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Abstract

Heart failure occurs when the heart is not able to provide the correct amount of blood to the body, and is one of the major causes
of death worldwide. Currently, the gold standard treatment against
heart failure is heart transplantation, but on one side the availability
of hearts is not sufficient to meet the request and on the other not all
the patients are eligible for transplantation, thus the implantation
of mechanical devices is required to support patients waiting for an
available donor. Ventricular assist devices are mechanical devices
assisting the failed heart in providing enough blood to the body, they
do not completely replace the heart but rather assist the heart in its
function. Existing ventricular assist devices require anticoagulation
therapies due to the adverse events following the device implantation.
The Hybrid Membrane project, a project of the Zurich Heart consortium, aims at the development of a new concept of ventricular
assist device with 100% hemocompatibility, guaranteed by a layer of
autologous endothelial cells covering all the surfaces of the pump in
contact with blood. The pulsatile pump propels the blood by means
of a membrane cyclically displaced inside the blood chamber. The
direct contact between the blood and the synthetic material of the
membrane is prevented by a monolayer of autologous endothelial
cells seeded on the membrane itself. The work presented in this
thesis is part of the Hybrid Membrane project and focuses on the
hybrid membrane, key component of the propulsion system, on both
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a mechanical and a biological point of view.
The hybrid membrane is the component of the pump that is used
to displace the blood, and thus its material must be elastically deformable. It should withstand hundreds of million of cycles without
deterioration or failure, and it must enable the cell adhesion and
proliferation on its surface. Importantly, the cell survival must be
ensured for the whole duration of the pump implantation. In order
to increase the cell adhesion to the substrate, several interlayers can
be designed and realized, but they have to be tested in a model system mimicking the mechanical environment of the ventricular assist
device in terms of wall shear stress and wall deformation.
Regarding the mechanical aspects of the membrane, five siliconebased elastomers were selected and mechanically characterized as
potential substrates for the hybrid membrane. These elastomers
were characterized in terms of their large deformation behavior, fracture properties, long term cyclic behavior and cytotoxicity. Large
strain monotonic tests were performed under uniaxial, strip biaxial and equibiaxial stress states. The small strain elastic modulus
ranged from 49 kPa to 1.5 MPa, and the materials showed different degrees of non-linearity of their stress-strain response. Based
on the multiaxial experimental data, hyperelastic constitutive models were determined for each material, and corresponding models
were used for computational studies. The reliability of the materials
for biomedical applications was studied in terms of cyclic behavior,
fracture properties and cytotoxicity. For the latter, all materials were
confirmed to be non-toxic, which is a prerequisite for their use in implants and biomedical devices. The response in long term uniaxial
tests over 220’000 cycles showed a general stability of the mechanical behavior. The materials showed different behaviors in terms of
tearing energy and stretch at crack propagation. Overall, the performed characterization was used to select the preferred material
for the hybrid membrane.
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As a second main contribution to the project objectives, a model
system for the ventricular assist device was designed, developed
and validated to test the performance of the hybrid membrane under conditions representative of those present in a ventricular assist
device. This novel bioreactor system enables the long term conditioning of endothelial cells interacting with artificial materials under dynamic combinations of flow-generated wall shear stress and
wall deformation. The wall shear stress and wall deformation values
obtained encompass both the physiological and supraphysiological
range. They are determined through separate actuation systems
which are controlled based on validated computational models. The
system was used to investigate the behavior of endothelial cell monolayers under complex patterns of shear stress and deformation, and
to assess the viability of cells exposed to the mechanical load expected in the ventricular assist device. In particular, cell orientation was shown to depend on the magnitude and multiaxiality of
the imposed substrate deformation. The model system was used to
identify promising solutions for the long term endothelialization of
blood propulsion devices.
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Riassunto

L’insufficienza cardiaca avviene quando il cuore non è piú in grado di
fornire il corretto apporto di sangue al corpo, ed è una delle principali cause di morte nel mondo. Attualmente, il trattamento principale
contro questa patologia è il trapianto cardiaco, ma la disponibilità
di cuori non è sufficiente a soddisfare la richiesta e non tutti i pazienti possono affrontare un trapianto cardiaco. Nell’attesa che un
cuore diventi disponibile, al paziente viene impiantato un dispositivo meccanico, che supporta il cuore e permette la sopravvivenza
del paziente stesso. I dispositivi meccanici utilizzati necessitano di
terapie anticoaugulanti a causa delle reazioni avverse a seguito dell’impianto.
Il progetto ”Hybrid Membrane”, all’interno del consorzio ”Zurich Heart”,
ha come scopo lo sviluppo di un sistema di assistenza ventricolare innovativo, che sarà 100% emocompatibile grazie ad uno strato
di cellule endoteliali autologhe che ricoprirà tutte le superfici della
pompa a contatto con il cuore. La pompa pulsatile spinge il sangue
utilizzando una membrana che è mossa ciclicamente all’interno della camera del sangue. Il contatto diretto tra il sangue ed i materiali
sintetici della pompa è evitato grazie ad un monostrato di cellule
endoteliali autologhe. Il lavoro presentato in questa tesi è parte del
progetto ”Hybrid Membrane” e si concentra sulla membrana ibrida,
il componente principale del sistema di propulsione, sia dal punto
di vista meccanico che biologico.
La membrana ibrida è il componente della pompa usato per spin-
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gere il sangue, pertanto il materiale della membrana deve essere
deformabile elasticamente. Deve resistere centinaia di milioni di cicli senza deteriomento o rottura, e deve permettere l’adesione e la
proliferazione cellulare sulla sua superficie. In particolare, la sopravvivenza delle cellule deve essere garantita per tutta la durata
dell’impianto. Per aumentare l’adesione delle cellule al substrato,
diverse soluzioni da interporre tra la membrana e il monostrato di
cellule possono essere progettate e realizzate, ma devono essere testate in un sistema capace di mimare l’ambiente meccanico all’interno del dispositivo di assistenza ventricolare in termini di sforzo
di taglio e deformazione.
Per quanto riguarda l’aspetto meccanico della membrane, cinque
elastomeri a base di silicone sono stati selezionati come candidati per la membrana ibrida, e sono stati caratterizzati in termini di
comportamento a grandi deformazioni, proprietà a frattura, comportamento ciclico a lungo termine e citotossicità. I test monotonici
a grandi deformazioni sono stati eseguiti sotto stati di deformazione
uniassiale, biassiale ed equibiassiale. Il modulo elastico a basse deformazioni degli elastomeri selezionati spazia da 49 kPa a 1.5 MPa,
e i materiali mostrano un diverso grado di non linearità nella loro curva sforzo-deformazione. Modelli iperelastici costitutivi sono
stati dedotti dai dati sperimentali multiassiali, e sono stati successivamente utilizzati per simulazioni computazionali. L’affidabilità
dei materiali selezionati per applicazioni biomediche è stata analizzata in termini di comportamento ciclico, proprietà a frattura e
citotossicità. Riguardo a questa, tutti i materiali si sono confermati
non tossici, e quindi idonei per un uso come impianti medicali. La
risposta meccanica uniassiale a lungo termine per piú di 220’000
cicli ha mostrato una generale stabilità. I materiali hanno mostrato
un diverso comportamento in termini di energia di resistenza alla
frattura e deformazione a propagazione della cricca. In generale, la
caratterizzazione meccanica eseguita è servita per la selezione del
materiale per la membrana ibrida.
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Come secondo maggiore contributo agli obiettivi del progetto, un
modello del dispositivo di assistenza ventricolare è stato progettato, sviluppato e validato per testare la prestazione della membrana
ibrida sotto condizioni rappresentative di quelle presenti nel sistema
di assistenza ventricolare. Questo bioreattore innovativo permette il
condizionamento a lungo termine delle cellule endoteliali che interagiscono con i materiali artificiali sotto la combinazione di sforzo
di taglio in parete dovuto al flusso e di deformazione di parete. I
valori di sforzo di taglio e deformazione che si possono ottenere nel
sistema sono sia fisiologici che sopra-fisiologici. Sono ottenuti per
mezzo di due sistemi di attuazione separati e validati con modelli computazionali. Questo sistema è stato utilizzato per studiare il
comportamento di un monostrato di cellule endoteliali a seguito di
complessi schemi di sforzo di taglio e deformazione, e per valutare la
sopravvivenza delle cellule esposte al carico meccanico aspettato nel
dispositivo di assistenza ventricolare. In particolare, l’orientamento
delle cellule si è mostrato dipendente dalla grandezza e dal tipo di
deformazione imposta al substrato. Il sistema è stato utilizzato anche per identificare soluzioni promettenti per la endotelializzazione
di dispositivi per propulsione di sangue.
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1

Introduction

1.1

Heart failure: an unsolved problem

Heart failure is one of the major causes of death worldwide and occurs when the heart is not able to provide enough blood to bodily
tissues (Mudd and Kass (2008)). It is characterized by symptoms
such as breathlessness, fatigue and ankle swelling (Ponikowski et al.
(2015)). In developed countries, the incidence of heart failure is approximately 1-2% and it is higher than 10% among people older than
70 (Ponikowski et al. (2015)). The incidence of heart failure is also
increasing in developing countries, where changes in the lifestyle of
the population lead to a higher risk of obesity, diabetes and hypertension (Braunwald (2015)).
The gold standard treatment against heart failure is heart transplantation (Nicolini et al. (2015)), but it raises many problems. First, the
number of available donors does not match the requests, and patients requiring heart transplantation are put on waiting lists until
a heart becomes available (Prinzing et al. (2016)). Second, the eligibility criteria for transplantation are strict, and therefore not all
patients suffering from heart failure are eligible for transplantation
(Braunwald (2015)). One criterion, for example, is the age of the
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patient, since the risk associated with an invasive operation is high
and patients older than 70 should not typically be considered for
transplantation (Mehra et al. (2016)). Ethical issues also surround
heart transplantation. The average age of donors is low, since hearts
from old people cannot be implanted, meaning that hearts are made
available through deaths by unnatural causes, such as car accidents. Patients’ sense of guilty for the donor’s death has been reported, leading to consequences on the psychological stability of the
patients (Kaba et al. (2005)).
Given these issues, the war against heart failure is battled on several
other fronts. Replacing a faulty gene with a normal one (gene therapy), or implanting stem cells into the damaged area of the heart (cell
therapy) have shown promising results (Braunwald (2015)). Despite
the growing interest in these methods, they are still in the clinical
trial phase. Ventricular assist devices (VADs) represent another way
to battle the war against heart failure (Braunwald (2015)).
VADs are mechanical devices which assist the failed heart in pumping sufficient amount of blood through the body. They do not act as
total replacement for the heart, but rather they assist the heart in
its job. These systems were initially developed as a bridge to cardiac
transplantation (Braunwald (2015)), which means that the heart of
the patient is supported via a VAD while waiting for an available
donor. Given the improvement in the patients’ lifestyle after VAD
implantation (Maybaum et al. (2007)), VADs are nowadays also used
as a destination therapy (i.e. the system is not meant to be replaced
and the patient ends his life with the mechanical support) or as a
bridge to decision (i.e. when the decision about heart transplantation is deferred) (Braunwald (2015), Loor and Gonzalez-Stawinski
(2012), Prinzing et al. (2016)).
Nowadays, mainly two types of VADs are implanted: pulsatile-flow
VAD and continuous-flow VAD (Loor and Gonzalez-Stawinski (2012),
Daners et al. (2017)). The main component of pulsatile-flow devices is a flexible diaphragm used as the propulsion component of
the pump (Loor and Gonzalez-Stawinski (2012)), which mimics the
physiological pulsatility of the heart. Regrettably, these devices are
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big since they need to provide the correct volume of blood to the
body. Continuous-flow VADs are made of a centrifugal-flow or an
axial-flow pump that accelerate the blood (Cheng et al. (2014), Daners et al. (2017)). Given the high blood velocity, the volume of the
pump can be kept small and these devices are normally implanted
inside the body. The reliability of continuous-flow VADs is higher
than that of the pulsatile-flow pump, which has resulted in the great
increase in their usage over the last decades. However, several recent studies have shown that the lack of pulsatility has long term
negative effects. For example, blood pulsatility is a mechanosignal
for the cells that, in its absence, start to destroy the extracellular
matrix. Studies summarized in Cheng et al. (2014) showed that the
recovery rate of the left ventricle is higher in case of pulsatile-flow
VADs than continuous-flow VADs. For these reasons, the scientific
community is now turning its interests back to pulsatile pumps.
The survival rate of patients with a pulsatile VAD is around 75%
5 years after implantation (Lund et al. (2016)), but there is major
limitation of these devices. Blood coagulation occurs every time the
blood is in contact with an external material. It is very dangerous
since it leads to hemolysis (i.e. damage of red blood cells) and thrombosis (i.e. formation of blood clots), and in unfortunate cases it can
lead to death. Anticoagulation therapies are the current solution
to overcome this problem (Loor and Gonzalez-Stawinski (2012)). In
short, the patient has to take anticoagulation drugs for the whole
duration of the VAD implant. Two major problems arise from it:
first, the immunosystem of the patient is more sensitive due to this
therapy and second, some patients are automatically excluded from
VAD implantation since they cannot undergo anticoagulation therapy.
This work contributes to the development of an alternative solution to the problem above mentioned. The goal of the research is to
develop a pulsatile VAD with 100% hemocompatibility, obtained by
means of a biological layer which will cover all surfaces of the pump
in contact with blood. The biological layer will be made of autologous endothelial cells, forming a monolayer that will act as barrier
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between the blood and the artificial materials of the VAD. In this
way, we aim to eliminate the reaction of the body to the external
materials and consequently the coagulation of the blood, removing
the need for anticoagulation therapies. The main challenges related
to the development of this innovative VAD are the endothelialization
of synthetic substrates and the design of a pump housing allowing
the long term viability of the cells. The wall shear stress and wall deformation inside the pump have to be compatible with the survival
of the endothelial cells lining the lumen of the pumps, and thus the
design of the pump should meet strict requirements.

