller.

The microcontroller was programmed using the PlatformIO integrated development 
environment (IDE). The code and schematics can be found at the GitHub repository. 
27

Two pressure lines from the pressure controllers in the control box were connected 
to the FCB by PTFE tubing with ID 1.6 mm and OD 3.2 mm (Sigma-Aldrich), and 
connectors (Luer-slip to 1/16” barb (Cole-Parker)).

Fluidic characterization
All measurements were performed using the electronic components previously 

mentioned and all data were recorded using the USB serial communication of the 
microcontroller coupled to a Python script used for data logging and analysis. 

The hydraulic resistance characterization, was run in SolidWorks Flow Simulation 
module (Dassault Systèmes, France), using water at 25°C, with no gravity and with 
no slip condition.

Characterization of the control system driving the constant flow rate of the board 
was performed using a step response where the rise-time, the steady-state error and 
the time constant were characterized in open-loop mode. To evaluate the linearity 
of the system, the set flow rate was compared to the measured flow rate and their 
respective values plotted along with the coefficient of determination and respective 
linear equation. Characterization of the constant flow rate stablished by the control 
system was evaluated for a long-term period of which an excerpt of 90 minutes is 
demonstrated in Figure S4 b.

The frequency domain analysis was performed applying an up-chirp – a linearly 
increasing frequency sweep – from 0 to 1 Hz at a 0.002 Hz/sec. The generated set 
point and the measured flow rate signals were then processed using the fast Fourier 
transform function – rfft -  from numpy, 33 divided and filtered using the Savitzky-
Golay filter included in SciPy 34 with a first order polynomial and a window size of 
9 data points.

The fluidic flow rate was driven by commercial pressure pumps (TTP Ventus – XP 
Series, Cambridge, UK) and their embedded control system that were suited for all 
the fluidic experiments performed in this study. 
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Cell differentiation and culture
Cardiomyocytes (CMs) were derived from a human pluripotent embryonic stem 

cell line (hESC) with two reporter genes for the transcription factor NKX-2.5 
and the sarcomeric protein α-actinin, fluorescently tagged with GFP and mRuby, 
respectively denominated ‘DRAGGN’ and differentiated as previously reported. 
35 Briefly, hESCs were seeded at a density of 25×103 cell/cm2 on Matrigel-coated 
6-well plates in Essential 8 medium (ThermoFisher, USA) on day −1. At day 0, 
mesodermal differentiation was initiated by addition of Wnt activator CHIR99021 
(1.5 μmol/L, Axon Medchem 1386), Activin-A (20 ng/mL, Miltenyi 130–115-
010) and BMP4 (20 ng/mL, R&D systems 314-BP/CF) in Bovine Serum Albumin 
(BSA) Polyvinylalcohol Essential Lipids (BPEL) medium. At day 3, Wnt was 
inactivated by adding XAV939 (5 μmol/L, R&D Systems 3748) in BPEL. 36 Cell 
cultures were refreshed with BPEL on day 7 and 10 after the start of differentiation 
until differentiation was completed. At day 13 CMs were then frozen in medium 
C containing 50% Knock out serum, 40% BPEL, 10% DMSO and 1x RevitaCell 
and stored in liquid nitrogen. Before CMs were thawed, 6-well plates were first 
coated with vitronectin (5 μg/mL, Thermo Fisher, USA) followed by a coating with 
10% fetal bovine serum (ThermoFisher, USA) in DMEM (Sigma, USA) for 1 h and 
30 minutes at 37°C in a humidified incubator, respectively. CMs were thawed and 
plated on coated  6-well plates at a cell density of 1×105 cell/cm2 and cultured in 
cardiomyocyte maturation medium 37 supplemented with 100 nM triiodothyronine 
hormone (T3) (Sigma-Aldrich), 1 µM dexamethasone (Tocris) and 10 nM LONG R3 
IGF-1 (IGF, Sigma-Aldrich, USA) (CM+TDI) for 3 to 4 days prior to the 3D tissue 
fabrication.

Human umbilical vein endothelial cells (HUVEC) (pooled-donor, Lonza) were 
sub-cultured on 0.1 mg/ml rat tail collagen type I (rat tail collagen I, ThermoFisher) 
T-75 coated flasks and passaged at about 80% confluency. Cells were used up to P5.

Human adult cardiac fibroblasts (cFBs, Bio-Connect) were subcultured following 
manufacturer’s instructions in T-75 culture flasks with FGM-3 medium (Bio-
Connect). cFBs were used between P4 and P7. 

CMs, cFBs and HUVECs were washed with DPBS and dissociated with 1× TrypLE 
select (ThermoFisher, USA) for 3 min. in a humidified incubator at 37°C. TrypLE 
was diluted with DMEM supplemented with FBS for CMs, FGM-3 for cFBs and 
supplemented EGM-2 for HUVECs. Cells were then centrifuged at 240×g for 3 
minutes and the supernatant was aspirated. The percentage of CMs in the resulting 
differentiated population was quantified by flow cytometry (MACSQuant VYB flow 
cytometer, Miltenyi Biotech) using the fluorescent reporter markers expressed by 
these cells.

3D cardiac tissue fabrication
Cardiac tissues were formed in the microfluidic chip by seeding CMs and cFBs 

inside a fibrin hydrogel in the microcompartments. After dissociation, CMs and 
cFBs pellets were resuspended at a concentration of 5.8×107 cells/ml in CM+TDI 
supplemented with horse serum (CM+TDI+HS) and FGM-3, respectively. Thrombin 
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from bovine plasma (ThermoFisher, USA) diluted in PBS was mixed into the cell 
suspension at 1:300 ratio. Both cell types were added in an ice bath to a hydrogel mix 
with the following composition: fibrinogen from bovine plasma (Sigma-Aldrich) 
diluted in PBS; Matrigel (1:10 V/V, Corning); 2 times concentrated CM (2x CM); 
and aprotinin from bovine lung (1:150, Sigma) diluted in PBS. The final tissue 
components concentration was for the cells 4.0×107 cells/ml, the CMs to cFBs ratio 
was 1:10, for aprotinin 0.22 µg/ml, for fibrinogen 2 mg/ml and for thrombin was of 
0.67 U/ml.

Four microliter of pre-polymerized gel were pipetted onto each dumbbell shape 
and incubated at room temperature for 10 minutes to allow hydrogel polymerization. 
CM+TDI+HS was then added to the cardiac compartment, and 3D tissues were 
cultured at 37°C and 5% CO2 in a humidified incubator for 10 to 11 days. Medium 
was changed every 3 days. 

HUVECs were cultured in the microfluidic chip by seeding a highly concentrated 
cell suspension followed by continuous medium refreshment. After dissociation, 
HUVECs pellets were resuspended at a concentration of 5.0×106 cells/ml and seeded 
in the collagen-coated channels of the HoC. The device was flipped upside-down 
and incubated for 30 minutes in a humidified incubator at 37°C to promote cell 
attachment on the ceiling of the vascular compartment. After incubation, non-
attached cells were removed by flushing with fresh medium. Pipette tips containing 
100 µl of medium were mounted on the inlet and outlet of each endothelial channel. 
The seeded chips were placed on a custom-made rocking platform with a 35° tilting 
angle with a 30 s cycle in a humidified incubator at 37°C for 3 days until confluence 
was reached. After confluence was reached, chips were then connected to the FCB 
and perfused through the vascular compartments at 100 µL/min for 5 days.

Cell staining 
HUVECs cultured in the vascular channel of the HoC device were stained with 

CellMask™ Deep Red Actin Tracking Stain following the manufacturer’s instructions. 
Briefly, 1 µL of the CellMask™ Deep Red Actin Tracking Stain was diluted in 1 mL 
of pre-warmed cell culture media, EGM-2. This solution was then infused in the 
microchannels of the HoC and the chip was incubated for 30 minutes in a humidified 
incubator with 5% CO2 at 37°C. after the incubation period, the staining media 
was substituted with fresh EGM-2 for 4 times to remove the staining media. Cells, 
both CMs and HUVECs, were then imaged using an inverted fluorescent microscope 
(Nikon EclipseTE2000-U fluorescence microscope). 

Results and Discussion
Modularity, integration and reduced footprint

The fluidic control system is a stand-alone modular solution for fluidic flow control 
of organs-on-chips. The system is comprised of two units: the FCB and the control 
box. The FCB routes the fluids among the different MFBBs and combines them 
into an integrated modular system (Figure 1). The different MFBBs were either face 
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mounted or connected with Luer-slip barb connectors to the FCB, greatly reducing 
the number of connections to be made to interface all the MFBBs as well as the 
amount of tubing required. In total, 8 MFBBs were connected to the FCB including 
4 fluidic reservoirs, a flow sensor, 2 solenoid valves (on the top side of the FCB) 
and one organ-on-chip (at the bottom side of the FCB). The electronic components 
of the FCB, i.e., the flow sensor and the solenoid valves, were connected to the 
control box using a ribbon cable to transmit sensor data to the microcontroller and 
power to the solenoid valves. Up to 4 pneumatic lines can be connected to the FCB 
where 2 connections are required to control flow in the vascular compartment and 
the other 2 for the cardiac compartment. By sealing the pneumatic connections to 
the cardiac compartments, no flow is present in the cardiac compartments. Fresh 
medium can only reach the cardiac compartment through mass transport from the 
vascular compartment. This was the mode used in this study. 

To ensure compatibility of the FCB with microscope stages with a well-plate 
format, the footprint was reduced by 3.3 mm in length and 3 mm in width to 
accommodate the pneumatic tubing coming from the sides. The size reduction does 
not affect the FCB fitting on the microscope stage used in this study. Still, the FCB 
is much taller than common well-plates and not all microscopes may accommodate 
the current design. Advances in valve technologies, however, are bringing to market 
much smaller valves that use different principles of actuation, e.g., by shape memory 
alloys. 38 The reduced footprint of such valves could allow further reduction of the 
FCB height and better integration in most microscope imaging systems.

The control box houses the electropneumatic modules used to control fluidic flow 
in the FCB. Inside the control box were the different electronic components that 
were not in contact with liquids, i.e., the pressure controllers, power source and the 
microcontroller using off-the-shelf components. Although the use of this format with 
separate components increased the control box footprint, it allows easy replication 
of the system without the need of custom-made electronic hardware such as printed 
circuit boards.  

In contrast with many other organ-on-chip flow control systems, the reduced 
footprint of the system enables us to place the full system (FCB and control box) inside 
an incubator, reducing the chances of bubble formation and pH buffer alkalinization 
which can occur when pumping equipment is placed outside the incubator. 

Other solutions have been proposed to integrate multiple microfluidic devices into 
one integrated circuit. Examples of this is the µOrgano platform, 18 where glass 
capillaries are employed along with PDMS devices with a straight microchannel 
to make microfluidic connectors. These connectors, along with the glass capillaries 
can then be used to connect multiple OoCs, or other microfluidic devices, forming a 
contiguous fluidic continuous system. Another example is the one proposed by Zhang 
et al. 19 where an analogy to the electronic prototyping boards several independent 
components can be integrated. Such solutions are also being offered by commercial 
entities where miniaturized rotatory valves can be integrated. The FCB presented in 
this study contrasts with these solutions in that it requires no fabrication of special 
connectors or manual connection of each of the individual fluidic inlets and outlets 
of the different microfluidic components. Instead, all connections are immediately 
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established either by face mounting commercially available components or pressure 
fitting custom-made OoCs with the use of standard Luer-to-barb connectors 
here adopted. Another advantage of this approach is the reduction of handling of 
medium filled tubing and connectors, that depending on the operator experience and 
laboratory conditions may lead to an increase in contamination chances and thereby 
experimental failure.

Regarding microfluidic connectors, there is a wealth of both custom-made and 
commercially available options from which to choose. Moreover, the large variation 
in device design resulting from the varied fabrication techniques further increases 
the interfacing options for the different microfluidic components of a given system. 
Commercially available solutions include the use of O-rings for clamp mounted 
devices, screw connectors and barbed connectors for tubing-based connections. 
The use of blunt needles has been particularly popular among the microfluidic 
community due to its simplicity in connecting PDMS fabricated devices and the tight 
seal formed between the rubber-like material and the blunt needle’s metal. This wide 
variety might be overwhelming for a newcomer to field with a broad spectrum of 
considerations that need to be taken into account when selecting a fluidic connector. 
Standardization of connectors is thus an important aspect that would greatly simplify 
the interfacing of OoCs.

In this study, we selected Luer-slip-to-barb connectors which are easy to obtain 
commercially and retain the push-to-connect character of connections with blunt 
needles. Moreover, the use of a push-to-connect method avoids issues with improper 
tube positioning in the ferrules that typically occurs in screw type connectors. 

Standardization of the microfluidic connections would promote an efficient 
workflow when connecting devices to the set-up. Additionally, it would enable rapid 
integration of commercially available MFBBs. Integration of such units would then 
simply require the consultation of the specification sheets of the desired component. 
It would no longer be necessary to fabricate bridging custom-made connectors or to 
still rely on tubing to establish a fluidic path to connect the different MFBBs to the 
microfluidic system.

Fluidic characterization
The characterization of the flow control in our system was performed in terms 

of fluidic resistance and two flow profiles: constant and pulsatile. Moreover, flow 
volume tracking was also assessed to ensure reliability of media recirculation. 
Control over the dynamics of medium flow in the system (including connected 
organs-on-chips) is important from a physiological perspective. Blood vessels are 
exposed to a pulsatile blood flow pattern that gradually dissipates downstream of the 
heart. It is of interest to also apply such flow patterns to endothelial cells in vitro. 
Moreover, for some organs-on-chips, it may be needed to gradually increase flow 
rates over the course of days, in order to allow cells to first form a monolayer before 
being exposed to higher flows. 

Another important characterized aspect was the generation of air bubbles during 
the connection of the HoC and its perfusion. Before connection of the HoC, a 
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dummy device was used to prime the microfluidic channels of the FCB, i.e., to fill 
the channels with liquid. At this point, any air bubble resulting from the priming step 
was troubleshooted and in some cases, some of the bubbles would be trapped in the 
shaft of the Luer-to-barb connector which then acted as a bubble trap in some cases. 
These steps ensured that once the HoC was connected the system would be bubble 
free. Additionally, gas equilibration of the medium performed before priming the 
system further reduced the bubble occurrence. Generation of new bubbles was not 
observed during the performed experimental runs.

FCB hydraulic resistance
To ensure passive behavior of the FCB, its channels were designed to produce 

negligible hydraulic resistance when compared to that of the HoC. The negligible 
hydraulic resistance of the FCB simplifies the integration of the different MFBBs 
ensuring these are the source of the major hydraulic resistance in the system. As 
depicted in Figure 3.a, the main hydraulic resistor of the FCB is the HoC device. By 

Figure 3. Fluidic characterization of the FCB and the implemented control system. A) Top sche-
matic view of the FCB demonstrating the relative pressure loss throughout the fluidic path. The 
major pressure loss occurs at the heart-on-chip device while pressure throughout the fluidic paths 
remains constant. B 1) and 2) Characterization of the system was performed by assessing the rising 
time (how fast the system reaches the set value), the steady-state error (how close the flow is to the 
set flow) and the time constant (the time required by the system to return to zero). B 3) the set flow 
rate is plotted against the measured flow rate along with the linear regression curve demonstrating 
the linear response of the system. C) Pulsatile flow characterization of the system, in the time and 
frequency domain. In the time domain section C 1), a frequency sweep of the setpoint (blue) and the 
measured flow (red) are depicted demonstrating the stable response of the system at low frequencies 
– inset. In the frequency domain section, the amplitude ratio C 2) and the phase shift between the 
setpoint and measured flow rate are depicted C 3).
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adopting this design philosophy, the electric circuit analogue representing the fluidic 
circuit of the system is greatly simplified, similar to how the resistance of tubing can 
typically be ignored in other flow control systems for organs-on-chips. 

Constant flow
For the constant flow profile, the main challenge lies in having a unidirectional 

flow perfusion in the HoC channels while medium flows back and forth between the 
media reservoirs. A common approach is to use recirculation valves normally used 
in chromatography to route medium flow throughout the setup. Culture medium flow 
is thus established across two reservoirs by switching the valves’ positions and a 
control loop that diligently re-establishes the preset flow after the valve switch. 

In order to characterize the responsiveness and control capabilities of the system, 
a step response analysis was performed. In this analysis, several parameters are 
characterized to gain insight into the system. The time span required by the system 
to react to an input change and go from 10% to 90% of the set input value is 
denominated as the ‘rise time’. The ‘time constant’ of a system is defined as the 
time required by the system to reach 63.2% if the measured rate would be kept 
constant. The time span required for stabilization of the flow is characterized by the 
‘settling time’ of the system, i.e., the time required by the system to reach a steady 
state. Another important parameter is the ‘steady-state error’, which describes the 
difference between the set flow and the measured flow. In this system the rising time 
was 0.29 s, the settling time was 0.94 s and the average steady-state error was within 
0.2% of the set value of 250 µL/min: 249.63 ± 0.82 µL/min (Figure 3.b). Overall, the 
system was able to reliably perform for the intended application. 

The lowest flow rate to be used in the system is 25 µL/min, due to the flow sensor 
accuracy limitations. Based on the specifications of the flow sensor, lower flow 
rates would have an error higher than 10%. For our purpose in the current study, a 
minimum flow rate of 25 μL/min is acceptable, but if lower flow rates are needed, 
another flow sensor with a better suited range should be integrated to increase the 
accuracy of the system. The system was able to precisely establish a 5 µL/min flow 
rate demonstrating that the limiting factor is in the accuracy of the selected sensor 
and not in the pressure controllers or its implementation. It is thus important that the 
specifications of each of the different MFBBs are evaluated prior to the design of the 
FCB and the integration of respective components. The maximum flow rate is also 
dependent on the flow sensor accuracy, and therefore attention must be paid to the 
specifications of the flow sensor employed. 

With the present configuration of the system, it is possible to reliably apply flows 
between 25 and 1000 μL/min. Perfusion of the HoC with these flow rates lead to local 
shear rates in the vascular compartment between 208 s-1 and 8333 s-1, respectively. 
These shear rates cover the entire physiological and pathological range as found 
in vivo, from veins to stenotic arteries. 39 This enables application of the system in 
studies of e.g., immune cell infiltration 40 and plaque formation in atherosclerosis. 41
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Pulsatile flow
Preliminary characterization of the system for pulsatile flow was performed within 

a physiological frequency range, from 0 Hz to 1 Hz. This was accomplished by 
using a frequency sweep sinusoidal signal as the set flow rate and analyzing the 
resulting measured fluid flow (Figure 3.c 1), time domain). Increasing the frequency 
is expected to result in amplitude loss, i.e., the peak set flow would not be reached 
which translates into lower shear stress values in the HoC than the ones intended. 
As depicted in figure 3.c 2) and 3) in the frequency domain, the amplitude loss 
gradually increased as frequencies increased to 1 Hz, at which point the loss was 
36%, accompanied by a negative phase shift of 91°. The seen artificial gain at low 
frequencies, below 0.2 Hz, in the amplitude ratio graph derives from the reduced 
capturing time and consequent inability to resolve low frequencies with the selected 
capturing time.  Overall, the amplitude loss and phase shift were minimal for 
frequencies below 0.2 Hz, evidenced in the time domain graph inset.

Phase shift and amplitude loss stem primarily from physical effects and the 
implementation of the automation algorithm. Physical effects include the system 
pneumatic capacitance and an interplay between viscosity and transient inertial effects 
that affect how fast the fluid can move in the system in response to pneumatic action. 
In terms of the algorithm implementation, the PID tuning parameters affect how the 
microcontroller adjusts the pneumatics to meet the required flow, i.e., the control 
loop. Several techniques and software are available for tuning such parameters, but 
unfortunately these parameters must be tuned for each specific system and flow 
regime independently. Automation of this step is important to enable a user-friendly 
approach and it is subject to further development. 