1.2

The Zurich Heart project

The Zurich Heart Project (ZH (2015)) is a project of the Hochschulmedizin of Zurich. It consists of two main sub-projects involving different groups of ETH Zurich, University of Zurich, University Hospital of Zurich, EMPA and DHZ Berlin. More than 15 groups are
involved in this project.
The first sub-project is the Systems Modification. The goal of this
project is the improvement of existing VADs using new technologies,
such as controllers and sensors, innovative designs for the pump,
and surfaces modification.
The second sub-project is called Alternative Systems. In this project,
the main goal is the development of alternative VADs concepts. Several activities are part of this track of the project: the development
of innovative biological hybrid heart valves, of soft pumps, and of
a hyperelastic hybrid membrane for biomimetic blood propulsion.
Figure 1.1 illustrates Zurich Heart organogram.

1.3

The Hybrid Membrane project

The Hybrid Membrane project (HM (2015)) is a project included in
the Alternative System track of the Zurich Heart consortium. The
main goal is the development of an alternative ventricular assist de-
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Figure 1.1

Zurich Heart organogram, adapted from ZH (2015) .

vice aiming for 100% hemocompatibility. The pump is a pulsatile
VAD using a membrane to propel the blood from the left ventricle to
the descending aorta. An actuation system is cyclically moving the
membrane, interface between the actuation and the pumping chambers, and thus the blood is propelled and displaced unidirectionally
by means of uni-directional valves. (see Figure 1.2 for a schematic of
the pump). The key component of the novel device is a hybrid membrane composed of an elastomer covered by autologous endothelial
cells. The monolayer of ECs will act as a barrier between the blood
and the synthetic material of the pump, in this way the blood coagulation will be drastically reduced. An interlayer placed between the
artificial elastomer and the monolayer of the cells should increase
the adhesion of cells to the substrate and enable their long term
viability and functionality. The substrate of the membrane should
allow the adhesion and proliferation of the cells, and the environment of the pump should enable the long term survival of the cell
monolayer. Figure 1.3 illustrates the concept of the membrane.
Given its complexity and interdisciplinarity, the project is divided
into 4 workpackages (WPs).
The main research activities of WP1 concern biology, tissue engi-
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Figure 1.2

Actuation

Schematic of the alternative VAD, object of this study .

SHEAR STRESS
CELL LAYER
INTERLAYER
ELASTOMER

STRETCH
Figure 1.3

Schematic of the hybrid membrane .

neering and biochemistry. Goals of WP1 inside the project are the
selection of the most suitable cell source and the development of
viable protocols for cell isolation. Furthermore, WP1 focuses on
the analysis of cell adhesion, polarization and differentiation on the
substrate.
The main focus of WP2 is on the biointerfaces. In particular, the
goals of WP2 are the development and study of different interlayers used to increase the cells adhesion to the elastomeric substrate.
These interlayers attempt to mimic the physiological environment of
endothelial cells, i.e. the extracellular matrix (ECM). An important
aspect is the physical bonding of the interlayer to the substrate,
which should be strong enough to sustain the mechanical defor-
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mation without delamination. Solutions for the interlayers studied
in the WP2 are electrospun networks and 3D biocompatible microtruss lattice scaffolds.
The work of WP3 is partially presented in this thesis, and focuses on
the development of the hyperlestic synthetic substrate. The first goal
of WP3 is the mechanical characterization and modeling of different
elastomers, candidates as base material for the hybrid membrane.
The ultimate aim of this part is the selection of the most suitable
material based on the results of the previously mentioned mechanical characterization. Another main goal of this workpackage is the
development of a model system, called ”dynamic bioreactor”, which
is used to test and evaluate the various solutions of the hybrid membrane coming from the other WPs. The dynamic bioreactor mimics
the mechanical environment inside the artificial ventricular assist
device. In particular, it imposes a combination of wall shear stress
and wall deformation on the hybrid membrane. Using this device,
the substrate-cell interaction under various mechanical stimuli and
the overall endothelialization of the hybrid membrane are studied.
The last main goal of WP3, which is not part of the work presented
in this thesis, regards the surface structuring by means of specific
topographies that can maximize the endothelialization of the synthetic material.
The objective of WP4 is the development of the pump. The main
goals are the design, fabrication, control and validation of a pump
with minimized wall shear stress and wall deformation, in order to
create a suitable mechanical environment for the cells. The design
should furthermore fulfill the main task of the pump, namely the
displacement of the correct amount of blood to the patient.
As mentioned before, the work presented in this thesis was developed within the WP3 and focuses on the hyperelastic synthetic membrane in terms of substrate material characterization and development of a model system for the hybrid membrane.
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1.4

Structure of the thesis

The present thesis is divided into 3 main parts. After a general introduction to the topic (current chapter), part 1 presents the work
performed on the mechanical characterization of the candidate materials for the ”hybrid membrane”. Five silicone-based elastomers
were selected as potential solutions for the substrate, and characterized in terms of large strain deformation (up to 100% strain) under various mechanical configurations (namely uniaxial, strip biaxial and equi-biaxial). The materials were also analyzed in details
for the specific application. In particular, long-term cyclic behavior, fracture properties as well as cytotoxicity were investigated. In
this framework, the protocol for the tearing energy estimation of deformable materials was investigated in depth and its implementation was adjusted for non-ideal clamping conditions. In particular,
the slippage of the material under the clamps was considered and a
correction factor was introduced to compensate artifacts due to the
testing setup. The results of these investigations were finally used
to select the most suitable material for our purpose.
Part 2 presents the work performed to study the cells-substrate interaction. First, a model system was developed in order to mimic
the mechanical environment inside the VAD. This dedicated setup,
called ”dynamic bioreactor”, is able to apply simultaneously wall deformation (WD) and wall shear stress (WSS) to the cells seeded on
the membrane. It is capable of mimicking physiological as well as
super-physiological conditions of WD and WSS and maintain them
for more than 18 hours. This unique set-up was used to study the
collective response of endothelial cells under a variety of mechanical stimuli. The set-up was developed in collaboration with Björn J.
Bachmann and Christian Loosli.
In the first study, we investigated the response of an endothelium to
cyclic WD applied at 2 Hz for 18 hours. We applied a low level of deformation (5% apex biaxial strain) and a 3-fold higher level (around
15% apex biaxial strain) to confluent human umbilical vein endothelial cells (HUVECs) and we compared the results of the two levels of
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deformation in terms of orientation and density of cells in the endothelium.
A second study focused on the response of HUVECs in a monolayer
to the simultaneous applications of WSS and WD. Several combinations of mechanical stimuli were investigated, namely 5 or 15% apex
biaxial WD at 2 Hz in combination with 1 or 6 Pa WSS. The results
demonstrate the dependence of the cells response to the combination of the two stimuli, and allow to quantify the levels of loadings
for which the cells start to detach from the substrate.
The last part of the thesis (part 3) presents the conclusive remarks
and two appendices. The first one reports the work performed towards the animal trial which will conclude the whole project, whereas
the second one is a detailed description of the bioreactor developed
and its operation.
Overall, the interdisciplinary work presented in this thesis is oriented to the specific application of the heart pump, but it also addresses some relevant questions concerning the collective behavior
of endothelial cells when exposed to significant mechanical loading
and its influence on the endothelialization of synthetic substrates.
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Part I

The Substrate Material
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2

Introduction to silicones
Silicone-based elastomers are organosilicon polymers containing silicon atoms bonded with oxygen atoms and saturated by at least one
organic radical, which contains carbon (Noll (2012)). Figure 2.1
shows the generic chemistry of a silicone, where R is an organic
radical. The most common silicone elastomer is polydimethylsiloxane (PDMS), which has methyl groups as organic radical.
Silicone polymers are usually produced by hydrolysis and finally
cross-linked to improve the mechanical properties (Rahimi and Mashak
(2013)). The cross-linking process, also called vulcanization, creates ties between the polymer chains. The chain of the polymer

R

Si
R

R

R

R
O

Si
R

Si

O
n

R

R

Figure 2.1 Molecular structure of silicones. The silicons are linked together
through oxygen atoms. The R is a carbon containing organic radical .
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can have any length. When chains are short, the viscosity of the
material is low. When they are long, on the contrary, the resulting material is viscous (Braley (1970)). Furthermore, fillers are also
added to silicones in order to give strength to the material (Lane and
Burns (1996), Braley (1970)). The most commonly used filler is silica (Chen et al. (2013)). The silicone elastomers used in the medical
field are normally of two types: heat-vulcanizing types and roomtemperature-vulcanizing ones (called RTVs) (Braley (1970)).
Heat-vulcanizing silicones need heat for the vulcanization process
to happen. They cover a wide range of stiffnesses, and the same
material can have different mechanical properties depending on the
temperature and duration of vulcanization. The amount of filler also
plays a significant role, in general the greater amount of filler, the
harder the material (Braley (1970)). On the contrary, the RTV silicones vulcanize at room temperature and heat is not necessary for
the process to happen, even though in some cases it can fasten the
cross-linking.
Silicones are widely used in the biomedical field due to some unique
properties such us thermal stability, low risk of unfavorable biological reactions, easy processability, transparency, and the possibility
to tune the mechanical properties of the material. In the following
section, the usage of silicones in the medical field is briefly summarized.

2.1

Silicones in mechanobiology

Silicone membranes are widely used in mechanobiological studies,
where commercially available devices or custom-made ones are employed to study the behavior of cells under cyclic uniaxial or biaxial stretch. Vascular smooth muscle cells (Wilson et al. (1995)),
coronary smooth muscle cells (Hishikawa et al. (1997)), endothelial
cells, epithelial cells and fibroblasts (Zeichen et al. (2000)) are some
of the cells that experience cyclic loading vivo, and are studied in
vitro to understand their response to strain. These devices use silicone membranes, coated with a protein layer, on which cells are
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first cultured and then exposed to stretches of different magnitude,
frequency and duration. PDMS is used in several uni- and biaxial
stretching devices (see for example, Schürmann et al. (2016), Moretti
et al. (2004), Tan et al. (2008), Cui et al. (2015)). A membrane from
the RTV family is used in Zeichen et al. (2000) and Waters et al.
(2001).
Furthermore, in 1980 Harris et al. (1980) proposed silicone substrates as good candidates for the study of traction forces of cells
on an external substrate. Prior to this study, traction forces were
measured on protein substrates (gelatin or clottable plasma), but
their mechanical and physical instability did not provide reliable results. The required characteristics for this kind of measurements
were inert properties, non-toxicity and transparency, and the group
suggested silicone-substrates, as PDMS or commercially manufactured silicone sheets, as candidates. Silicone substrates are nowadays used in traction force microscopy (TFM) to measure force applied to cells to the substrate (Balaban et al. (2001), Fu et al. (2010),
Ghibaudo et al. (2008), Bergert et al. (2016)).