The system in its present form can apply pulsatile flows that mimic physiological 
conditions in a heart-on-chip in terms of frequency response. However, the amplitude 
of the pulsatile flow will be affected as depicted by the amplitude loss and should 
be characterized for each individual system. This result highlights the importance 
of integrating auto-tuning control system algorithms that facilitate the use of such 
platforms by non-experts. Additionally, lowering the system’s capacitance by using 
smaller reservoirs or reducing the amount of air inside them would aid in increasing 
the system’s performance at higher frequencies. 

Media recirculation
Stimulation of cultured cells with shear stress requires considerable amounts of 

culture medium due to the relative high flow rates applied. Moreover, the excessive 
medium volumes that cells are exposed to may dilute auto- and paracrine signaling 
molecules that cells may secrete. Recirculation of medium then becomes imperative, 
both for economical and biological reasons. 

The flow recirculation cycle in the system can be controlled in two different 
ways, either by fixed intervals or by the volume pumped. These modes can also be 
combined for redundancy and to avoid emptying either of the reservoirs. In the time-
controlled mode, the algorithm kept track of time and after a preset elapsed time 
interval the pressurized reservoir was depressurized and vice-versa. Simultaneously, 
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valves changed their position allowing for unidirectional flow. To control fluid flow, 
a PID controller was employed to counter the sudden flow rate change derived from 
the valves switching positions. Flow was corrected in the time span of seconds, 
promptly recovering the preset constant flow (Figure S4.a). The performance in 
flow correction of the system here is in the same range as what is found in typical 
integrated, commercial pumping systems. Moreover, the unidirectional flow could 
be maintained for the duration of the experiment in fully automated mode, as 
demonstrated by the excerpt of one hour and a half long-term data collection of the 
monitored flow in Figure S4.b.

Commercial integrated organ-on-chip culture platforms are also capable of 
recirculating medium, e.g., by integrated peristaltic pumps, or by rocking platforms. 
42 However, such fully integrated ‘closed’ systems are difficult to interface with 
additional components from other sources. This is understandable for commercial 
settings where market share is a concern; but for the field as whole, this approach 
poses limitations on the reusability of the available microfluidic components in 
the market. The inability to integrate components from different vendors restricts 
the user to a single company’s product catalogue and forces the re-development of 
existing devices, delaying application and increasing the entry barrier for new users. 
By adopting standard interconnections and the FCB concept, users would benefit 
from a wider range of options while companies would still be able to offer their 
unique solutions to a bigger market. 

The FCB-centered solution for flow control presented here standardizes fluidic 
connections between various 
components, thereby also 
reducing labor while increasing 
reproducibility. Overall, the system 
matches the fluidic capabilities of 
existing commercial solutions 
while reducing the amount of 
tubing and connections required. 

Heart-on-chip Culture
To validate the system, we used 

a HoC device in which three-
dimensional cardiac tissues 
containing human pluripotent 
stem cell-derived cardiomyocytes 
were co-cultured with endothelial 
monolayers of HUVECs, as we 
have previously reported. 43 In 
the present study, the cardiac 
tissues’ beat rate and compaction 
were comparable to our previous 
study. Due to the constant medium 
perfusion, we were able to maintain 
cardiac cell cultures for a longer 

Figure 4. Cell culture in the Heart-on-Chip device. a) 
Immunofluorescent microscopy images of HUVECs cy-
toskeleton stained with CellMask™ Deep Red Actin 
Tracking Stain and 3D cardiac tissues in green by the 
expression of GFP from the DRAGGN-line. Scale bar: 
500 µm.  b) Beating frequency graph obtained from a 10 
second video clip, right, using Kymography. Left, depicts 
the tracked line over the duration of the video and right 
the resulting gray value map over the 10 second period 
(arrow) of the video. c) Obtained graph from the kymo-
graph detecting the beat of the 3D cardiac tissue.
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period of time without requiring a medium exchange. In the previously reported 
study, culture medium was exchanged every 3 days, whereas in this study no medium 
change was performed over the 5 days of the experiment duration. The modular flow 
control system was able to fully automate the HoC culture for the 5 days of the 
experiment, at which point medium had to be changed manually. HUVECs were 
able to form a confluent monolayer lining the vascular compartment of the device 
(Figure 4.a). Three-dimensional cardiac tissues were contracting continuously at an 
approximate rate of 6 bpm (Figure 4.b, c) and presented a similar morphology to 
those cultured in control conditions on a rocking platform. 

Despite the continuous shear rate of 833 s-1 generated by the medium perfusion, 
HUVECs did not show any alignment parallel to flow. The conditions on which these 
cells are cultured are subject to further optimization since the different culture media 
employed may be altering HUVECs response to shear stress. 

Conclusions
We demonstrated that by using an FCB as a platform to interconnect both 

commercial and custom-made devices, it is possible to integrate them into a stand-
alone solution for organ-on-chip fluidic perfusion. The reduced footprint and tubing 
of the entire system is enabled by commercially available software and hardware 
and greatly simplifies the establishment of organ-on-chip culture. We were able to 
maintain fully perfused organ-on-chip devices with human pluripotent stem cell-
derived tissues in culture for up to 5 days in a fully automated fashion. 

The presented system is an implementation of the concept of TOP, an open 
technology platform for organ-on-chip. 20 The current system highlights the strength 
TOP in facilitating the integration of multiple components into an organ-on-chip 
culture system that is fit-for-purpose. 

Integration of system functionality was achieved by reusing already developed 
technology both in academic and industrial settings. Systems like the one here 
presented would allow simplification of fluidic setups in organ-on-chip devices and 
adoption of a modular approach. Being able to integrate available technologies has 
the potential to increase adoption of organs-on-chips, since the entry barrier for 
implementation and customization can be more rapidly lowered. By using an FCB, end-
users and developers alike would be able to combine already developed technologies 
that suit their needs and focus their resources and efforts on the development of 
their own specific device. Moreover, comparison of results and performance can 
be more easily attained due to the standardization of connectors and fluidic circuits 
employed to drive flow through organs-on-chips. Using a standardized approach also 
enables easier translation from academia to industry settings, since using the same 
interconnection guidelines would facilitate the coupling of experimental systems to 
already characterized ones. 

We expect that further development and adoption of TOP may help in increased 
parallelization, compatibility with commercial systems, reusability and collaborations 
to further develop new organ-on-chip applications.
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CHAPTER 5
FIT-FOR-PURPOSE DESIGN OF 

ORGAN-ON-CHIP SYSTEMS 
BASED ON MODULARITY AND 

STANDARDIZATION

Integration of Organ-on-Chips and functional modules
Despite the opportunities that organ-on-chips (OoCs) offer, their widespread 

implementation in non-technical laboratories, both in industry and academia, is 
still far from being accomplished. OoCs developed so far have mostly remained in 
technical laboratories that have the know-how and the required equipment to set up 
these devices. Simplification of operability of these devices is likely to increase the 
adoption of this technology for biomedical use by non-technical laboratories. 

Among the challenges that OoCs face, fluidic routing and interconnections are 
commonly found to deter new users in implementing OoCs. These complexities 
of OoC systems ultimately lead to scalability issues and redevelopment of existing 
technologies for fluidic routing in OoC projects, even in technical laboratories. 
Reutilization of already designed models and working principles is important to 
shorten the start-up phase of new projects and promote implementation of OoC in 
meaningful biomedical projects. 

Adoption of initiatives such as the Translational Organ-on-Chip Platform (TOP), 1 
which aim to standardize fluidic routing and interconnections, will certainly increase 
the adoption of OoC technologies. As described in the first chapter of the present 
thesis, the adoption of standards and a common development framework has the 
potential to facilitate the translation of the developed technologies from academia 
into industrial settings and facilitate early adopters to freely integrate the necessary 
modules for their experimental requirements. 

Currently, typical implementation of OoCs requires the use of tubing and tailor-
made connectors to interface all the microfluidic building blocks (MFBBs) of a given 
setup (Figure 1). This approach rapidly becomes problematic for both scalability and 
transferability of developed MFBBs among collaborators and industry. By adopting 
TOP and its modular approach, it then becomes easier to integrate the necessary 
MFBBs into a modular system. This modular system can in turn contribute to 
usability, scalability through parallelization and further system integrations (Figure 
1). Moreover, wide adoption of this approach would then create a library of functional 
modules that could be re-used for other OoC systems. In addition, development of 
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`systems based on functional modules would also provide a level of abstraction to the 
user, facilitating the design of systems with new functions. 

This chapter focuses on how to implement TOP in various OoC use-cases. A 
typical workflow of design, fabrication and use is introduced, demonstrating how 
standardization of fluidic connections and reutilization of the same design principles 
by adoption of the TOP framework can reduce the repetition of the research cycle 
and the laborious design process of fluidic perfusion setups for OoCs in end-user 
settings. The workflow is applied to three examples.

The first example aims to mimic the biomechanical forces to which endothelial 
cells are exposed in the human body in a parallelized and homogeneous way for 
endothelial phenotypic studies. The second example aims to establish recirculating 
perfusion in 3D-printed microfluidic chips to guarantee nutrient replenishment and 
gas exchange. The last example adopts an OoC that recreates the pharmacokinetic 
profile of a cancer drug treatment having as a readout the cancer cell proliferation. 
For all three examples, the relevant parameters considered for the design and 
implementation are discussed, as well as their considerations and limitations. Overall, 
the added value and the facilitation of the implementation of microfluidic setups by 
adopting standardization and the modular approach is demonstrated.

Figure 1. Schematic representation of the current MFBBs integration approach and the modular 
approach. The current approach (left) relies on the use of tubing and tailor-made connectors which 
hamper integration with other systems and troubleshooting due to the high amount of tubing and 
large footprint. In a modular approach (right), the connection of all the MFBBs follow standardized 
connection guidelines and use standardized connectors, allowing for compact integration of the 
different MFBBs. The application of this concept can then serve multiple purposes, from achieving 
simplified systems, throughput increase through parallelization, or further development and integra-
tion of functional building blocks in more complex systems.
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Workflow of TOP-compatible design, fabrication and use
In this section the workflow involving the implementation of a fluidic circuit board 

(FCB) is described starting by the design of the FCB and its purpose, followed by 
the fabrication and verification of its functionalities and culminating with the typical 
use of such platform within an OoC setup. 