2.2

Silicones in biomedical applications

The anticoagulation properties of silicones were already known in
the mid-1940, when they were first considered as materials to coat
syringes and needles (Colas and Curtis (2004)). In 1946, Jaques
et al. (1946) reported that needles coated with silicone prevent blood
from coagulating for many hours. Since then, the interest in silicones has increased in several fields of the medicine, including orthopedics, catheters, components in kidney dialysis, aesthetic implants, heart-bypass machines and heart valves (Colas and Curtis
(2004), Rahimi and Mashak (2013)).
Silicones are still the principal material used in small joint implants,
such as finger and foot joint implants (Chen et al. (2013), Colas and
Curtis (2004)). The aesthetic implant industry has also been making extensively use of silicones since almost 50 years.
Breast implants are probably the most common type of aesthetic
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implant. They have been in use since the 1960s and they have undergone many changes in their design. First and second generation breast implants had problems in their rupture rate and silicone
”bleeding”, meaning the diffusion of small silicone chains through
the shell. Safety concerns regarding these devices led to a period of
almost 10 years of suspensions of implantation in the USA, which
terminated in year 2000 (Hillard et al. (2017), Colas and Curtis
(2004)). The major concerns regarded the incidence of breast cancer or autoimmune connective tissue disease, and the implants rupture, infection or capsular contracture. Even though the discussion
is still open, several studies report that women with breast implants
may have decreased breast cancer risk and the association between
breast implants and connective tissue disease has never been proved
(Colas and Curtis (2004)). Furthermore, problems with the silicones
implants were not connected with the material itself, but rather with
the design of the implant (Chen et al. (2013)). Nowadays, three manufactures are FDA approved for selling breast implants in the USA
(Hillard et al. (2017)). Other aesthetic implants made by silicones
are the scrotum, chin, nose, cheek, calf and buttocks implants (Colas and Curtis (2004)).
Finally, silicones are also used in catheters, shunts, drains, tubing
for extracorporeal machines, heart valves, contact lenses and artificial skin. The application of this material in the biomedical field
is really extensive, and the main reasons are its biocompatibility
and biodurability. Biocompatibility is defined as the property of the
material to have minimal adverse impact on the host, whereas biodurability as the property of the host to have minimal impact on the
material or device (Chen et al. (2013), Colas and Curtis (2004)).
As previously mentioned, silicones have been recognized as biocompatible material since the mid-1940s. However, it is worth mentioning that depending on the chemical composition of the material
and especially the application of the medical device or implant, its
biocompatibility might not be assumed. The same material might
pass the compatibility test for skin-like application but not for bloodcontact implant, and vice versa. At present, there are many com-
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panies that follow the good manufacturing process (GMP) principles
and sell silicone materials FDA approved for a specific application.
The biodurability of silicones is due to their excellent thermal and
chemical stability. Their durability is considered excellent based on
the performance in long-term implants. Furthermore, silicone materials are stable after repeated sterilization by autoclaving. However, lipids from the blood can be absorbed by the elastomer with
consequent swelling of the implant. This type of failure was reported
in a few cases of heart valves (Colas and Curtis (2004)).
For all the reasons discussed in this chapter, silicone elastomers
were selected as substrate material for the deformable membrane
of the envisaged VAD. The membrane should be deformable, able to
undergo hundreds of millions of cycles of deformation and it should
provide a suitable mechanical environment for the cells, meaning
that its stiffness should allow the cells to attach and proliferate.
In what follows, the mechanical characterization of several siliconebased elastomers for the hybrid membrane is reported.
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3

Large deformation behavior of
silicones

3.1

Introduction

Wide range experimental results on the large strain deformation behavior of silicone elastomers are presented in this chapter. Knowledge of the monotonic multiaxial mechanical response of these materials is relevant for numerous applications in (i) mechanobiological
studies and (ii) biomedical devices. One of the main advantages of
silicone substrates in mechanobiology is the fact that their stiffness
can be selected to match values typically attributed to compliant biological tissues (Brown et al. (2005), Palchesko et al. (2012)).
Straightforward processability, transparency, non-toxicity and the
possibility to tune the mechanical properties by changing the polymer to curing agent ratio, or curing conditions, represent further advantages which favored the application of silicone-based elastomers
in dynamic bioreactors and experimental devices for mechanobiological studies (Hishikawa et al. (1997)) where either polydimethyl0 This

chapter, including paragraphs of text, figures and tables is largely based
on Bernardi et al. (2017a)
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siloxane (PDMS) or room temperature vulcanized (RTV) membranes
are used (Zeichen et al. (2000), Waters et al. (2001)). The strain field
applied in these experiments is either directly measured (Schürmann
et al. (2016)) or calculated using finite element simulations (Tan et al.
(2008)). In all cases, the model equations used to predict the mechanical response of the elastomers are of critical importance for
the optimization of the set-up design and for the evaluation of the
mechanical loading conditions experienced by cells.
Silicone-based elastomers are also widely used in medical devices
and components, e.g. for tubing, peristaltic pumps, catheters and
cardiovascular devices such as heart pumps, ventricular assist devices, cannulas, and vascular grafts (Soldani et al. (2010)). In most
of the applications mentioned, the elastomers are exposed to multiaxial stress states and large deformations. In such cases, the nonlinear stress-strain response cannot be predicted based solely on
uniaxial tension tests (Marckmann and Verron (2006), Ogden et al.
(2004)).
For this reason, the present analysis includes experiments in uniaxial, strip biaxial and equi-biaxial stress states. Beside reporting the
experimental data, hyperelastic model equations are determined,
which can be used for the prediction of the elastomer response over
a wide range of mechanical loading conditions.
Five commonly used silicone-based elastomers were selected for a
comprehensive mechanical characterization: two types of PDMS (Sylgard 184 and Sylgard 186, Dow Corning), and three RTV elastomers
(SMI G/G 0.020”, Specialty Manufacturing Inc.; RTV 4528 and RTV
4420, Blue Stars Silicones). They are shown to cover a range of
mechanical characteristics representative of the materials used for
mechanobiological studies and biomedical devices.
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Elastomer
PDMS Sylgard 184

Ratio
10:1

Supplier
Dow Corning

PDMS Sylgard 186

10:1

Dow Corning

Silbione R RTV 4528

1:1

BlueStar Silicones

Silbione R RTV 4420

1:1

BlueStar Silicones

SMI G/G 0.020”

None

Specialty Manufacturing Inc.

Table 3.1

3.2
3.2.1

Preparation
Mixing of base polymer and crosslinker,
degassing, curing at 60◦ C for 4 hours.
Mixing of base polymer and crosslinker,
degassing, curing at 60◦ C for 4 hours.
Mixing of part A and part B, degassing,
curing at 60◦ C for 4 hours.
Mixing of part A and part B, degassing,
curing at 60◦ C for 4 hours.
None.

Preparation of the elastomers analyzed in the study .

Materials and Methods
Materials

The preparation of the elastomers analyzed in this study is summarized in Table 3.1 The properties of PDMS Sylgard 184, a two component system of base polymer and crosslinker, are tunable by the
ratio of these components, the curing temperature and time. The
10:1 ratio is widely used for mechanobiology studies (e.g. Schoen
et al. (2010)) and was adopted here.
The preparation of PDMS Sylgard 186 in 10:1 ratio is analogous.
It has similar deformation behavior as the previous one but was
claimed to provide a higher toughness.
Silbione R RTV 4528 A&B is a Room-Temperature Vulcanized (RTV)
two component silicone elastomer. Silbione R RTV 4420 A&B is a
similar but stiffer elastomer. For both RTV elastomers the two components are mixed in a 1:1 ratio. RTVs have been used in literature
for skin-like application or external maxillofacial prosthetics (Hoeksema et al. (2013), Chalian and Phillips (1974)).
SMI G/G 0.020” also belongs to the RTV family, is commercially
available as 0.51 mm thick sheets and does not hence require preparation in the laboratory. Consequently, its properties cannot be
tuned. It is used for mechanobiology studies (see e.g. Boccafoschi et al. (2007)).
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3.2.2

Fabrication

Samples for the two component elastomers were prepared according to the following protocol, adopted from Bottan et al. (2014) and
Hopf et al. (2016). Part A (base polymer) and Part B (crosslinker)
are mixed in the prescribed ratio (weight/weight) by hand for 2-3
minutes, in order to provide homogeneity. The mixture is degassed
to remove air entrapped in the liquid, until all visible bubbles disappear (5-7 minutes). 2.5 g of the polymer are poured into petri dishes
of 90 mm diameter, in order to obtain a membrane of 400 µm nominal thickness. The petri dishes are placed into a vacuum chamber
for an additional 45 minutes, in order to remove all air inclusions.
Finally, the samples are cured in an oven for 4 hours at 60◦ C, except
for RTV 4420 which is cured at room temperature (23◦ C), according
to the data sheet. PDMS Sylgard 186 was poured in a larger quantity
(2.5 - 4 g) due to its high viscosity, and a spatula was used in order
flatten the polymer and create a thin membrane. All test pieces for
mechanical testing were cut out from the membrane using a scalpel
or a punch.
Sample dimensions are reported in Figure 3.1. All samples were
tested at least 14 days after preparation. This time point was selected based on the observed aging behavior of PDMS Sylgard 184,
with major changes of mechanical properties occurring in the days
following their production (Hopf et al. (2016), Placet and Delobelle
(2015)).

3.2.3

Mechanical tests

Except for a few more comprehensive analyses (Meunier et al. (2008),
Sasso et al. (2008)), previous studies focused mainly on the mechanical response of silicone elastomers to uniaxial tensile or compressive loading and on hardness/indentation tests, e.g. Mata et al.
(2005), Zhao et al. (2015). In the present work, mechanical characterization is based on measurements performed in three different stress states: uniaxial (UA), strip biaxial (SB) and equi-biaxial
(EB). Combination of the results from these different kinematic con-
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Figure 3.1 Test pieces for multiaxial tensile testing. All dimensions are in
mm. The dark grey color indicates the clamped area, while the light grey color
is the deforming part of the sample. a: uniaxial test. b: strip biaxial test. c:
equi-biaxial test .

figurations allowed selecting an appropriate strain energy density
function and identifying the specific material parameters. For each
configuration 3 samples of each material were tested. All tests were
performed at room temperature. Table 3.2 shows all the tested
samples, and reports the dimensions (width, length and thickness).

3.2.4

Uniaxial and strip biaxial tests

Uniaxial and strip biaxial tests consist of an initial phase of cyclic
loading (200 cycles at 30% nominal strain and 1 Hz), and a monotonic loading-unloading phase up to large strains (≥ 100%), with
a strain rate of 0.3%/s. The loading phase is reversed when the
nominal strain reaches 100% for all the tests in UA and SB configurations. The nominal strain is defined as the current total relative displacement of the clamping points divided by their initial
distance. The set-up used for these tests consists of 2 horizontal
hydraulic actuators (controlled in such a way as to keep the test
piece in the center of the set-up), 100 N load cells (calibrated for up
to 20 N, MTS System, Eden Prairie, USA), a CCD camera (Pike F100B Allied Vision Technologies GmbH, Stadtroda, Germany) with
0.25x telecentric lens (NT55-349 Edmund Optics GmbH, Karlsruhe,
Germany) used for local strain analysis (see Hopf et al. (2016), Hol-
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Sy184

Sy186

SMI

RTV4528

RTV4420

UA
Name
Thickness
UA Sy184 1
0.652 ± 0.022
UA Sy184 2
0.560 ± 0.009
UA Sy184 3
0.575 ± 0.019
UA Sy186 1
1.033 ± 0.024
UA Sy186 2
1.194 ± 0.067
UA Sy186 3
1.179 ± 0.055
UA SMI 1
0.51
UA SMI 2
0.51
UA SMI 3
0.51
UA RTV4528 1 0.551 ± 0.035
UA RTV4528 2 0.649 ± 0.033
UA RTV4528 3 0.706 ± 0.026
UA RTV4420 1 0.561 ± 0.009
UA RTV4420 2 0.528 ± 0.013
UA RTV4420 3 0.534 ± 0.019

SB
Name
Thickness
SB Sy184 1
0.46
SB Sy184 2
0.52
SB Sy184 3
0.50
SB Sy186 1
0.448 ± 0.027
SB Sy186 2
0.452 ± 0.022
SB Sy186 3
0.542± 0.009
SB SMI 1
0.51
SB SMI 2
0.51
SB SMI 3
0.51
SB RTV4528 1 0.677 ± 0.031
SB RTV4528 2 0.822 ± 0.043
SB RTV4528 3 0.709 ± 0.039
SB RTV4420 1 0.491 ± 0.013
SB RTV4420 2 0.526 ± 0.016
SB RTV4420 3 0.530 ± 0.011

EB
Name
Thickness
EB Sy184 1
0.416 ± 0.007
EB Sy184 2
0.358 ± 0.013
EB Sy184 3
0.411 ± 0.051
EB Sy186 1
1.116 ± 0.095
EB Sy186 2
1.083 ± 0.015
EB Sy186 3
1.025 ± 0.034
EB SMI 1
0.51
EB SMI 2
0.51
EB SMI 3
0.51
EB RTV4528 1 0.620 ± 0.029
EB RTV4528 2 0.720 ± 0.022
EB RTV4528 3 0.833 ± 0.054
EB RTV4420 1 0.491 ± 0.015
EB RTV4420 2 0.381 ± 0.018
EB RTV4420 3 0.454 ± 0.019

Table 3.2 Summary of the tested samples. Thicknesses are in mm. Each
sample is named according to the test performed. Note that for SMI the nominal
thickness indicated by the supplier has been used .

lenstein et al. (2011)).
Force and grip position data are recorded at 500 Hz during the preconditioning and at 102 Hz during the monotonic loading-unloading
phase. In both configurations, good grip of the sample is guaranteed
by gluing a strip of sand paper on the surface of the custom-made
metal clamps (10x10x10 mm3 UA clamps and 60x10x10 mm3 SB
clamps).
Prior to sample positioning, the clamps are fixed in the machine at
the correct distance from each other (40 mm for UA and 10 mm for
SB). The position is then maintained with the help of a metal bar,
which is fixed on the two clamps. The clamps are then removed from
the machine, in order to provide easier handling. During the camping, samples are first centered and then the clamps are closed using
screws, which are evenly tightened in order to uniformly distribute
the clamping pressure.
The UA configuration leads to a uniaxial stress state while the inplane stress component perpendicular to the main loading direction
in the SB test is non-zero, due to the impeded lateral contraction.
The set-up in strip biaxial configuration is reported in Figure 3.2 a.
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Figure 3.2 Testing set-ups. a) Strip biaxial set-up. b) Equi-biaxial set-up.
Representative images taken from the top and the side cameras are shown .

3.2.5

Equi-biaxial tests

The equi-biaxial test configuration was obtained using a custommade inflation set-up (see Buerzle et al. (2013)). This set-up allows
to apply air pressure to round specimens clamped at their circular
perimeter. The diameter of the deforming region is 30 mm, as shown
in Figure 3.1. The test is performed under air volume controlled
conditions using a syringe pump (PHD ULTRA, Harvard Apparatus,
Holliston, USA) and the resulting pressure is recorded via a sensor
(LEX 1, 0-300 kPa calibration range, Keller AG, Winterthur, Switzerland).
Images are taken from the top and the side by two cameras (Dragonfly2, resolution 640 x 480 pixel, 1/30” CCD, Point Grey, Vancouver
BC, Canada) in order to determine the deformation in the central
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region of the sample (where the stress state is equi-biaxial) and the
apex curvature. The latter is used to calculate the equi-biaxial tension from the pressure as explained in section 3.2.6. The distance
of the top camera from the sample (470 mm) and its aperture (f32)
are selected to optimize image quality, in particular avoiding blurring effect.
The system is controlled via a LabView software (LabView 8.5, National Instruments, Austin, USA). The maximum inflation volume
reached in the experiments was determined based on preliminary
tests which provided a safe loading range for each material.
The protocol applied to test the sample under the equi-biaxial configuration is similar to the one for the UA and SB configurations. Preconditioning of the samples was obtained with 200 cycles between
10 and 20 ml at 0.1 Hz, followed by a monotonic loading phase until
90 ml at 0.15 ml/s, and a corresponding unloading phase. The inflation set-up is reported in Figure 2b, with an example of side and
top images.

3.2.6

Data analysis

In order to avoid boundary effects from clamping, the deformation
is determined at the center of each sample using an image-based
optical strain measurement system. A Lucas-Kanade based opticalflow tracking algorithm (KLT) (Lucas et al. (1981)) is employed to
obtain displacement vectors in the central region of each sample
(ca. 100 mm2 ) where an ink pattern was applied. The ink markings on the specimen were applied by touching their surface with
a custom-made substrate based on sanding paper (grade 80 CAMI
Grit). Assuming a homogeneous deformation map, the in-plane deformation gradient can be computed from this displacement field.
A pyramidal implementation of the optical-flow based strain measurement system has been previously successfully applied in finitestrain elastomer tests with benefits in speed and robustness (Hopf
et al. (2016)). Thickness changes are calculated based on the assumption of incompressibility of the elastomer. Section 3.3.1 re-
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ports observations of lateral contraction in uniaxial tension tests,
which allow to evaluate the reliability of this assumption. With fully
determined kinematics, the Cauchy stress σ can be evaluated as
force per unit of deformed area.
For UA and SB the deformation is reported as a linear strain measure (engineering strain) ε = λ − 1, where λ is the material stretch
in tensile direction. For these tests, the corresponding forces were
provided by the force sensors of the test machine in order to compute the Cauchy stress.
In the case of EB, the Laplace law (see Humphrey (1998)) is used to
calculate the Cauchy stress from the measured pressure p and the
radius of curvature r at the apex, obtained from the side camera, as
σ = pr/(2λ3 h) where λ3 h is the current thickness.

3.2.7

Material model

Model selection was based on the obtained fit to the multiaxial experimental data. First to third order Ogden models and first to
third order polynomial (including Mooney-Rivlin model) strain energy functions were considered. Incompressible behavior was assumed for each model formulation. Strain energy functions were
selected based on a visual assessment of the results obtained when
fitting data from all experimental configurations.
The Ogden model (Ogden (1972)) is defined as
U = U (λ1 , λ2 , λ3 ) =

N
X
µp α p
α
α
(λ1 + λ2 p + λ3 p − 3)
α
p
p=1

(3.1)

where U is the strain energy density and λi are the principal stretches,
µp are constants with dimensions of stress and αp are dimensionless constants, N is an integer determining the number of terms of
the strain energy function.
The polynomial form of the strain energy (Rivlin (1997)) is defined
as
U=

N
X

Ci,j (I1 − 3)i (I2 − 3)j

(3.2)

i,j=0
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where C(i,j) are material parameters and I1 and I2 are the first and
second invariants of the Cauchy-Green deformation tensor
I1 = λ21 + λ22 + λ23

(3.3)

I2 = λ21 λ22 + λ21 λ23 + λ22 λ23

(3.4)

The Mooney-Rivlin (Rivlin (1997), Mooney (1940)) form of the strain
energy is a special case of the polynomial form, where only C10 and
C01 are non-zero solutions
U = C10 (I1 − 3) + C01 (I2 − 3)

(3.5)

PDMS Sylgard 184, 10:1, has recently been studied in detail (Hopf
et al. (2016)). An Ogden 4-term model reported in that paper is used
to fit the data of the PDMS Sylgard 184 obtained in this work.

3.3

Results

In what follows, a different color is associated with each material,
and is systematically used in each figure. When results from a specific sample are presented, the name of the sample is reported (see
Table 3.2).

3.3.1

Mechanical tests

Figure 3.3 reports the comparison between the strain field calculated by the optical-flow tracker (local strain), and the strain calculated from the grip displacement (global strain) for one sample
of each material in UA and SB configurations. The local strain is
generally smaller than the global one, since even a good clamping
system might allow slight slippage of the sample in the clamps. This
phenomenon is more evident in the SB configurations as the ratio
of clamped to free area of the sample is larger than in the UA case.
The extraction of the local strain field used in this chapter was thus
instrumental in order to obtain accurate results in terms of stressstrain curves. Figure 3.4 shows the mean Cauchy stress vs en-

28

Results
UNIAXIAL TEST

1.2

ε1,local [−]

0.8

εlocal = εglobal

UA
UA
UA
UA
UA

SB
SB
SB
SB
SB

Sy184 1
Sy186 3
SMI 2
RTV4528 1
RTV4420 2

1.0

0.8

ε1,local [−]

1.0

0.6

0.4

0.2

0.2

0.2

0.4

0.6

ε1,global [-]

0.8

1.0

1.2

Sy184 1
Sy186 2
SMI 1
RTV4528
RTV4420 3

0.6

0.4

0.0
0.0

STRIP BIAXIAL TEST

1.2

εlocal = εglobal

0.0
0.0

0.2

0.4

0.6

0.8

1.0

1.2

ε1,global [-]

Figure 3.3 Comparison of global and local strain for UA and SB loading
configuration. One representative sample for each material is reported in the
plots .

gineering strain curves for UA, SB and EB tests for each material.
The horizontal axis (ε1 ) corresponds to the local strain in loading
direction for UA and SB, and it corresponds to the local in-plane
(equi-biaxial) strain for the EB test. The results for RTV 4528 are
reported in a separate diagram due to the larger compliance of this
material compared to the others. Table 3.3 reports the extracted
mean values of stress at 10%, 20% and 50% strain with the corresponding standard deviation. The lateral contraction (ε2 ) in UA tests
for each material is analyzed and compared with the isochoric case
√
ε2 = 1/ ε1 + 1 − 1. While determination of the thickness strain ε3
would require a dedicated measurement set-up (De Crevoisier et al.
(2012)), the common assumption of isotropic behavior of the rubberlike materials suggests that contractions perpendicular to the direction of loading are uniform, and hence ε3 = ε2 . Figure 3.5 shows the
data of the sample (UA RTV4528 1) with maximum deviation with
respect to the incompressibility hypothesis (around 5%).
Figure 3.6 reports for UA and SB tests the ratio between the peak
force of the last preconditioning cycle and the peak force of the first
cycle (R1) as well as the ratio between the force of the slow monotonic
loading phase and the peak force of the first cycle (R2) at corresponding strain levels. Both ratios would be unity in the case of perfectly
elastic, non-dissipative material response. The force of the first cycle
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Sy184
Sy186
SMI
RTV4528
RTV4420

UA
20%
0.245 ± 0.003
0.191 ± 0.005
0.318 ± 0.001
0.015 ± 0.000
0.107 ± 0.018
30%
0.712 ± 0.022
0.419 ± 0.010
0.882 ± 0.005
0.039 ± 0.000
0.274 ± 0.040

10%
0.138 ± 0.019
0.128 ± 0.012
0.185 ± 0.001
0.009 ± 0.002
0.057 ± 0.005

SB
20%
0.272 ± 0.004
0.231 ± 0.013
0.376 ± 0.003
0.016 ± 0.003
0.113 ± 0.007

30%
0.750 ± 0.007
0.483 ± 0.024
0.938 ± 0.005
0.040 ± 0.006
0.263 ± 0.015

10%
0.144 ± 0.020
0.202 ± 0.008
0.329 ± 0.041
0.022 ± 0.005
0.132 ± 0.002

EB
20%
0.491 ± 0.024
0.331 ± 0.011
0.601 ± 0.022
0.038 ± 0.007
0.225 ± 0.004

30%
1.605 ± 0.144
0.689 ± 0.028
1.419 ± 0.037
0.080 ± 0.012
0.521 ± 0.010

Average stress and standard deviation at 10%, 20% and 50% for each material and test. Values are reported in

10%
0.123 ± 0.001
0.108 ± 0.004
0.163 ± 0.000
0.008 ± 0.000
0.056 ± 0.010

Table 3.3
MPa.
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Figure 3.4 Stress-strain mean curves for each testing configuration. Top left:
uniaxial test (UA). Top right: strip biaxial test (SB). Bottom left: biaxial test
(EB). Bottom right: UA, SB and EB test for RTV 4528 .

is higher in all cases, leading to R1 and R2 values lower than 1. The
initial cycles are performed at higher deformation rate (60%/sec) as
compared to the final monotonic loading (0.3%/sec) so that the R2
value is indicative of the lower stiffness in case of lower strain rate,
i.e. viscoelastic characteristics of the material. The effect of cyclic
loading and strain rate is modest for both configurations, as shown
by values of R1 and R2 in the range between 0.87 and 1 for all materials, except for RTV 4528. This material shows a stress reduction
in the range of 20% with cyclic loading and slow loading rate.
Figure 3.7 shows a representative stress-strain loading-unloading
curve for each material and test configuration. The dissipative behavior demonstrated by the curves is generally low, in particular for
the UA and SB configurations. SMI exhibits a more pronounced hys-
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Figure 3.5 Comparison between isochoric behavior and the test data for UA
RTV4528 1. The sample reported in this figure shows the maximum deviation
from incompressibility among all tested samples .

teresis as compared to the other materials, while PDMS Sylgard184
shows almost coincident loading-unloading curves. In order to provide an approximation of their constitutive behavior as non-linear
elastic materials (i.e. neglecting dissipative effects), the stress-strain
data of the slow monotonic loading phase were used to determine
parameters for a hyperelastic model capable of describing the elastomer behavior for all 3 tested configurations. Among the different
models evaluated, only the model that fits best all the experimental
data is shown in Figure 3.8, together with the R2 value for each
P
2
2 PN
curve, calculated as R2 = 1 − ( N
i=1 (xe,i − xp,i ) /
i=1 (xe,i − xe,i ) )
where xe,i is the experimental i-point and xp,i is the predicted ipoint. Table 3.4 reports the chosen model for each material and
the corresponding coefficients.