The workflow of implementing a TOP-compatible, modular OoC system is 
an interactive process with multiple steps, including design, manufacturing and 
use. Working from defining the desired functionality and other requirements, 
key parameters are selected that are then implemented in a prototype. Iterative 
improvement of the system prototype eventually leads to a functional system. In 
each TOP-compatible system, there is a central role for the FCB, because it is the 
connecting element for all other modules. Therefore, the next sections will use the 
design, manufacturing and testing of the FCB as the leading element in describing 
the process of developing and implementing a fit-for-purpose OoC system.

FCB design
The first step in the process of designing an FCB is to consider the key functionalities 

of the OoC at hand and its requirements (Figure 2). These include, e.g., the 
establishment of a given shear stress magnitude or a pharmacokinetic drug profile 
among multiple OoCs. After gathering the required functionalities of the FCB, its 
key parameters, such as pressure, flow rate, etc., are considered and ranked in its 
relative importance for the system function. 

Having the gathered information as a guideline, a simple unit composed of the 
OoC and its inputs and outputs can then be designed. This functional unit serves 
as a base to build up the entire layout of the FCB.  This is an iterative process 
where reorganization of the different components can aid in the evaluation process 
to eliminate or combine redundant inputs and outputs. Also at this stage, selection 
of suitable fluidic connectors, making the bridge between the FCB, the OoCs and 
any external equipment is made having as a base the previously defined relevant 
parameters. With this basic unit, it becomes easier to then replicate it throughout 
the FCB. Re-routing of the fluidic paths can then be evaluated once more to further 
reduce redundant fluidic paths. During the design of an FCB the developer should 
take into consideration electronic printed circuit board (PCB) design concepts 
and guidelines, such as centering the element with most connections, as well as 
the avoidance of sharp corners.  In contrast to the PCB design, adoption of these 
guidelines aids in preventing complicated, long fluidic paths and bubble formation 
and trapping, respectively.

With the finished layout, computational fluid dynamics (CFD) simulations are 
then performed to evaluate and confirm that the designed FCB meets the relevant 
parameters and that these are within tolerance. If not, reiteration of the layout is 
considered and evaluated by a subsequent simulation. It is important to keep in mind 
that stringent tolerance ranges set during the design and simulation phase are not 
always within reach and adjustments may be necessary due to limitations of the 
fabrication techniques employed. It is thus important to move to the 1st prototype 
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early in the process to validate the simulations and consider the fabrication tolerances 
that can be achieved. Additionally, the biological workflow, i.e., the steps to follow 
for cell culturing, should also be assessed at this stage. This evaluation process can 
reveal changes that have to be made to increase experimental success rate of the 
designed FCB system. 

The last described steps are where most of the iterations take place and this iterative 
process can be completed once all relevant parameters fall within expected ranges 
and the biological workflow is streamlined. 

Any finished FCB can then be upgraded to integrate new functionalities, or to 
facilitate its parallelization or integration into more complex systems. Moreover, 
development efforts can be reduced by reutilizing FCBs with modular functions that 
were designed for other applications.

Anatomy of an FCB
Each of the FCBs presented in this chapter is composed of three layers, a channel layer, 

a connection layer and a chip holder layer. All FCBs are fabricated with poly(methyl 
methacrylate) (PMMA) and are connected to either polydimethylsiloxane (PDMS) 
or 3D-printed microfluidic devices using Luer-type connectors. Both the channel 
and the connection layer are bonded together, effectively sealing the channels of 
the channel layer. The channel layer contains all the microfluidic channels of the 
FCB, routing either a liquid or gases, the inlets and outlets for the fluidic ports and 
reservoirs. Additionally, electronic components can be attached to this layer and 
interfaced with each other. The bottommost layer, the chip holder layer, provides 
an enclosure for the OoCs and a flat surface for the FCB to rest on. The chip holder 
layer has cutouts that create an optical window that allows unimpeded imaging of the 

Figure 2. schematic representation of the design and fabrication workflow of a typical fluidic circuit 
board.
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OoCs without the need to remove them from the FCB. This layer and the connection 
layer are coupled with neodymium magnets embedded in the connection and chip 
holder layer making of the FCB a modular unit. 

FCB fabrication
Fabrication of the designed FCBs was dependent on multiple factors, such as the 

system requirements, scale of production, as well as the availability of equipment 
and resources. All FCBs that are described in the current chapter were designed in 
3D CAD software (SolidWorks, Dassault Systèmes, France) and were composed of 
casted PMMA plates, two of 10 mm for the channel and connection layers and 15 
mm for the chip holder layer (Altuglass, France) where all connecting channels and 
fittings for Luer-slip connectors were milled with a CNC micro mill (Datron Neo, 
Datron AG). The channels in the FCBs had a rectangular cross-section of varying 
dimensions ranging from 400-1000 µm in height and width. Inlets were placed in 
a 1.5 mm grid following published standards. 2–4 The footprint dimensions of the 
FCB were reduced by 3.7 % to those of the ANSI standard well plate 5 footprint to 
accommodate for tubing connections when the FCBs were mounted on a microscope 
stage. This reduction in size did not affect the FCBs compatibility with common well 
plate mounting hardware. In terms of height, however, the FCBs ranged from 20 mm 
up to 10 cm, well outside the ANSI standard for height of a well plate.

After milling, both layers of the FCB were cleaned using industrial cleaning wipes 
(Adolf Würth GmbH & Co), rinsed under running deionized water and blown dry 
with compressed nitrogen. Subsequently, both slabs were rinsed with 100% ethanol 
and isopropyl alcohol and again blown dry with nitrogen. A solution of acetone in 
pure ethanol at a volume ratio of 1:10 was added on top of the connection layer 
slab. The complementary channel layer slab was then pressed onto the connection 
layer slab and aligned using 1 mm diameter and 6 mm length alignment pins (DIN 
7 - ISO 2338, Thormas, ERIKS BV, Netherlands) inserted in 1 mm pre-drilled holes 
using the previously mentioned micro mill. The assembled FCB was then pressed 
at 1 kN at 55°C using a hydraulic press (model 3889, Carver Inc.) during 5-minute 
intervals and checked for the absence of colored interference fringes. If interference 
fringes were seen, more acetone solution was added through the edges of the FCB 
by capillary action until the interference fringes disappeared and pressed again 
for another cycle. The process was repeated until the FCB was bonded – typically 
requiring 2 to 3 cycles. The FCB was then brought to room temperature (approx. 
25°C) using the water-cooling function of the press.

FCB use workflow
The process that was used to implement the FCB in the respective biological 

workflows is schematically described in Figure 3. Chemical surface functionalization 
and cell seeding protocols were maintained from the original adopted devices. The 
adopted OoCs did not require fluidic perfusion for their maintenance, except for 
the 3D-printed OoCs, where nutrient and gas exchanges were dependent on mass 
transport. Long microfluidic channels, at the centimeter range, also required mass 
transport for nutrient distribution which could be accomplished using a rocker for 
gravity-driven flow. 
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Before OoC perfusion, all the MFBBs, e.g., sensors, valves and reservoirs, were 
connected to the FCB. Pressurized air lines, controlled by a pressure controller 
(Fluigent MFCS-EX or TTP Ventus micropumps), were connected to the FCB 
using regular tubing and Luer-slip connectors. The channels of the FCB would 
then route the pressurized air to the respective reservoir and drive fluid flow. A 
“dummy-chip”, e.g. an empty OoC, was first connected to the FCB, after which 
all the microfluidic channels of the FCB were filled with liquid in a priming step 
to ensure no gas bubbles were present. After the FCB priming, OoCs were placed 
in the chip holder layer and readily aligned to connect with the FCB in a single 
step thanks to the use of standardized connectors. The FCB top layers were then 
pressed onto the chip holder layer connecting all OoCs, greatly simplifying tedious 
microfluidic individual connections. After the connection, the whole culture process 
was automated, controlled and carried out by making use of open-source software 6,7 
and microcontrollers (Arduino nano or ESP-32 from Espressif). 

Reutilization of the FCB was possible after a thorough cleaning step consisting of 
perfusion with 1% Tergazyme (Alconox, US) diluted in DI water at flow rate of 10-
40 µl/min for at least 30 minutes avoiding foam formation and followed by a rinsing 
step with DI water at a flow rate of 10-40 µl/min for one hour. As a last step, pure 
ethanol was then flowed substituting all water in the system and similarly isopropyl 
alcohol substituting all ethanol. As a final step, air was flowed through the system 
to evaporate all the isopropyl alcohol. The board could then be re-used. Since the 
FBC was not used for cell culture per se, surface chemical functionalization was not 

Figure 3. Schematic representation of the workflow followed to operate a fluidic cir-
cuit board with OoCs and other MFBBs with an FCB. Cell culture in the OoCs was 
preserved from the original devices as well as their culture period. Connection of 
the different microfluidic components, both to the FCB and its respective electronic 
controller, was made. A priming step followed where the FCB was filled, and all 
bubbles were removed. Using the chip holder layer of the FCB, OoCs were placed in 
the correct orientation and subsequently connected to the FCB in a one-step method. 
The experiment was then run and once finished the FCBs were disconnected, and the 
system cleaned.
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required, further facilitating its reusability.

Results and discussion
In all the designed FCBs, reduction of the number of fluidic connections was 

achieved. Reducing the number of connections not only reduced labor-intensive 
tasks for setting up a given system, but it also reduced the chances of leakage and 
consequent risk of infections. This is of special importance for long-term culture 
of OoCs, where increasing the success rate of microfluidic experiments and their 
reproducibility is of utmost importance for the widespread adoption of OoCs 
technology and enabling an easier workflow for experiment parallelization. 

In the following sections, the different adopted devices and their implementation 
with a TOP-compatible system are discussed. For each one of the examples, the 
relevant considered parameters, their design and implementation are discussed. A 
final subsection discusses considerations and limitations of the developed platforms. 