3.4

Discussion

A comprehensive mechanical analysis of five silicone-based elastomers was performed. Their stiffnesses cover a wide range (from
kPa to MPa) and are representative of the characteristics of materi-
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Material

Model

Sy184

Ogden 4

Sy186

Mooney-Rivlin

SMI

Ogden 3

RTV4528

Mooney-Rivlin

RTV4420

Ogden 3

Coefficients
α1
2.17E+00
α2
9.06E+00
α3
3.43E+01
α4 -5.40E+00
µ1
2.91E-01
µ2
3.40E-03
µ3
2.01E-11
µ4
-1.15E-02
C10
1.13E-01
C01
2.83E-02
α1
1.37E+00
α2
4.75E+00
α3 -1.52E+00
µ1
4.23E-01
µ2
4.19E-02
µ3
-1.46E-01
C10
7.70E-03
C01
4.00E-04
α1
3.46E+00
α2
9.21E+00
α3 -1.45E+00
µ1
5.50E-02
µ2
2.54E-05
µ3
-7.81E-02

µ [MPa]

E [MPa]

3.62E-01

1.09E+00

2.82E-01

8.45E-01

5.01E-01

1.50E+00

1.62E-02

4.86E-02

1.52E-01

4.55E-01

Table 3.4 Fitted models and their parameters.
Corresponding shear
P
and Young’s moduli are reported, calculated as µogden = 1/2 N
i=1 αi µi ,
µM −R =2(C10 +C01 ) and E = 2µ(2 + ν) where the Poisson’s ratio is assumed as
ν=0.5. Note that model fitting was performed on the mean stress-strain curve
for each material and configuration. The Ogden 4 model of PDMS Sylgard 184
is from Hopf et al. (2016) .
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Figure 3.6 Reduction of peak forces at 30% nominal strain as a consequence of
cyclic loading and loading rate, for UA configuration (left) and SB configuration
(right). Oblique lines indicate R1, i.e. the peak force ratio between cycle 200
and cycle 1 of the initial cyclic phase; horizontal lines indicate R2, i.e. the ratio
between the force of the slower monotonic loading and the peak force of the first
cycle .

als used for dynamic bioreactors, soft implants and biomedical devices. Based on the present data, an elastomer can be selected with
appropriate mechanical characteristics, at low and large strains in
multiaxial stress states.
Contrary to the standard ISO 37:2011, the samples used in this
study for the uniaxial configuration are rectangular shaped (see Figure 3.1). The fabrication of this geometry is easier compared to
the standard dumbbell one, and we see no disadvantages in this
choice since our study focuses on deformation behavior and not on
strength. In fact, the dumbbell shape is important in case of tests
characterizing the elastomer at failure, in order to induce the rupture at the center of the sample. For the aim of this study, geometrical homogeneity is preferable since the test is displacement controlled and this leads to a better link with the imposed strain field.
Furthermore, the use of optical methods ensures the determination of local strain independently from the geometry of the sample.
Sample thickness was chosen according to the need of characterizing the material in a product form characteristic for biomedical and
mechanobiological applications.
Constitutive model equations were determined for each material based
on data from three different kinematic configurations, UA, SB and
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Figure 3.8 Model fitting. The model that fits best the 3 configurations was
selected. Continuous lines indicate the experimental data, dashed lines the fitted
model. Blue represents the UA configuration, red the SB one and green the EB
.

EB. Combination of different loading states is required for selection of an appropriate functional form for the strain energy density
(Marckmann and Verron (2006), Ogden et al. (2004), Meunier et al.
(2008), Sasso et al. (2008)).
The mechanical behavior of elastomers is often referred to in literature in terms of small strain moduli (Young’s or shear modulus) or
based solely on uniaxial tensile tests. For the present materials we
quantified the error in the prediction of the equi-biaxial response
for (i) a Neo-Hooke model based on the Young’s modulus values reported in Table 4, and (ii) a 3rd order polynomial hyperelastic model
calibrated to provide a very good fit of the uniaxial response only.
For (i) the error in biaxial stress values for λb =1.5 was between 15%
(for PDMS Sylgard 186) and 60% (for RTV 4528); (ii) leads to corresponding errors between 3% (for PDMS Sylgard 184) and 25% (for
RTV 4420). This highlights on the one hand the importance of a
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multiaxial characterization for large strain analysis, on the other
hand it shows that the magnitude of the error can vary considerably
depending on the material. It should be noted that a good representation of the mechanical response of PDMS Sylgard 184 could be
obtained also with a 3-term Ogden model. The 4-term representation (Hopf et al. (2016)) was adopted for the present analysis, which
is based on a molecular statistical reinterpretation of Ogden’s model
(Ehret (2015)).
Another benefit of the present measurement protocols is the systematic use of an optical-flow tracker for the local strain measurements.
As shown in Figure 3.3, an error of up to 50% might be induced using the nominal values. In one case, UA RTV4420 2, the local strain
is larger than the global one. This might be attributed to stiffening
effects at the clamps leading to smaller deformations at the extremities of the sample and thus strain enhancement in the center. Note
however that the discrepancy between local and global strain for this
particular test is very small.
The thickness of each sample is measured after the test from the
cross sections at 9 different locations for UA and SB configurations,
and 8 different ones for EB, using a light microscope in bright field
mode (LSM 5 Pascal, Carl Zeiss GmbH, Jena, Germany). The thickness homogeneity highly depends on the fabrication method of the
sample and on the material viscosity, with higher viscosity leading
to less control of thickness homogeneity. Given the same fabrication
method, the most viscous material (PDMS Sylgard 186) shows the
highest standard deviation of thickness values (Table 3.2).
In terms of stiffness, the materials can be divided into three groups,
as shown in Figure 3.4. PDMS Sylgard 184 and SMI are the stiffest
materials, RTV 4528 is the most compliant, while the remaining two
materials, RTV 4420 and PDMS Sylgard 186, are in between the two
limits. The test reproducibility is good for all the tested materials,
but excellent for the SMI, the material commercially available in the
form of membrane sheeting. This suggests that the variability seen
in the other materials might be attributed mainly to inhomogeneity
in the thickness rather than to variability in test conditions.
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SMI shows a more pronounced hysteretic behavior, with a shape
of the stress-strain curve akin to that of materials characterized
by Mullins effect (Mullins (1969)). This behavior is widely studied
for rubber-like materials used in industrial applications and several mechanisms have been proposed to rationalize it (Miñano and
Montáns (2015), Boyce et al. (2001)). A significant dependence on
deformation rate is observed for RTV 4528 as reported in Figure 3.6,
while for the other materials the difference between stress-strain
curves in different cycles or at different loading values is lower than
the corresponding sample to sample variability. The negligible dependence on strain rate for PDMS Sylgard 184 is in line with previous studies (Hopf et al. (2016)), Placet and Delobelle (2015)). These
results can be viewed as supportive for the application of a hyperelastic constitutive model to represent the mechanical behavior of
the present materials, with the exception of RTV 4528, for which a
non-linear viscoelastic model might be more appropriate. Table 3.4
summarizes the fitted model and corresponding relative coefficients.
Figure 3.8 indicates that the models are capable of well describing
the non-linear monotonic behavior of the tested materials for the
entire deformation range investigated in the present work. The selected models are in line with previous results (Kim et al. (2011))
and in terms of small strain parameters, the values of shear and
Young’s modulus of PDMS Sylgard 184 agree with those reported in
Ladegaard Larsen et al. (2004). It is important to reiterate that the
present work analyzes the mechanical behavior of elastomers after
at least 14 days from production (typically 14-20 days). The data
and models reported here are thus not appropriate to account for
the material behavior immediately after production or at very long
times after that.

3.5

Conclusion

This chapter presents a comprehensive mechanical characterization
of silicone-based elastomers applicable in biomedical devices and
equipment for research. It includes the material response under
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uniaxial, strip biaxial and equi-biaxial stress states. The range of
stiffnesses observed is representative of the deformation behavior
of soft materials typically used for mechanobiological studies and
biomedical devices. The dependence of the deformation behavior
on the strain rate (slow vs fast loading) was investigated, showing
that for most materials, non-dissipative behavior might be assumed
over a relatively large range of deformations and strain rates. Correspondingly, hyperelastic constitutive equations were determined
with good descriptive capabilities for all tested configurations. The
results demonstrate that a reliable prediction of the large strain multiaxial mechanical response requires the constitutive model to be
formulated based on the combination of data from different kinematic configurations.
The data presented here can be used to select an appropriate elastomer for specific applications, such as the substrate material of
the hybrid membrane. In it worth to mention, though, that a more
detailed characterization for the specific application is needed in order to evaluate other properties of the selected elastomers, and it
is presented in the following chapter. Finally, the material model
equations were used for computational models of the VAD as well as
the ones of the combined bioreactor (see chapter 7).
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4

Long term, fracture and
cytotoxicity properties of
silicones

4.1

Introduction

This chapter presents the second part of a comprehensive experimental campaign for the characterization of five silicone-based elastomers, i.e. two types of PDMS (Sylgard 184 and Sylgard 186, Dow
Corning), and three RTV elastomers (SMI G/G 0.020”, Specialty
Manufacturing Inc.; RTV 4528 and RTV 4420, Blue Stars Silicones).
These materials were shown to cover a range of mechanical characteristics representative of those of the elastomers commonly used for
mechanobiological studies and biomedical devices. The first part of
this study (Bernardi et al. (2017a)) and chapter 3 provided experimental data and corresponding model equations for the multiaxial
monotonic large strain deformation behavior of the elastomers. This
chapter describes their long term cyclic response, fracture proper0 This

chapter, including paragraphs of text, figures and tables is largely based
on Bernardi et al. (2017b)
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ties and cytotoxicity.
Little is reported in previous studies regarding these characteristics, despite their importance for a number of applications. The
specific motivation for the analysis of their cyclic response is found
in biomedical applications such as for bioreactors mimicking cardiovascular pulsatile conditions (Brown et al. (2005), Bachmann et al.
(2016)), as part of endovascular grafts and cardiovascular devices
(Bosman et al. (2010), Soldani et al. (2010)), or other implants exposed to cyclic deformation, e.g. artificial urinary sphincters (Costa
et al. (2013)), external shells of breast implants (Necchi et al. (2011))
or skin support (Yu et al. (2016)). In these applications the mechanical response might change with the history of loading since the long
term deformation behavior might differ from the one in virgin conditions. This question was addressed here through experiments with
>200’000 cycles at nominal strains of up to 30%.
Another essential feature of materials fulfilling a structural function
is their toughness. The ability to resist loads despite the presence of
(small) defects is important in particular in view of possible imperfections arising from the manufacturing process. Such defects might
affect the mechanical integrity and reliability of biomedical devices
or implants. An example is given in the application of silicone elastomers as a joint replacement, e.g. finger joints (Swa (2016),Neu
(2016)), for which fracture initiation and crack growth were analyzed
in previous studies (Joyce and Unsworth (2002), Joyce (2004)). The
influence of temperature and wet environment (typical for physiological conditions) on the cyclic response and fracture properties of
RTV 4420 is also addressed. Finally, in view of the application as
implants or substrates for mechanobiological studies, all materials
were subjected to cytotoxicity tests.
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Figure 4.1 Sample dimensions in mm for the long term cyclic test (a) and
tearing test (b) .

4.2
4.2.1

Methods
Materials and fabrication

The characteristics of the elastomers analyzed in this study were
described in details in Bernardi et al. (2017a) and chapter 3. PDMS
Sylgard 184, a two component system of base polymer and crosslinker
was used in 10:1 ratio; PDMS Sylgard 186 was also used in 10:1
ratio; Silbione R RTV 4528 A&B and Silbione R RTV 4420 A&B are
Room-Temperature Vulcanized (RTV) elastomers for which the two
components are mixed in 1:1 ratio; SMI G/G 0.02” also belongs to
the RTV family but it is commercially available.
Samples for long term cyclic and tearing tests were prepared according to the protocol described in Bernardi et al. (2017a): the
elastomer components are mixed by hand for 2-3 minutes, then degassed and poured into petri dishes of 90 mm diameter. After an
additional 45 minutes of degassing, samples are cured in an oven
at 60◦ C for 4 hours, except for RTV 4420 which is cured at room
temperature (23◦ C). The samples for the long term cyclic tests are
rectangular shaped, with a width to length ratio of 1:4, and samples
for tearing tests are rectangular shaped with a width to length ratio
of 1:6, see Figure 4.1.
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Figure 4.2 Testing set-up equipped with the environmental chamber and the
temperature coil, with a tearing test sample mounted .

4.2.2

Mechanical testing set-up

The set-up used for both tearing experiments and long term cyclic
tests was described in chapter 3. It consists of 2 horizontal hydraulic actuators, 100 N load cells (calibrated for up to 20 N, MTS
System, Eden Prairie, USA), a CCD camera (Pike F-100B Allied Vision Technologies GmbH, Stadroda, Germany) with 0.25x telecentric
lens (NT55-349 Edmund Optics GmbH, Karlsruhe, Germany) used
for local strain analysis (see Hopf et al. (2016), Hollenstein et al.
(2011)). An environmental chamber with a bath, heating coil and
a temperature sensor allows testing in wet conditions and at a prescribed temperature (here: 37 ◦ C). Figure 4.2 shows the set-up
equipped with the environmental bath and the heating coil with a
tearing test sample mounted in the clamps.

4.2.3

Data analysis

Deformation in each sample is reported as engineering strain ε = λ
-1 , where λ is the stretch in loading direction. Stress is reported
as force per unit of initial area (first Piola-Kirchoff stress P ) or as
force per unit of deformed area (Cauchy stress σ) . Local strains are
calculated from image-based determination of the in-plane deformation. To this end, an optical flow tracker (described in Bernardi
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et al. (2017a) and Hopf et al. (2016)) was used to extract the displacement field in the central region of each test piece in order to
avoid boundary or clamping effects.

4.2.4

Effect of the environmental conditions
on deformation behavior

Mechanobiological studies as well as many biomedical devices expose the elastomers to a temperature of 37◦ C and wet conditions.
For example, in cells studies (e.g. in Bachmann et al. (2016)), the
silicone membranes are left several days in cell culture medium inside an incubator.
In order to mimic these environmental conditions, a number of tests
were performed in distilled water and saline solution (resembling a
cell culture medium) at 37◦ C. Saline solutions are prepared with a
known concentration of salts in distilled water (0.9 mg/mL NaCl in
distilled water (Pensalfini et al. (2017))).
In order to assess the influence of environmental conditions, monotonic uniaxial tests were carried out on RTV 4420 samples left 24
hours in distilled water or in saline solution at 37◦ C and compared
with results obtained at room temperature in dry conditions.

4.2.5

Aging effect

The effect of aging was investigated for RTV 4420. Monotonic uniaxial tests as described in chapter 3 were performed at day 1, 5, 8,
14 and 28 from the membrane production. Three samples for each
day were tested.

4.2.6

Long term cyclic tests

Cyclic tests were performed in uniaxial configuration. Samples were
cyclically stretched between 0 and 30% nominal strain at 1 Hz, up
to a total of 220’000 cycles. Thus, the total duration of each test was
about 60 hours. 200 cycles of initial pre-conditioning at 1 Hz were
applied before starting the cyclic experiment in order to stabilize
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clamping conditions.
Forces and images were recorded during the test every 12 hours (i.e.
every 43’000 cycles) in order to monitor the stress decay associated
with the applied local strain for increasing number of cycles. Forces
were recorded at a frequency of 512 Hz, while images were recorded
at a frequency of 20 Hz. A quantitative measure, the reduction in
peak stress Pdecay was calculated normalizing the stress at each time
point Pi with respect to the value associated with the applied strain
in virgin conditions Pinitial .
RTV 4420 was tested also at 37◦ C in distilled water; the sample was
stored in the corresponding solution and inside an incubator (37◦ C)
24 hours prior to the test. The incubator was chosen because it is
representative of cell cultures.

4.2.7

Tearing tests

Tearing tests were performed following a protocol based on the original work by Rivlin and Thomas (Rivlin and Thomas (1953)). A cut
of 20 mm was created on one of the lateral edges of the test piece
(Figure 4.1), and the specimen was loaded up to the point of crack
propagation with a nominal strain rate of 0.3%/s. Figure 4.3 shows
an example of a sample at the beginning of the test and at the time
point of crack propagation.
For each material, 3 cut specimens were tested. Additionally a sample without cut was tested under the same conditions, in order to
provide a reference for the calculation of the strain energy at the
time point of crack propagation, as described in Rivlin and Thomas
(1953) and Pharr et al. (2012).
The stretch at which the crack starts to propagate was determined
based on a visual inspection of the recorded camera images. This
indicates that crack propagation occurred often well before the time
point of complete sample rupture or before leading to visible changes
in the load-displacement curves. The local state of deformation was
measured by means of optical flow tracking in the region indicated
in Figure 4.3. These data were used to calculate the tearing energy
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Figure 4.3 Tearing test sample at the beginning of the test (left) and at the
time point of crack propagation (right). The blue rectangle delimits the area
were the optical flow tracker is applied to extract the local deformation .

by integrating the first Piola-Kirchoff stress over the local stretch of
the reference sample up to the critical stretch value (W0 ).
The tearing energy was calculated as Γ∗ = L∗ W0 (Pharr et al. (2012)),
where L∗ is the length of the sample in the unstrained state. To correct for the slippage, local values of strain were used. In particular,
the correction factor described in chapter 5 was introduced and
used to calculate the tearing energy reported here. Results are reported in terms of tearing energy and critical local stretch (mean ±
standard deviation).
The five materials were tested in dry conditions at room temperature,
while the effect of temperature and wet environment was studied for
RTV4420. For this material, tests were performed at 37◦ C in distilled water and the sample was stored in the corresponding liquid
solution in the incubator for 24 hours prior to the test.

4.2.8

Cytotoxicity tests

Due to the envisaged application as implant materials, the cytotoxicity of the elastomers was evaluated according to Ferrari et al.
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(2010a) and Vasileiou et al. (2016). Importantly, the chosen test is
more sensitive than classical live/dead assays. It can detect toxicity
levels which are compatible with cell survival yet significantly interfere with the cell metabolism and activity.
In short, the 5 materials were coated with Poly-L-Lysine (PLL) 0.01%
solution (Sigma Aldrich, USA) and placed into 12 well plates. PC12
cells were cultured in RPMI-1640 culture medium supplemented
with 10% horse serum and 5% FBS (all Sigma Aldrich, USA), 2mM
L-glutamine, 100 U/ml penicillin and 100ml/ml streptomycin (all
Life Technologies, USA), and incubated with the different elastomer
materials at a density of 3 x 104 cells/well (3 repetitions for each material) or seeded into 12 well plates in direct contact with PLL-coated
tissue culture Poly Styrene TCPS (6 control wells without materials).
Cells were incubated at 37◦ and 5% CO2 for 24 hours, then washed
3 times with PBS, incubated again for 24 hours with fresh culture
medium, and finally stimulated with nerve growth factor at a concentration of 100 ng/ml (NGF, Sigma-Aldrich) in induction medium
(RPMI medium with 5% horse medium and 1% FBS). In order to
check the functionality of the nerve growth factor, cells were stimulated at the same time point in 3 wells of the control, whereas they
were not stimulated in the last 3 control wells. Cells were incubated
for 3 days before imaging.
As described in Vasileiou et al. (2016), cell images were acquired using an inverted Nikon-Ti wide field microscope (Nikon, Japan) with
an Orca R-2 CCD camera (Hamamatsu Photonics, Japan). 10 images per well were collected at random spots with a 20x magnification, 0.45 numerical aperture long distance air objective (Plan Fluor,
Nikon, Japan), using the white field channel with a differential interference contrast filter.
The length of neurites generated by PC12 cells upon stimulation
with NGF was used to detect the presence of cytotoxic effect from the
tested materials interfering with the neuronal differentiation mechanism. The length of neurites was measured using the NeuronJ
plug-in of ImageJ (Schneider et al. (2012), Schindelin et al. (2012),
Meijering et al. (2004)). Membrane protrusions with length smaller
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than 10 µm were excluded from this analysis. Statistical comparison of the neurite length was performed using a non-parametric
Mann-Whitney test to identify variations between the tested samples.

4.3

Results

According to Bernardi et al. (2017a) and chapter 3, a different but
consistent color is associated with each material, and is systematically used in each figure.

4.3.1

Effect of environmental conditions on deformation behavior

Figure 4.4 reports the results of the monotonic uniaxial tests of
RTV 4420 performed at 37◦ C either in distilled water or in saline
solution (average ± standard deviation, n=3). For comparison, the
average curve previously reported in Bernardi et al. (2017a) for the
same material is also shown in the figure.
Two observations can be made. First, the difference between the
samples stored and tested in saline solution and samples stored and
tested in distilled water is insignificant. For this reason, and since
the maintenance of a constant salt concentration for the long term
tests is cumbersome due to water evaporation, the environmental
conditions for the tests presented in this chapter are reproduced as
distilled water at 37◦ C. Second, there is no difference between the
material stored and tested at room temperature and dry environment and the material stored and tested in the different environmental conditions.

4.3.2

Aging effect

Figure 4.5 shows the results of the aging study performed on RTV
4420 (mean ± standard deviation, n=3). Five different time points
were selected and the samples were tested in the uniaxial configu-
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Figure 4.4 Monotonic uniaxial stress-strain curves of RTV 4420 tested after 1
day in distilled water or saline solution at 37Â◦ C. For comparison, the nominal
curve from [1] (room temperature and dry conditions) is also reported .

ration. As shown in the picture, no evident aging effect is present
after 28 days from the production, in contrast to what is reported
for other silicone-based elastomers such as the PDMS Sylgard 184
(Hopf et al. (2016)).

4.3.3

Long term cyclic tests

Figure 4.6 reports the first Piola-Kirchhoff stress decays over the
measured 220’000 cycles. The long term behavior of most materials
indicates a stable response, whereas RTV 4528 and Sylgard 184 are
characterized by an initial decrease in peak stress, which stabilizes
after approximately 50’000 cycles. RTV 4528 shows the largest decrease (around 25%), whereas for the other materials the decrease
is always lower than 8%. No macroscopic failure of the samples was
observed.
Figure 4.6 reports also the results for the sample tested in water at
37◦ C. This sample shows some progressive decay when compared
to the same material tested in dry conditions at room temperature.
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Figure 4.5 Stress-strain curves of RTV 4420 tested in uniaxial configuration
at different time points. The average curve and the standard deviation are
reported for each time .

Note, however, that the stress reduction is modest with a maximum
of 7% and an average of about 3% at the end of the test.

4.3.4

Tearing tests

The stretch at crack propagation and tearing energy provide an indication of the sensitivity of the elastomer to pre-existing defects.
Crack-like defects might be related to the manufacturing or the mounting process, or arise due to extreme operating conditions. The tearing energy values can be used for a corresponding fracture mechanics analysis by assuming a specific crack size and position, and
calculating the loading level required to cause crack propagation.
Information on the critical stretch can help to classify the materials in terms of their brittleness and independently of their stiffness,
whereas tearing energy is important in case of force or pressure controlled loading conditions. Note that, while the tearing energy is a
property of the material, the stretch at propagation depends on the
particular geometry and the testing configuration, see e.g. Pharr
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Figure 4.6 Stress decay over 220’000 cycles normalized with respect to the
value at the beginning of the test .

et al. (2012). Here it is reported for comparison among the considered elastomers, since the same geometry was used for all the
materials.
Test results are reported in Figure 4.7. They indicate that PDMS
Sylgard 184 is significantly more brittle than the other materials,
and cracks propagate at relatively small stretches (around λ = 1.1).
RTV 4528 is the most resistant in terms of stretch at propagation,
with critical values around λ = 1.75. For the other three materials
the behavior is similar and cracks propagate at a stretch of around
λ = 1.3 - 1.4. Regarding the tearing energy, SMI performs best, with
a tearing energy of around 920 J/m2 , while PDMS Sylgard 184 has
the lowest tearing energy of only 80 J/m2 , i.e. one order of magnitude smaller.
The results of RTV4420 samples tested in distilled water at 37◦ C are
also reported in Figure 6. Although both stretches at crack propagation and tearing energy are lower than the corresponding quantities
tested in nominal conditions, the difference is small (below 2.5%)
and, at least for the low number of samples considered, not statistically significant.
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Figure 4.7 Fracture behavior of the tested materials, average and standard
deviation for each material (n=3). Top: Stretch at propagation for samples of
same dimensions. Bottom: Tearing energy .

4.3.5

Cytotoxicity tests

Cytotoxicity tests were performed as previously described (Vasileiou
et al. (2016)) to detect potential interference with the delicate molecular pathways mediating neuronal differentiation of PC12 cells upon
NGF-stimulation (Ferrari et al. (2010b)). In particular, the neurite
length was measured as described in section 4.2.8, yielding a linear
parameter which directly reports on the potential cytotoxicity mediated by the contact with the elastomeric substrates as compared
with standard culturing conditions on tissue culture polystyrene
(TCPS). The data presented in Figure 4.8 demonstrate that none
of the tested substrates caused a significant reduction of neurite
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Figure 4.8 NGF induced PC12 differentiation on different materials. Box
spans from 1st to 3rd quartile, outliers are removed from the plot. Black lines
indicate the medians. Sample size is indicated above each population. Note that
for the control without NGF, only 5 neurites had a length greater than 10 µm .

length as compared with the control. Altogether, these results confirm that the materials under study do not show cytotoxicity in vitro,
thus supporting their further characterization for potential in vivo
applications.