Example 1: Shear stress on endothelialized lumens

Aim and background

Vasculature in the human body is subject to tangential and normal forces, such as 
shear stress and pulsatile distention exerted by the blood flow. These forces influence 
the metabolism of the endothelial cells altering their physiological response and 
possibly leading to pathogenic conditions. 8 Animal models have been typically used 
to study these mechanisms in detail, however, these results do not translate well into 

Figure 4. Schematic representation of the microfluidic device adopted for this FCB. A) Each mi-
crofluidic device was composed of 4 microfluidic square channels, B) a collagen I matrix would be 
inserted and patterned using viscous fingering. C) The lumen could then be endothelialized by seed-
ing the endothelial cells and slowly rotating the devices along the axis of the microfluidic channel. 
After 8 hours, cells would attach and grow a confluent monolayer of endothelial cells creating a 3D 
capillar strucuture. Figures were adapted from de Graaf et al. 10
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the human case. 9 Modeling this microenvironment in an OoC would allow the use 
of human cells and explore their physiology under experimental conditions thus far 
only available in animal models. 

The microfluidic device here adopted, employed viscous finger patterning to 
create 3D lumens that mimic small caliber vessels inside a collagen hydrogel matrix 
that were subsequently lined with endothelial cells. Each OoC was composed of 4 
square cross-section channels that each contained a patterned lumen. 10 This type of 
device was an excellent candidate for perfusion assays to study the combination of 
biochemical and biomechanical stimuli on the phenotype of endothelial cells.

To run an experiment with the described OoC for testing 3 different cell phenotypes 
and one control with three replicates, four devices were needed. This would require 
running 4 OoCs in parallel with up to 24 fluidic connections and 12 independent 
fluidic paths to be established. Simplifying the fluidic connections of these devices 
to their microfluidic system and increasing the number of replicates would allow the 
use of this OoC by non-technical experts. 

Relevant parameters

To increase throughput and create several replicates in one experimental run, the 
most important requirement was to maintain equal flow and pressure among all 
the different lumens. Hydraulic resistance is the main parameter influencing flow 
equalization in the routing channels of the FCB and its characterization was therefore 
necessary. Two major hydraulic resistance sources are at play in this system, one 
arising from the lumens themselves and another from the hydraulic resistance of 
the FCB fluidic routing. The former is a dynamic hydraulic resistance that changes 
according to the applied pressure on the lumen that deforms it due to its elastic 
character; the latter, is constant and designed to compensate for extreme reduction of 
the lumens’ hydraulic resistances. If these two resistances are balanced correctly, this 
configuration creates a window of pressures where flow can be maintained within a 
narrow range. This would in turn provide better control over the culture system in a 
parallelized manner. Thus, characterization of the hydraulic resistance of the FCB is 
imperative to correctly dimension the fluidic routing channels and avoid excessive 
pressure losses in the FCB fluidic paths. Additionally, implementation of a feedback 
loop for pressure control that is able to adjust the pressure in the common culture 
medium reservoir should be implemented to avoid flow rate overshoots and enable 
detection of an eventual leakage to further reduce experimental failure. 

Integration of fluidic resistors makes the system somewhat susceptible to flow rate 
discrepancies among the different lumens due to microchannels being clogged by air 
bubbles. Thus, a system designed with a reduced number of fluidic connections was 
desired. Fewer fluidic connections also would reduce the amount of tubing needed 
for setting up the system increasing user-friendliness and system operation. Finally, 
it was of interest to be able to place the FCB directly onto the microscope stage to 
perform live-cell imaging using industry standard well plate holders.
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Implementation

An FCB that enabled direct connection of the OoCs through barbed-to-Luer-slip 
connectors for simple connection was designed and implemented. The FCB was 
composed of three main layers from which two were bonded as previously mentioned 
(Figure 5 A). The FCB enabled simultaneous regulated shear stress stimulation of 
12 samples with minimal deviation among the different channels of the different 
OoCs by employing a set of fluidic resistors – long narrow channels – that equalized 
the flow rate among the different OoCs channels (Figure 5 B channels in yellow). 
These fluidic resistors stem from and converged to channels that were two and half 
times bigger than the resistor channels and which are denominated as feed and waste 
reservoir channels, respectively (Figure 5 B in green and red).

Major simplification of fluidic interconnections was attained with a 92% reduction 
of the number of fluidic connections - from 26 to 2 - by using an FCB and the 
TOP concept. Additionally, fluidic routing through the FCB greatly reduced the 
total culture medium volume of the setup by 60%, by combining several individual 
reservoirs into two common ones. Moreover, this volume reduction also reduced 
excessive dilution of cell-secreted molecules that make up their microenvironment, 
avoiding excessive cellular stress that is typical in recirculation setups. 11

Figure 5. Schematic view of the implemented FCB. A) An exploded view of the FCB is presented with 
the different layers of the FCB. B) Top and side view of the FCB and its respective dimensions. In the 
top view schematic, the channels of the FCB are depicted in red for the waste reservoir channel, in 
green for the feed reservoir channel and in yellow the hydraulic resistors that aid on the fluidic flow 
rate regulation of the endothelialized lumens.  All dimensions are in mm.
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Considerations and limitations 

In terms of user operation and automation, redesign of the existing OoC was minimal, 
allowing rapid and seamless integration into the TOP FCB platform. Additionally, 
further integration of this system into more complex setups that integrate other 
functionalities and automation capabilities can be accomplished without requiring 
any major changes to the OoC. The fluidic simplification approach here presented 
can thus be easily parallelized, a feature that is typically problematic with common 
OoCs setups. 

In terms of fluidic design, it was important to keep the hydraulic resistance within 
a range that avoids bubble formation or system instability. Increasing the hydraulic 
resistance requires higher pressures to drive flow, which in turn increases gas 
dilution in the liquid medium and consequently the chances of bubble formation 
in the lumens of the OoCs. 12 The increased gas permeability of PDMS, compared 
to the FCB’s PMMA material, and the pressure difference between the pressurized 
reservoirs and that of the OoCs further increases the risk of bubble formation and 
potentially experimental failure. On the other hand, excessive reduction of the 
hydraulic resistance typically increases the total circulating volume of the system 
due to the increase channels cross-section area, leaving the system more susceptible 
to sudden pressure changes and flow rate fluctuations. Overall, hydraulic resistance 
had to be tuned to meet the requirements of the OoC and avoid bubble formation that 
could potentially ruin an experiment. 

In addition to the hydraulic resistance, the flow direction between the two common 
reservoirs that feed and drain the parallel OoCs, needed to be in counterflow. It was 
important that the flow in the respective feeding and waste channels were opposite 
to each other to counterbalance the hydraulic resistance originating in the pressure 
lines. Due to pressure loss along the fluidic channel of the FCB, lumens in the 
most downstream chips would experience a lower shear than those upstream, thus 
requiring the counterflow implementation in the design. 13

Even though the fluidic channels acting as reservoirs were designed with an 
increased height compared to the resistor channels to avoid air bubbles getting trapped 
in the latter, blockage could still occur. Troubleshooting gas nucleation is a common 
hurdle in microfluidics and several strategies have been proposed to minimize its 
impact. 12 Other potential failure modes of the designed FCB included blockage of 
individual lumens due to the detachment of cell clumps from the collagen lumen and 
the collapse of a collagen lumen. These occurrences may severely affect the fluid 
dynamics of the system, and integrating this information into a feedback control loop 
in the system is a challenge in its current form. Integration of an inline flow sensor 
would aid in the detection of such occurrences and gain insight into the flow of the 
individual channels. 

However, integration of flow sensors to monitor the flow in each lumen is a costly 
approach, not to mention the increased increase design complexity it would carry. 
Regarding leakage detection, another way to increase the reliability of the system 
would be to integrate two pressure sensors in each of the reservoir channels to 
infer medium level in each of the reservoirs. Integration of this feature would not 



97

only allow leakage detection but also account for the head pressure of the external 
reservoirs that feed the system thus avoiding excessive or reduced flow through the 
collagen lumens.

Overall, considerable simplification of the fluidic connections was attained with the 
use of an FCB. Moreover, integration of a feedback pressure control loop and the 
designed hydraulic resistors allowed minimization of flow rate differences among 
the different lumens of the OoCs connected to the FCB with minimal changes to the 
existing OoC design. 

Example 2: Flow distribution via gas routing

Aim and background

Due to the low volumes in which cells are cultured in OoCs, nutrient depletion and 
gas exchange can compromise cell viability. This aspect requires special attention 
during the design phase of OoCs. The speed with which nutrient and oxygen depletion 
occurs are highly dependent on the cell type in culture, the OoC geometry, OoC 
material and the culture medium refreshment regime. Moreover, the maintenance of 
the cellular biochemical microenvironment typically requires implementation of a 
perfusion solution preferably with recirculation to avoid large swept/dead volumes 
and dilution of cellular secreted factors. 14

For this example, a TOP-system was designed for continuous nutrient and gas 
exchange in a liver-on-chip. Stereolithography 3D-printed microfluidic flow 
chambers were used which could be inserted into individual wells of a 6-well plate 
to form six OoCs. The OoCs contained micropatterned, three-dimensional liver 
spheroids. The microfluidic setup had been already established using peristaltic 
pumps. Making this OoC compatible with TOP would greatly increase the user-
friendliness of the system and also facilitate future integration with other OoCs (e.g. 
intestinal OoC for studying liver-intestine interactions in metabolism).

Relevant parameters

Providing all OoCs with adequate nutrient and gas supply was the main requirement 
of the system. In addition, there was a requirement to ensure that each OoC could 
be perfused with different culture medium. Moreover, in practical terms, the setup 
of the fluidic system required 12 individual fluidic connections to be made and the 
length and inner diameter of the tubing used for the implementation of the peristaltic 
pumps greatly increased the swept volume of the system. Reducing the total system’s 
volume and the cumbersome fluidic experimental setup were key factors to address, 
while still maintaining the correct nutrient and gas supply with the culture media 
recirculation functionality of the system. 

Implementation

For this application an FCB was designed where each one of the connected OoC 
had an isolated fluidic path. The pressure lines used to drive the fluidic flow, in turn, 
were parallelized and shared among all the OoCs (Figure 6 A; channels in blue). In 
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this way, all OoCs had an isolated fluidic path with pressure lines shared via two 
main channels and requiring only two pneumatic connections to drive recirculatory 
pressure driven flow through all 6 OoCs. With this configuration, effects derived 
from the fluidic blockage of any of the parallel fluidic paths would be considerably 
reduced since fluidic blockage would not increase flow rate in these parallel paths. 
Pressure lines were kept free of biological debris and air bubbles, which are typically 
the major cause of fluidic path blockage in parallelized fluidic systems, consequently 
increasing experimental success chances. 