4.4

Discussion

In this chapter, the characteristic energy for tearing, or tearing energy (Rivlin and Thomas (1953)), was used as measure of the fracture properties of the elastomers among other possible quantities
such as J-integral (Stoček et al. (2016)) or crack tip opening displacement (Reincke et al. (2003)). This quantity allows predicting
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the resistance to the (Mode I) propagation of existent crack-like defects for arbitrary loading conditions. It has been chosen due to its
straight-forward experimental evaluation (Stoček et al. (2016)). Typical values for silicone-based elastomers found in literature are in
line with the results of the current work (Yanyo and Kelley (1987),
Genesky and Cohen (2010)). Our results highlight the brittleness
of PDMS Sylgard 184: with 80 J/m2 , it is the material with the
lowest tearing energy among the tested elastomers. This material
is widely applied for in vitro cell studies since it is easy to fabricate and transparent, thus allowing live imaging applications. However, its brittleness represents a severe limitation with respect to
applications that involve mechanical loading to large strains since
pre-existing defects might be expected to grow, possibly leading to
catastrophic failure. PDMS Sylgard 186 might represent a viable alternative, since it shows elevated tearing energy as well as negligible
stress decay over 220’000 cycles. However, its viscosity might complicate the fabrication process; in fact, our experience shows that
membranes of homogeneous thickness are more difficult to obtain
with typical preparation methods. RTV 4528 shows the maximum
stress decay in the long-term cyclic tests, continuing beyond the
200 cycles reported in Bernardi et al. (2017a) and pursuing nearly
50’000 cycles. In this regard, considering a biomedical application
for which a long term stable response is required, SMI and RTV
4420 seem more suitable candidate materials. In particular, RTV
4420 showed good toughness properties, stable long term cyclic behavior and, importantly, it can easily be fabricated and tailored to
a specific shape required for a specific design of a biomedical device. The effect of wet conditions and temperature on the long term
cyclic behavior and on the fracture properties is analyzed for RTV
4420 and no relevant differences can be observed with respect to the
samples tested in nominal conditions. No previous data on the combined effect of these factors were found in literature. Interestingly,
the material chosen for the environmental conditions study shows
no dependence of the deformation properties on these conditions, as
shown in Figure 4.4. Contrary to other materials such as PDMS,
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known for its variable mechanical properties due to temperature and
time of curing (Liu et al. (2009)), and also for its severe aging over
time (Hopf et al. (2016)), RTV 4420 is very stable in terms of temperature of testing in the range of interest of this work. Furthermore, it
does not show aging in the first two months from preparation. The
present results show that the polymer is fully crosslinked already at
room temperature and, contrary to other fully cross-linked RTV materials, as in Rey et al. (2013), it shows no temperature dependence
of its stress-strain behavior in the range of temperature investigated,
which is representative of physiological conditions. The elastomers
analyzed in the present work show no cytotoxic effects in vitro. Of
course, in case of applications as a component of human implants
(such as in devices that are in contact with blood), the materials
would have to be specifically qualified.

4.5

Conclusion

This chapter presents a characterization of five silicone-based elastomers in terms of cyclic response and fracture properties. Important for applications in biomedical devices, implants and bioreactors, the critical stretch and tearing energy of the elastomers were
determined in corresponding tests, indicating for the latter differences of more than one order of magnitude among the elastomers.
This evaluation highlighted in particular the brittleness of PDMS
Sylgard 184, thus limiting its reliability in terms of mechanical integrity. Long term tests involving up to 220’000 loading cycles were
performed and the corresponding decay in peak stress was analyzed.
One elastomer, RTV 4528, showed a significant decay in peak stress
while all the others displayed a stable response. The influence of
”physiological” environmental conditions on the mechanical properties of RTV 4420 was investigated and no relevant differences could
be observed. Finally, the non-cytotoxic characteristics of the elastomers were demonstrated, which are a prerequisite for their use in
mechanobiological studies or as part of soft implants and biomedical devices.
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Based on the results of this chapter and chapter 3, the base material for the hybrid membrane was selected. RTV 4420 from BlueStar silicones was chosen as substrate due to its easy processability,
good tearing energy, long term properties and stiffness. It is worth
noting, though, that the 220’000 cycles used in this chapter are
not representative of the application of the VAD. There, in fact, the
membrane will undergo hundreds of millions of cycles. In order to
assess the behavior of the material for millions of cycles, a dedicated
set-up was developed within the framework of the project by other
groups, and thus it is not discussed in this thesis. The criteria for
the selection are reported in chapter 10.
As mentioned in section 4.2.7, a correction factor for the evaluation of the tearing energy was used. The theoretical implementation
and experimental validation of this factor are reported in the next
chapter.
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5

The effect of clamping on the
tearing energy estimation
For many applications of soft, highly deformable materials, their
fracture properties, particularly the ability to resist existing defects
without catastrophic failure, is a critical factor. Examples of the
multitude of industrial applications of natural and synthetic elastomers are seals, belts, tubes and dampers (Mars and Fatemi (2002))
or dielectrics in soft generators and actuators (Kaltseis et al. (2014);
Romasanta et al. (2015)). Silicone elastomers have a wide range
of uses in medical devices and implants including artificial urinary
sphincter (Costa et al. (2013)), external shell of breast implants (Necchi et al. (2011)), contact lenses (Liebetraut et al. (2013)) and skin
supports (Yu et al. (2016)).
Leslie et al. (Leslie et al. (2008)) underline that little is known about
fracture properties of silicones used in medical implants despite this
is an important aspect in the design of the device itself. One example
concerns finger joint implants (Joyce and Unsworth (2002), Leslie
et al. (2008)). Bass et al. (Bass et al. (1996)) report that 45% of implants fracture after 3 years from implantation, possible causes for
0 This

chapter, including paragraphs of text, figures and tables is largely based
on Bernardi et al. (2017c)
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fracture initiators are small cracks created by spurs from the finger
bones (Joyce (2004), Swa (2016)).
Recently, great effort has been put into increasing stiffness and fracture toughness of elastomers, for example introducing prestretched
chains that break and dissipate energy before the failure of the material (Ducrot et al. (2014)) and particularly tough hydrogels have
been developed (Gong et al. (2003); Haque et al. (2011); Sun et al.
(2012)) with applications in contact lenses, scaffolds for tissue engineering, wound dressing, drug delivery or artificial tissues (Zhao
(2014)).
The resistance to break from an existing defect is characterized by
the rather generic term (Andrews (1974)) ”fracture toughness” embracing different metrics that quantify some experimental fracture
properties.
The typical experimental measure of fracture toughness for materials that experience large elastic deformations is the ‘characteristic energy for tearing’ Γ defined in the seminal work by Rivlin and
Thomas (1953). It is typically determined from either the ‘trousers
test’ (Horgan and Smayda (2012); Sawyers and Rivlin (1974)) or using test-pieces with high width-to-length ratio and a lateral cut,
which is likewise larger than the sample length L. For incompressible materials, the latter test is known as ”pure shear” tear test
(Rivlin and Thomas (1953)), and in order to determine the tearing
energy, the specimen is extended in a displacement-controlled manner until a crack propagates from the cut tip. This occurs at a certain current length l = lc , measured as the distance between the
grips holding the sample. To calculate Γ from these experiments,
according to the theory (Rivlin and Thomas (1953)), it is assumed
that within a certain zone of the specimen that is in a state of pure
shear, the change of sample length from L to l is an elastic process,
i.e. all work spent to elongate the sample leads to elastically stored
energy. Upon crack growth, a small volume element of this zone is
unloaded and the stored energy is released to propagate the crack.
It is well known that if the material is visco- or inelastic, the tearing energy determined in this way overestimates the actual fracture
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energy since a part of the work expended on the system has been
dissipated and hence cannot contribute to driving the crack (Andrews (1974); Andrews and Fukahori (1977); Naı̈t Abdelaziz et al.
(1988)). Nevertheless, for viscoelastic materials, the experiments
can be performed at low strain rate to reach a quasi-static regime,
or an ‘apparent’ tearing energy can be defined for a fixed strain rate
(Pharr et al. (2012)).
Misestimation of the tearing energy, however, is not only caused due
to energy that is dissipated by the material internally, but any other
component of the testing system that is between the force transducers. This concerns in particular the work expended due to changes
occurring in clamping conditions (e.g. slippage). The calculation of
the stored energy assumes perfect clamping so that the distance between the clamps is equal to the current free length of the specimen
throughout the test.
This is generally an idealization, and for mechanical materials characterization, the use of optical measurement techniques, e.g. digital
image correlation, to determine the in-plane strain field has become
a standard in most laboratories. As will be shown in this chapter,
the use of these ‘local’ data alone is not sufficient to determine the
correct fracture energy. However, in combination with the nominal
data a simple correction factor can be derived that allows to determine a slippage independent fracture energy.
In the present chapter, we present this correction in application
to VHBTM 4905 (3MTM , Saint Paul, Minnesota, USA), a highly deformable acrylic elastomer. The fracture characteristics of this material were recently investigated in detail (Pharr et al. (2012)) by use
of an alternative clamping technique (Schmidt et al. (2012)) that prevents slippage, and the value of 1.5 kJ/m2 obtained by Pharr et al.
(2012) serves as a reference value for the present study.
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5.1

Materials and methods

5.1.1

The effect of slippage

In the ”pure shear” tear test ((Rivlin and Thomas, 1953)) a rectangular specimen with large width-to-length ratio and a lateral cut is
elongated in a displacement-controlled manner until, at a certain
elongation corresponding to the grip distance lc , a crack propagates
from the tip of the cut (Fig. 5.1). A region RPS of the sample in a
reasonable distance from both the tip of the cut and the free lateral
boundary is assumed to be in a state of perfect pure shear with longitudinal stretch λc = lc /L (Fig. 5.1).
The key assumption in Rivlin and Thomas (1953) is that crack propagation by an increment dC (with respect to the undeformed state) at
a constant length lc , requires the energy dU = −W (λc )LT dC, where
W (λc ) is the stored energy density (per unit undeformed volume) of
the sample in the region RPS . The tearing energy Γ is defined as the
negative of the change of elastically stored energy U (lc ) per thickness T of the sample and increase of cut length dC as (Rivlin and
Thomas, 1953)
Γ=−

1 ∂U
T ∂C

= W (λc )L.

(5.1)

lc

If the strain-energy density function of the material, which would
define W (λ) for a hyperelastic material, is not known, the stored energy can be estimated from the area under the stress-stretch curve
of an intact specimen in a pure shear test (see e.g. Pharr et al., 2012).
With L, B and T the initial length, width and thickness of the testpiece, respectively, the stored energy density in a sample elongated
from L to lc is then calculated from the work U (lc ) and total sample
volume as
U (lc )
1
=
W (λc ) =
LT B
LT B

Zlc

Zλc
F dl =

L

P dλ,

(5.2)

1

where λ = l/L is the stretch in loading direction, F is the measured
force and P = F/(BT ) is the corresponding nominal stress.
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These considerations do not account for slippage. If the sample slips
out of the clamps, λ overestimates the stretch in the pure shear
region RPS since the increase in grip distance is not only caused
by deformation but partly compensated by the slipped material that
enters the gauge zone. To analyze this effect, we will assume that the
amount of slippage does not vary along the grips, so that the region
RPS between the two clamps remains in a homogeneous state of pure
shear. This state is then characterized by the ‘true’ local stretch,
λ̄ say, of material line elements oriented in the loading direction,
and not the nominal stretch λ. Introducing an updated reference
length L∗ ≥ L, accounting for the increase of free sample length
caused by slippage, the local stretch may further be expressed by
the ratio λ̄ = l/L∗ . Note that if the test-piece slips irreversibly, L∗
corresponds to the grip distance upon (hypothetically) unloading it
to zero stress. An increase of grip distance dl is thus composed of
stretching and slippage, so that dl = L∗ dλ̄ + λ̄dL∗ . At the instance of
crack propagation L∗ = L∗c , λ̄ = λ̄c and the work spent to elongate a
section of the specimen of width B 0 within the region RPS from L to
lc hence calculates as

Zlc

F 0 dl =

L

Zλ̄c

∗

F 0 L∗ dλ̄ +

1

ZLc

F 0 λ̄ dL∗ ,

(5.3)

L

where here F 0 represents the external force acting on this section.
The elastically stored energy U (lc ) at the moment of crack propagation corresponds to the amount of energy that would be recovered if
the sample was unloaded just before the crack propagates. Assuming that slippage is irreversible, it holds that L∗ = L∗c = const., and
therefore

Z1
U (lc ) = −

F
λ̄c

0

L∗c

Zλ̄c
dλ̄ =

F 0 L∗c dλ̄.