Moreover, as already mentioned, multiple combinations of different culture media 
could be used in such system thanks to the implemented fluidic path independence 
and the needle-based connection of glass vial fluidic reservoirs. Pressure-driven 
flow rates from the reservoirs to the OoCs were equalized by integrating long, low-
diameter ‘resistor channels’ in the FCB between the reservoirs and the OoCs (Figure 
6 A). 

This fluidic configuration may facilitate future studies that focus on how different 
biochemical cues affect the cultured cells, while keeping the stable flow rates and 
considerably reducing culture media swept volume in the system. The reduction of 
the culture volume achieved in this application was of 95%, when compared to a 
system employing peristaltic pumps and one meter of tubing for each chip. System 
volume reduction can have advantages in studies that focus on cellular secreted 
molecules and providing better control of the cellular microenvironment. 11

To enable simultaneous fluidic flow rate regulation among the 6 OoCs, hydraulic 
resistors were integrated in the OoCs fluidic flow path. The fluidic resistors were 
introduced in between the reservoirs feeding each OoCs and the inlet and outlet ports 
of the respective OoCs (Figure 6 A, inset and zoomed in resistor). These hydraulic 
resistors had an arbitrarily selected hydraulic resistance of 1.22×1013 Pa/(m3/s). The 
dimensions of these resistors were derived using the following equation 1: 

Equation 1

   
where  is half the length of the edge of the channel,  is the length of the channel and 

µ is the dynamic viscosity of water at room temperature. From this, a squared cross-
section microchannel with sides of 100 µm was selected and the resulting length 
of 31 mm determined. Each of the fluidic resistors had a hydraulic resistance of 
6.10×1012 Pa/(m3/s). CFD simulation of such resistors yielded an overall hydraulic 
resistance of 1.43×1013 Pa/(m3/s). These values varied by 14.7% compared to the 
above calculated values with Equation 1.

Validation of the CFD results was performed by measuring fluidic flow through 
each individual resistor by increasing pressure steps, calculating the resistance at 
each step and averaging the obtained hydraulic resistances (Figure 6 B, bottom 
graph). The derived hydraulic resistance of the fabricated resistors had an average 
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resistance of 5.11×1012 ± 4.2×1011 Pa/(m3/s) compared to the simulated result of 
7.14×1012 Pa/(m3/s) and the calculated one of 6.10×1012 Pa/(m3/s) the empirical data 
had a variation of 28.4% and 16.2%, respectively. 

It was shown that the system could provide stable back-and-forth long-term 
perfusion through six OoCs at a flow rate of 60 µL/min for 70 hours during which 
medium flow direction was switched every five minutes with minimal variance 
between the different OoC channels evidenced by the reservoir volume at the end 
of the experiment. Full replacement of the cell culture medium in the microfluidic 
compartment of the OoC occurred every 8 minutes (estimated based on the flow rate 
and internal volume of the OoC) enough to minimize significant changes in gas and 
nutrients in the OoCs.

Considerations and limitations

When employing this flow parallelization method, it is important to consider that 
increasing the reservoir capacity will introduce further deviations in the system 
due to the increased air volume that accumulates in the empty reservoirs and thus 
increasing the capacitance of the system. This increased capacitance will ultimately 

Figure 6. FCB for addressing 6 OoCs with individual culture media through parallelization of pres-
sure lines. A) A 3D model of the FCB is depicted in the top figure where the reservoir position 
and the gas flow lines are represented in blue. Highlighted in the inset is a zoomed in detail of the 
hydraulic resistor used to regulate flow. On the bottom, a picture on the left demonstrates the as-
sembled FCB with the reservoirs filled with culture media, two pressure lines connected and a set of 
6 OoCs inserted in well of a 6-well plate. On the right is a picture of one of the hydraulic resistors 
filled with a blue food dye. B) The top schematic is a top view of the 3D model of the FCB with each 
one of the hydraulic resistors identified by a letter and a number. Each of the letters represents the 
position of an OoC and the light blue and green circles represent the positions of each of the reser-
voirs. Each color represents the set of reservoirs that are pressurized by each of the pressure ports. 
In the bottom graph, the measured hydraulic resistance of each of the reservoir is presented in blue 
and in red the simulated resistance is depicted. The error bars represent the standard deviation.
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result in a lagging period after every flow direction switch during which the fluidic 
flow rate does not reach the intended value for which the system was designed. An 
alternative to mitigate this effect would be to select adequate pressure controllers that 
can have a fast response to pressure input changes and are able to have enough air 
flow to pressurize the reservoirs. Additionally, the capacitance in the current system 
prohibits application of defined pulsatile flows with frequencies of around 1 Hz.

Another shortcoming of the current design is the requirement that reservoir 
attachment needs to be done with moderately (tens of millibars) pressurized pressure 
lines. In the absence of pressure, the liquid inside the reservoir will flood the pressure 
lines, with potential cross-contamination to other reservoirs and routing liquid to the 
pressure controllers and potentially damage them if no filters are in place. To solve 
this, a more elaborate reservoir design that uses siphon-like structures preventing 
back-flow is required. Check valves could also be used, although they introduce 
complexity to the system and more assembly parts to deal with for the user. There are 
no commercially available solutions for this problem and literature only has a few 
examples for low-volume reservoirs. 15 Development of solutions for this aspect in 
microfluidics would be a valuable subject for further research. 

Regarding the simulations and their respective validation, the observed difference 
between the calculated values for the hydraulic resistances and the empirical ones 
stems primarily from the fabrication and bonding process used to fabricate the FCBs. 
The microfluidic resistors were designed and simulated as having a squared cross-
section with an edge size of 100 µm. To achieve this size in the fabricated FCBs, the 
resistors must be fabricated slightly larger than the intended size – approximately one 
and a half times bigger - due to the narrowing of the resistor channels’ that occurs 
during the solvent bonding process. During bonding, PMMA swells due to the acetone 
changing the configuration of the PMMA polymeric structure. 16 Moreover, the heat 
and pressure to which the FCB is exposed during the bonding process also contribute 
to the changes in the channel geometry. These changes have been characterized in 
more detail by Wan et al. 17 and must be accounted for during fabrication. Moreover, 
depending on the solvent and its concentration different geometrical deformations 
may occur. Alternative bonding methods, such as exposing the faces of the to be 
bonded part to a saturated atmosphere of chloroform, for example 18, could be used. 
However, this process proved to be more difficult to control over a large surface area 
such as the one of the FCB resulting in non-bonded areas. Moreover, chloroform 
requires far more careful measures to handle than diluted acetone. A better alternative 
would be to use fusion bonding, this process relies on a different mechanism to bond 
the two pieces of material other than using solvents. 19

Altogether, these results demonstrate how the CFD simulations and more simple 
analytical models can be used to guide the design and dimensioning of the microfluidic 
network. Moreover, these results highlight the influence of the fabrication methods 
employed and how the fabrication tolerances affect the actual hydraulic resistances 
when compared to the designed ones. Validation of the simulations should ideally be 
performed to ensure that the designed system behaves as designed, or at least know 
its deviation. 
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Example 3: Drug concentration profile for cancer on chip

Aim and background

In the study of cancer therapeutics, pharmacokinetics is an important parameter 
where OoCs devices present many advantages over common cell culture hardware. 
In an OoC, it is possible to establish a dynamic drug concentration profile to study 
the pharmacokinetic effects on cancer cell viability using e.g. cell confluence as 
a readout. 20 These systems would allow the reduction of animal testing, increase 
predictability between in vitro and in vivo, and speed up the discovery of the best 
drug candidate for a given condition and patient. Moreover, it paves the way to more 
personalized therapeutic profiles in the field of oncology, if patient-specific tumor 
cells can be incorporated in the OoC.

The adopted microfluidic device for this application has been previously reported 
and characterized (Figure 7). 20 It consists of an OoC with tumor cell monolayers 
or spheroids, which is connected to two syringe pumps – one containing a high 
concentration of the therapeutic drug of interest, and one containing control medium. 
By programming a temporally defined profile for the ratio of flow rates from the 
two respective pumps, a defined 
mixture of the drug with 
control medium is delivered 
to the OoC. The dynamics of 
this concentration profile is 
typically based on clinically 
available pharmacokinetic data 
of the drug of interest. 

However, to increase its 
throughput, similar to the 
previous examples, it is 
imperative to parallelize this 
system to obtain more replicates 
per experimental run. Using 
tubing to interface the different 
components rapidly becomes 
a bottleneck in the handling 
of theses microfluidic chips. 
Moreover, the footprint and 
the number of connections 
required to setup the system 
rapidly increase both labor 
and complexity. This, overall, 
limits the application of this 
microfluidic device with great 
potential for preliminary drug 
screening.

Figure 7. OoC for the replication of a pharmacokinetic 
profile of a drug in the context of cancer treatment. A) An 
exploded view is presented where the different layers of the 
device are depicted. All layers are made of PDMS and layer 
3 is a porous membrane that allows fluidic communication 
between the two compartments formed by layers 2 and 4. B) 
The characterization of the dynamic drug administration is 
represented with both the measured value via fluorescence as 
well as the expected value and the corrected expected value 
due to the swept volume of the system and Taylor dispersion. 
C) Pictures of both the device, on the left, and the cultured 
cells, on the right. Images were adopted from Komen et al. 20
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Relevant parameters

Among the different parameters that influence the drug concentration profile, the 
Péclet number, the Taylor-Aris dispersion and the dead volume are those with major 
impact in this setup. The Péclet number along with the Taylor-Aris dispersion, 
characterizes the drug concentration in a liquid bolus driven by Poiseuille flow. It is 
important that once a given drug concentration enters the microfluidic channel, the 
respective liquid bolus’ variation in concentration does not exceed predefined limits. 
This behavior ensures that the drug concentration that cells are exposed to is as close 
as possible to the intended one.

Regarding dead volume, this parameter acts as a buffer delaying and dampening 
sudden changes in concentration. Therefore, it should be kept at its lowest possible, 
since having increased dead volume can also result in deviation from the intended 
concentration, either by dilution, concentration, depending on how the drug change 
rate is positive or negative; or cross-contamination between different solutes.

Implementation

An FCB was designed that enables the concurrent connection of 6 OoCs and 
intermittent perfusion of the connected OoCs. Each device can be perfused during a 
predetermined span of time with controlled flow rates to ensure that cells are exposed 
to the desired drug concentration at the correct time resolution. In this design, the 
system made use of a pressure controller, a 11-port/10-position rotatory valve and 
a flow sensor. The designed FCB is depicted in Figure 8 and it was composed of 3 
layers similar to the previous examples where 6 waste reservoirs were connected 
to the channel layer as well as the inlets coming from the multi-port rotatory valve. 
In this case, mini-Luer slip connectors were employed to reduce the swept volume 
of the system and reduce the drift in drug concentration that cells were exposed to. 
Preliminary results demonstrated that the increasing volume in the waste reservoirs 
may impose deviations in the flow of the system in an open-loop configuration due 
to the increasing head pressure and that a flow sensor is required to ensure that the 
correct flow rate is flushed through the system in a closed feedback-loop regardless of 
the head pressure created by the liquid in the outlet reservoir. In a preliminary assay, 
implementation a flow sensor upstream of the rotatory valve for close loop control 
aids in reducing disparities in the liquid levels of the different waste reservoirs. 

Increased user-friendliness of the system was achieved by reducing the amount of 
tubing, the number of connections to be made and the swept volume in the fluidic 
connections among the different MFBBs. A reduction of 38% in swept volume was 
achieved by substituting tubing with the microfluidic channels of the FCB when 
compared to 1/16” ID tubing. Additionally, the use of mini-Luer connectors allowed 
further reduction of the system’s volume by approximately 90% when compared to 
regular sized Luer slip connectors. 21

Considerations and limitations

The intermittent perfusion of the different OoCs may introduce deviations in the 
drug concentration profile due to drug dispersion in the fluidic channels of the FCB. 



103

This concentration deviation can be characterized by the Taylor-Aris dispersion 
which describes the interplay between convective and diffusive transport of given 
molecule in a microfluidic channel in the presence of a Poiseuille flow profile. 22 It 
is thus important to tune the flow rate and the intermittent flow interval according to 
the molecular weight of the drug in use for the study, paying specific attention to its 
diffusion coefficient. 

To further increase modular integration of the present system, integration of a rotary 
valve in the fluidic board would be beneficial. Such integration would further reduce 
the amount of tubing and fluidic connections used. Commercial options (uProcess 
Automated 8-Position Selector Valve AV801, LabSmith) are readily available on 
the market reducing the amount of invested time in its development while keeping a 
relatively small footprint on the system. Moreover, adopting the TOP framework for 
MFBBs interconnections allows future integration of other components such a dosing 
unit in the FCB, 23 which would allow automated generation of drug concentration 
profiles and even combination of different compounds. This approach would allow 
reutilization of existing modules that can be directly copied from other systems. 

Additionally, integration of a flow sensor would also increase the system’s reliability 
and introduce the possibility to establish a feedback control loop to control flow and 
track any disturbances to the system. Again, in this case, commercial solutions of 
miniaturized flow sensors exist that can be readily integrated with the FCB without 
much overhead time investment. 

Figure 8. Schematic overview of the FCB developed for the cancer-on-a-chip device. A) An explod-
ed view of the FCB is presented with the different layers of the FCB. B) Picture of the FCB with a 
footprint size of a 6-well plate. C) Top and side view of the FCB and its respective dimensions. All 
dimensions are in mm.
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In the current form of the system, all of the OoCs are perfused with the same drug 
and concentration profile. While this configuration already improves the microfluidic 
handling, it would be desirable to integrate multiple drugs in one single FCB or 
even perform staining and fixation protocols in an automated manner. To accomplish 
this, introduction of microfluidic valves and additional routing channels would be 
required. Moreover, new strategies should be adopted to avoid cross-contamination 
of different components by using waste channels that allow purging and cleaning of 
the FCB.

General considerations
While the adoption of design standards for microfluidic integration has been 

gaining track with initiatives like TOP, more parameters should be considered for 
standardization. Among these parameters are the materials used for fabrication of 
the microfluidic devices and guidelines for software integration of the different 
electronic components. Adopting rules for more than microfluidics and electronics 
connections will allow easier portability of entire modules with software included. 

The use of FCBs does not exclude the use of tubing for prototyping. Tubing and 
many of the respective connectors are still a better option when compared to a fully 
integrated modular system during the developmental phase where more versatility 
and flexible interconnections are required. Similar to the electronics industry, where 
prototypes are brought to life in breadboards and only when deemed functional are 
translated into a PCB, tubing and FCBs follow the same philosophy. 

Unlike PCBs, FCBs need to be cleaned and decontaminated before used. Material 
selection for the fabrication of these platforms is an important parameter to consider. 
Despite the versatility of PDMS as a material for OoCs fabrication, its use has 
been contested due to the absorption of small apolar molecules into the bulk of the 
devices. Among the materials adopted for industrial applications polystyrene and 
cyclic olefin copolymer (COC) are the most common substitutes for PDMS, but their 
use comes with a higher fabrication threshold even for technical users. FCBs, so far, 
have employed materials that are compatible with industrial production standards, 
but a more extensive surface chemical characterization is still required for ensuring 
aseptic conditions and understanding drug adsorption. 

Moreover, the present reservoir system can be improved and better integrated with 
the FCB. In this case, development should be aimed at avoiding bubble formation, 
reducing leakage and allowing small volume injection15. Creating standardized fluidic 
reservoirs would allow off-the-shelf selection of reservoirs with the appropriate 
geometry, volume and connections avoiding redevelopment of different containers 
and divergent techniques for each application.

Gradual integration of upgrades can be accomplished with the aid of commercially 
available solutions. The use of commercial solutions, however, come at the expense 
of increased footprint and required technical knowledge to implement and integrate 
components from different manufacturers that typically stem from various industries 
with different standards. For technical developers, this approach enables quick 
integration of functional modules that would require expensive development of 
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already existing technologies. By adopting commercial solutions, it becomes possible 
to establish a reliable system that is able to perform a given function with respectable 
confidence. Once a system is matured and further integration is required for more 
of a black-box system philosophy, be it for miniaturization purposes or creation of 
a functional module, existing microfabrication techniques can be adopted where 
more specialized implementation is present. These include polymer valves in FCBs 
for pumping or routing; electrochemical, electromechanical or luminescent sensors 
and image processing. More system integration enables higher system abstraction 
for the user and a lower entry barrier for newcomers to the field. In the state of 
development processes of microfluidic systems, this intermediate step should be 
further explored in order to build confidence in a system before embarking in long 
years of development that this sort of integration typically requires. 

Conclusion and outlook 
Simplification of complex microfluidic systems is imperative for widespread 

adoption of microfluidic technologies such as OoCs. The setup complexity and 
the technical overhead investment required from non-technical users to routinely 
perform fluidic experiments is a major detrimental factor preventing the use of OoCs 
more regularly in teams focused on biology. With the examples here presented, we 
have demonstrated how adoption of standards and the open TOP framework for the 
design and integration of microfluidic systems enabled parallelization and operation 
of various OoCs in different use cases. Moreover, we were able to achieve this while 
still reducing the number of fluidic connections and simplification thereof, as well as 
the footprint these platforms have in laboratories. 

Despite the myriad integrated microelectronic monitoring systems for OoCs, 
microscopy continues to be one of the most widely adopted tools for their analysis. 
Adopting the TOP modular approach also facilitates the handling of multiple OoCs 
and combined use of these FCBs with microscopic tools that are already present in 
most laboratories, reducing the need of new equipment acquisition and consequently 
lower costs for OoCs technology adoption.

We foresee that the design of functional systems in a modular framework will 
further increase the share of developed technologies and more synergistic technology 
integration to attain better functionality of OoC systems without “reinventing the 
wheel”.
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CHAPTER 6
CONCLUSION AND OUTLOOK

Organs-on-chips are versatile microfluidic devices with high potential of integration 
in drug discovery pipelines. In this thesis it was demonstrated that simplification 
of the fabrication process can be accomplished without compromising device 
complexity. Moreover, the developed heart-on-chip device was able to co-culture 
three different cell types in a device that enables electrical stimulation of the cardiac 
tissues and highly localized stimulation with cardioactive drugs. Additionally, proof-
of-concept tri-culture with human induced pluripotent stem cell-derived endothelial 
cells could allow further integration of a bioactive barrier that better mimics the 
pharmacokinetics of drug administration in an in vitro model. 

In chapter 3, it was demonstrated how adoption of standards can foster rapid 
integration of microfluidic building blocks into one modular system that can 
maintain a tri-culture of cardiac cells in an automated manner for 5 days. Moreover, 
the system can apply shear stress stimulation to cells cultured in the microfluidic 
channels of the heart-on-chip device. Additionally, pulsatile flow stimuli can also 
be applied with the current system configuration. The modularity of the system 
allows the rapid integration of off-the-shelf commercially available components 
that significantly reduce the development time of the fluidic system while reducing 
efforts in the redevelopment of existing technologies. Hence, modular integration of 
a recirculation microfluidic setup can be accomplished without requiring the lengthy 
setup process required by systems that make use of tubing and bulky equipment. 

Adoption of standards not only at the component level, but also on the design 
and fabrication process can further benefit the field of organ-on-chip on a wider 
adoption audience. This is demonstrated in chapter 4, where minor modification 
of existing organ-on-chip devices can facilitate their integration into multiplexed 
automated systems that substantially reduce the time and complexity of setting up 
experiments. In all three adopted organs-on-chips an increase in throughput was 
accomplished while reducing the complex tubing-based fluidic routing that is typical 
of microfluidic devices. Moreover, reutilization of fabrication techniques, adoption 
of standards and a consistent design philosophy can enable reutilization of both 
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custom and commercially available components and their implementation in an open 
collaborative platform. 

Outlook
Organ-on-chip systems are multidisciplinary devices that are the converging point 

of a myriad of fields, such as electrochemistry, cell biology, tissue engineering, 
microfabrication, embedded systems, control systems and microfluidics to name a 
few. Several aspects of the developed work of this thesis could benefit from further 
maturation. 

The next sections are divided in two main topics: biology and engineering. In 
the biology section the different aspects of the cultured cells and their stimuli are 
addressed, in the engineering section the microfabrication, design and integration of 
multidisciplinary systems are addressed. 

Biology 
The experimental work of this thesis would greatly benefit of thorough biological 

characterization of the co-cultures established in the heart-on-chip device. Cell 
maturity is one of the aspects that should be further characterized in order to better 
define the different states these cells find themselves in co-culture and when exposed 
to specific drugs. Maturity of human pluripotent stem cell-derived cells is an active 
field of research 1the discovery of induced pluripotent stem cells (iPSCs and lessons 
should be drawn to better elucidate the heterocellular interactions that may be taking 
place in the heart-on-chip. 

Standardization and definition of criteria for the quality of the cells cultured in this 
platform would be an incremental step towards this goal. By characterizing specific 
traits of the cultured cells, such as beating frequency, electrical stimulation pulse 
capture, as well as time to form a confluent monolayer and vascular endothelial 
cadherin expression for cardiomyocytes and endothelial cells, respectively, it would 
be possible to draw a better picture of how these cells are affected by being cultured 
in such systems. 

Additionally, implementation of external stimuli should also be characterized in 
order to assess which are the best conditions in which to culture these cells to better 
understand how a parallel can be drawn between these systems and current in vitro 
and in vivo models.

Engineering 
The technical challenges faced in this work were mainly related to the coupling 

between fluidic building blocks and their integration and control within a modular 
design. 

The design of organs-on-chips as microfluidic building blocks (MFBBs) is 
biologically driven. The devices aim to recreate a given microenvironment where 
cells can be cultured. Setting rules that are too strict might be detrimental and 
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restrictive for the field. Instead, the focus of these guidelines should provide freedom 
to the developers to accommodate for the biological needs that their system requires 
while keeping interfacing more restrictive to enable inter-modular integration.

The fluidic interfacing of MFBBs is highly dependent on the application. Some 
systems are more sensitive than others to the overall system volume, while others are 
more susceptible to hydraulic resistance. Identification of these aspects would enable 
the creation of groups of connectors that specifically address the specific needs of a 
given system, thus creating features in these components that are specific for similar 
problems. 

The fluidic off-the-self reservoirs adopted in this thesis have been designed for other 
industries and were adopted due to their simple integration. However, shortcomings 
were present in their integration and adoption requiring the use of blunt needles that 
were somewhat cumbersome to integrate. Reservoir design is often an overlooked 
feature of microfluidic systems but one that more often than not is revealed as a crucial 
one. Reservoir designs that have better integration and standardized connections 
with integrated bubble and leakage avoidance features should be better explored. 

Due to the modular integration of these organ-on-chip systems as presented in this 
thesis, creating a repository of the different modules could be highly beneficial. The 
information in such a repository should not only include the fluidic, mechanical and 
electrical specifications of a MFBB, but also the required software and integration 
tools to readily implement them as modules. For this, a framework of standards 
for software integration should be adopted. These frameworks would allow the 
development of a software framework where the different modules are accompanied 
by their respective driving software in an application programming interface (API) 
like function.

Additionally, since the modular organ-on-chip systems often require close feedback 
loops for automated control of the fluidics and pneumatics, better characterization 
of the modules when integrated in different systems should be performed. This is a 
highly technical step that should be hidden in an abstraction layer from a biology 
user, but it must be devised by technical developers to allow easy integration of their 
developed modules. 

Last but not least, miniaturization is a big promise of microfluidics, but still relative 
bulky equipment is used in the modular setups as described in this thesis. For example, 
breakout electronic modules were employed for the control box driving the fluidics 
and pneumatics. Further integration of the electronic modules would rapidly reduce 
the footprint of these modular systems while integration of more functionalities can 
be accomplished hinging on the wealth of electronic microcontrollers. 

Overall, adoption of standards allows the integration of the existing technologies in 
a rapid manner, allowing developers to more quickly assess the feasibility of a given 
system design and rapid collection of biological data that further refines the design of 
the system, leading to more easily transferable microfluidic organ-on-chip systems. 
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Supplementary figure 1

Supplementary Figure 1. Schematic longitudinal cross-section overview of the glue-free reversible 
sealing method. 1) A thin film of fluid is created via capillary action between the glass seal and the 
designed rim enclosing the cardiac compartment; after cell seeding and incubation, water in the me-
dium evaporates. 2) Medium water evaporation locally increases protein and salts concentrations. 
3) After approximately 8h in incubation a seal is created by the protein precipitate. 4) To reopen 
the cardiac compartment, a pipette tip, in yellow, is used to deform the PDMS rim and disrupt the 
protein precipitate. 5) By capillary action medium reflows into the gap between the glass seal and 
the PDMS rim.
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Supplementary figure 2

Supplementary Figure 2. Overview of the cardiac cell population obtained after differentiation 
characterized using flow cytometry and the reporter genes expressed by the DRAGGN-line. A)The 
average cardiac cell population used to fabricate the cardiac tissues had on average the presented 
distribution. B) Distribution of cardiac cells in each of the cell populations used in the study. C) 
Flow cytometry chart depicting the different populations and respective gates. The y axis is for GFP-
NKX-2.5 and x for mRubyII-α-actinin. 
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Supplementary figure 3

Supplementary figure 4

Supplementary Figure 3. Cardiac tissue compaction without and with human adult cardiac fibro-
blasts. Left – Depicts the cardiac tissue without cFBs after three days in culture with poor defined 
boundaries and apparent non-homogeneous cells distribution. Right – depicts the cardiac tissue in 
co-culture with cFBs after three days in culture with well-defined tissue boundaries and homoge-
neous cell distribution.

Supplementary Figure 4. Dimension differences among the different designed, 3D printed and py-
rolyzed micropillar electrodes fabricated. The different micropillars designs varied the diameter, 
ranging from 300 to 800 µm, and height m ranging from 3mm to 5 mm. The designs were 3D printed, 
pyrolyzed and measured at each step of the process for selecting the best fitting design dimensions. 
Error bars represent standard deviation. 
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Supplementary figure 5

Supplementary figure 6

Supplementary Figure 5. Fourier transform derived from the beating frequency of the cardiac tis-
sue and measured with kymography. Trains of bi-phasic, square-shaped electric pulses with 20ms 
duration and 2 Hz frequency were applied using the E-lid with increasing amplitudes ranging from 
10 to 350 mV. The excitation threshold was determined by the appearance of the electric excitation 
frequency in the Fourier transform of the beating signal of the cardiac tissue. 

Supplementary Figure 6. Summary graph of the individual response of each of the 3D cardiac tis-
sues to the different isoprenaline concentrations tested.
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Supplementary figure 7

Supplementary Figure 7. Schematic representation of the gravity-driven flow stablished with a cus-
tom-built rocking platform and resulting shear stress calculation. Top left, in the first cycle, the 
height difference can be derived from trigonometry relation where the tilting angle is that of the 
rocking platform. Top right represents the second and subsequent rocking cycles where the same 
relations are derived but this time with double the angle of the rocking platform due to the volume 
imbalance between the two inlets.  
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Supplementary figure 8

Supplementary Figure 8. Shear rate homogeneity and magnitude experienced by endothelial cells 
in the vascular compartment. A) Schematic isometric view of the culture compartments, cardiac 
compartment in red and vascular compartment in turquoise and the isometric view of the vascular 
compartment used in the simulation. B) Flow profile in the vascular compartment in a top and side 
view. C) Computer fluid dynamics modelling of the shear rate experienced by the cells in a front 
view – XZ plane.
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Supplementary figure 9

Supplementary Figure 9. Fluorescence micrograph depicting the growth of human pluripotent stem-
cell derived endothelial cells stain with DAPI in blue for the nuclei and ActinGreen for the cytoskel-
eton. Yellow arrows point to the cells adhered to the bottom of the microfluidic channel, slightly out 
of focus; white arrows point for cells attached to the top of the microfluidic channel, in focus; and 
the red arrow points to the pores of the porous polyester membrane. Scale bar is 600 µm. 
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Supplementary figure 10

Supplementary Figure 10. Fluorescence micrograph depicting the expression of adherens junction 
proteins of human pluripotent stem-cell derived endothelial cells stained with DAPI in blue for the 
nuclei and VE-cadherin in red. 
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Supplementary Figure 1

Supplementary Figure 2

Supplementary Figure 1. 3D CAD-model of FCB and the control box. A) The FCB and the control 
box are depicted on top and bottom, respectively. B) the different components are depicted inside 
the control box, where the layout of the  2 pressure controllers, the MCU, the H-bridge and the buck 
converters can be seen.

Supplementary Figure 2. Schematic representation of the electrical 
connections among the different components. The microcontroller 
(MCU) is connected with the two pressure controllers (pump 1 and 
2). These pressure controllers are composed of a board that contains 
a microcontroller property of TTP Ventus, a piezoelectric pump. The 
flow sensor is connected via a ribbon cable and interfaced with the 
MCU via I2C protocol. The H-bridge is digitally controlled with two 
IO pins of the MCU, activating each of the corresponding solenoid 
valves. These valves are connected to the H-Bridge via a ribbon cable. 
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Supplementary Figure 3. Schematic overview of the control algorithm for flow control. The cycle 
runs indefinitely until stop by the user and is able to autonomously control the flow rate in the mi-
crofluidic device. 

Supplementary Figure 3

Supplementary Figure 4

Supplementary Figure 4. Graphs depicting the flow rate recovery after a flow path switch and long-
term perfusion flow control. A) The system is able to re-establish the set flow rate within seconds of 
the valves changing positions and reversing flow between the two reservoirs while keeping unidirec-
tional flow in the heart-on-chip vascular compartments. B) An excerpt of one hour and a half of the 
unidirectional flow control capabilities of the system over long periods of time.
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