(5.4)

1
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In analogy to Eq. (5.2), the elastic stored energy per updated reference volume at the instance of crack propagation is thus

W (λ̄c ) =

U (lc )
=
B 0 L∗c T

Zλ̄c

F0
dλ̄ =
B0T

1

Zλ̄c
P dλ̄,

(5.5)

1

where P is the nominal stress acting on this section. If the cut
propagates by an increment dC, in line with Rivlin and Thomas’
theory, a volume element L∗c T dC of this section is unloaded, and
the tearing energy is given by
Γ∗ = −

1 ∂U
T ∂c

= W (λ̄c )L∗c = W (λ̄c )
lc

λc
L = γc Γ̄,
λ̄c

(5.6)

where
Zλ̄c
P dλ̄ = W (λ̄c )L

Γ̄ = L

(5.7)

1

is the equivalent to the tearing energy in Eq. (5.1) if local - instead
of nominal - stretch is used, and γc = λc /λ̄c . Since P = P (λ̄) corresponds to the nominal stress in the material in a state of pure
shear, it can again be determined from an intact sample, using either the stress vs. local stretch data or guaranteeing slippage-free
clamping. Eventually, Eq. (5.6) suggests that in presence of homogeneous slippage, the tearing energy (5.1) should be corrected by a
factor γc = λc /λ̄c that corresponds to the ratio between the global
(nominal) stretch and the local (material) stretch at the instance of
crack propagation.

5.1.2

Fracture tests

Fracture tests were performed on elastomer samples cut from VHBTM 4905
sheets (3MTM , Saint Paul, Minnesota, USA) of T = 0.5 mm thickness.
The free dimensions of the specimens were B = 60 mm, L = 10 mm
and a lateral cut of c = 20 mm length was introduced (Fig. 5.1). Additionally, samples without cut (c = 0 mm) were tested to determine a
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material

C

region to
determine ¸
field
of view

Figure 5.1 Schematic illustration of the pure shear fracture test. A region
RPS of the specimen is in a state of pure shear (shaded in red). In the center
of the field of view (dashed square), a small zone (solid square) is considered to
determine the local stretch in loading direction λ̄ .

reference stress-stretch curve. Using two axes of a custom-built horizontal biaxial testing set-up (MTS Systems, Eden Prairie, USA), all
samples were clamped and monotonically elongated at a low constant nominal strain rate of 0.3%/s, which is below the limit, for
which the fracture energy of VHB depends significantly on the rate
of stretching (Pharr et al., 2012, Sec. III B). Cut samples were elongated up to failure, intact samples to λ ≈ 4.
All tested samples were furnished with an ink pattern to create
trackable features for optical deformation analysis. During all experiments the central region was monitored at a frame rate of 1
Hz by a CCD camera (Allied Vision Technologies GmbH, Stadtroda,
Germany) equipped with a 0.25x telecentric lens (Edmund Optics,
Barrington, USA). This field of view was placed in the central area
so that it included the cut tip for cut specimens (Fig. 5.1). Using
an optical flow based in-house strain measurement technique (Hopf
et al., 2016), the local stretch λ̄ within a rectangular zone was defined by the maximal principal in-plane stretch and determined from
the images of the deforming ink pattern. For fracture specimens,
this zone was chosen distant both from the cut tip and free edge of
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the sample (Fig. 5.1). Generally, the size and position of this zone
depend on material properties and sample geometry, and can be
identified by full-field strain analysis or supplementary finite element simulations. The force signal provided by the force sensors
and the controlled displacement of the grips were recorded, providing the force F and current gauge length l, respectively. Nominal
stress was obtained by relating the force to initial cross-sectional
area as P = F/(BT ).
To determine the stored energy density W in Eqns. (5.2) and (5.5),
a reference stress-stretch diagram was prepared from the response
of an intact sample. Local stretch data were used in this case, such
that the area under the stress-stretch curve is unaffected by slippage. Denoting the local stretch in the intact sample by ζ, this provides a reference curve for the stress P (ζ) and the strain-energy
Rζ
density W (ζ) = 1 P (z)dz in pure shear.
For fracture specimens the instance of crack propagation was determined from visual inspection of the image series. The nominal
(λc ) and local (λ̄c ) stretch, corresponding to this critical image (Fig.
5.2a) were selected from the data records and used to determine either W (ζ = λc ) or W (ζ = λ̄c ) by numerical integration of the stressstretch curves from intact samples (Fig. 5.2b).
Finally, the tearing energy Γ, the intermediate result Γ̄ and the slippagecorrected tearing energy Γ∗ were determined according to the classical equation (5.1), Eq. (5.7), and the modified theory (5.6), respectively.

5.1.3

Clamping conditions

To evaluate the influence of slippage, three clamping conditions were
considered. As a ‘standard clamping’ corresponding to a typical tensile testing set-up, sand paper was glued to the flat grip faces. To
realise ‘poor clamping’, slippage was provoked by lubricating the flat
metal grip faces with mineral oil. Finally, very ‘strong clamping’ was
achieved by means of grips with macroscopic surface topology. To
this end, grips with two interlocking circular arc shaped grooves
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Figure 5.2 Top) Nominal stress (P ) vs. stretch curve of a cut sample, represented with respect to nominal (λ) or local (λ̄) stretch, respectively. Bottom)
Nominal stress vs. local stretch curve of intact sample under pure shear loading
conditions. The area below the latter curve represents the stored energy density
W (λc ) or W (λ̄c ), respectively, used in Eqns. (5.1) and (5.6) .

leaving a gap of 95% of the specimen thickness T were designed
and 3D-printed, and furnished with a strip of sand paper at the very
front (Fig. 5.3). N = 6 specimens were tested in each condition. It
is worth noting that these clamping conditions were maintained by
displacement control, i.e., the two grip faces were moved together
by a fixed displacement, determined by tightening a set of screws
and held constant during the test. The effect of changing to force
controlled clamps, i.e. clampings that readjust the gap between the
grip faces to maintain a given level of force is discussed in Sec. 5.3 .
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Figure 5.3 Clamp design with interlocking grooves used to achieve clamping
with strongly reduced slippage .

5.2

Results

Fig. 5.4 plots local against nominal stretch for a representative fracture specimens clamped with sand paper, lubricated and grooved
grips, respectively. The substantial deviations between these two
representations for sand paper and lubricated grips indicate the
slippage present under these conditions, in contrast to the case of
grooved clamps, for which local and nominal stretch are nearly identical.
This is finally evidenced by the differences between nominal and local stretch values at crack propagation, and their ratio γc (Tab. 5.1),
which would be one for perfect clamping conditions. In fact, however, even for our standard grips, the nominal stretch overestimates
the material stretch by about 15%, while only with grooved clamps
the factor is close to unity.
Fig. 5.5 and Tab. 5.1 present the tearing energies for all three clamping conditions, estimated from the classical, nominal stretch based
method (Γ, Eq. 5.1), when local stretch data is used (Γ̄, Eq. 5.7) and
based on the correction suggested in this paper (Γ∗ , Eq. 5.6). The
differences between the mean values of the three measures are most
pronounced for poor clamping conditions whereas they are nearly
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Figure 5.4 Local vs. nominal stretch curve of one representative fracture test
piece for each clamping condition. Only for grooved grips the difference between
nominal and local stretches is negligible. A dashed line with slope one is given
to guide the eye .

equal and about 1 496 J/m2 for strong clamping conditions realized
with grooved grips. This value is in excellent agreement with the
energy of tearing of 1.5 kJ/m2 determined by Pharr et al. (2012) for
comparable rate of deformation. In Pharr et al. (2012) the sticky
elastomer was rolled onto steel cylinders to minimize the effect of
slippage (Schmidt et al., 2012). Due to this close agreement, and
since nominal and local stretches practically coincide for grooved
clamps (Fig. 5.4), our results provide indirect evidence for the safe
clamping provided by rolled-end clamping. The mean value of 1 496
J/m2 will therefore be used as a reference towards which the results
obtained by other clamping conditions will be compared. The variation between the three methods for standard (sand paper) clamping
conditions is less pronounced than for lubricated grips but shows
the same trend.
Compared to the reference value of 1 496 J/m2 , the mean estimated
tearing energy Γ is about 9% higher for standard grips, while it is
overestimated by 50% under poor clamping conditions. Conversely,
when local instead of nominal stretch data is used, the tearing en-
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λc
λ̄c
γc
Γ
Γ̄
Γ∗

[J/m2 ]
[J/m2 ]
[J/m2 ]

sand paper

lubricated

grooved

3.512 ± 0.150
3.089 ± 0.239
1.141 ± 0.057
1635 ± 138
1340 ± 205
1519 ± 173

3.934 ± 0.165
2.708 ± 0.094
1.448 ± 0.060
2242 ± 132
1107 ± 94
1599 ± 102

3.352 ± 0.234
3.373 ± 0.196
0.993 ± 0.019
1476 ± 209
1504 ± 175
1496 ± 190

Table 5.1 Values of stretch and tearing energies for the different tested clamping conditions .

ergy is underestimated by 10% and 26%, respectively. In contrast,
the mean values of the corrected tearing energy Γ∗ are only 2% and
7% higher than the reference value for standard and poor clamping
conditions, respectively. Moreover, a statistical analysis confirms
that these differences are statistically insignificant (non-parametric
Mann-Whitney test, p=0.81 and p=0.17 respectively).
For poor clamping conditions the local critical stretch is smaller than
for sand paper mounted and strongly clamped specimens (Tab. 5.1).
This is in line with the theory (5.1) and results in (Pharr et al., 2012),
where the critical stretch was shown to decrease with sample length.
In fact, for perfect clamping (λ̄c = λc , L∗c = L) and a tearing energy
of 1 496 J/m2 Eq. (5.1) suggests L = 1 496 J m−2 /W (λc ), (cf. Pharr
et al., 2012). Using the reference curve for W (Fig. 5.2b) this implicit
relation between λc and L is plotted together with the determined
values of λ̄c vs. L∗c = γc L from each test. The good match between
these data and the theoretical prediction supports the concept of an
updated reference length. It should be mentioned that the validity
of this graph is limited to values of L∗c that are sufficiently small
compared to the effective width B − C of the sample, so that a state
of pure shear within RPS can be assumed.
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Figure 5.5 Tearing energy determined with sand paper, lubricated and
grooved grip faces. The three bars indicate tearing energies estimated by the
original equation (5.1), the slippage corrected relation (5.6) and, for comparison,
the value of Γ̄ based on only local stretch (5.7). Mean data is presented and
error bars indicate standard deviations.

5.3

Discussion

The pure shear fracture test according to Rivlin and Thomas (1953)
provides a straightforward experiment to determine the tearing energy of highly deformable materials. Our results demonstrate a large
effect of the clamping conditions on the estimated energy of tearing
when nominal stretch, defined by the grip displacements, is used
in the classical equations. In fact, the more slippage is allowed by
the clamps, the higher is the calculated energy of tearing. Needless to say that these values cannot represent a material property
since they depend on the testing conditions. In contrast to the characterization of other mechanical material properties, a change from
global to local strain data, based on optical methods for strain quantification, does not remedy this problem but, conversely, leads to an
underestimation of tearing energy. Two solutions are discussed in
the present work.
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Figure 5.6 Theoretical curve of λc vs. L for perfect clamping and λ̄c vs. updated length L∗c following from the slippage correction for sand paper (diamonds)
and lubricated grips (circles) .

5.3.1

post-hoc correction

Provided the assumption of homogeneous slippage is satisfied, a
combination of both nominal and optically determined local stretch
in a simple correction factor yields the tearing energy independent
of the clamping conditions. Although the nominal stretches at failure λc were markedly different (3.35 ± 0.23 for grooved grips, 3.51
± 0.15 for sand paper and 3.93 ± 0.16 for oil), the calculated tearing energies Γ∗ are indeed indifferent from the reference value determined with grooved clamps. Theory predicts, and Pharr et al. (2012)
confirmed experimentally, that the value of critical stretch depends
on the longitudinal dimension of the sample. This supports our
concept of the updated reference length, since higher slippage corresponded to lower (local) critical stretches. The determined data
pairs well match the relation provided by the theory (Fig. 5.6).

5.3.2

Improved clamping

Improved grip design has been shown to effectively prevent slippage and thus to minimize measurement errors (Sec. 5.3.1). Grips
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with deep form-locking grooves as presented herein, and self-locking
rolled specimen ends (Pharr et al. (2012); Schmidt et al. (2012))
represent possible solutions. The standard clamping used in the
present work consists of flat parallel metal grips, held together by a
series of screws. If the specimen thickness decreases, the contact
pressure drops, and thereby facilitates slippage. This may be seen
as a limitation of the experiments performed in the present work,
and force controlled, e.g., pneumatic clamping systems, which adjust to the current thickness of the test-piece, appear preferable.
However, for materials with low or negligible compressibility, such
as elastomers, the thickness distribution of the loaded specimen
within the clamp is non-uniform which leads to a gradual loss of
contact due to the contraction of the material. While this is not a
dissipative process, it still leads to an increase of the effective portion L∗ that is in a homogeneous state of stress so that the effective
strain energy density calculates as Eq. (5.5) and the correction in
Eq. (5.6) applies.
This is illustrated by a finite element (FE) simulation of a VHB pure
shear test-piece clamped by a constant force of 182 N initially distributed over a clamping area of 10 x 60 mm2 (Fig. 5.7a). FE computations were performed with Abaqus/Standard (Version 6.10, Dassault Systèmes). The clamps were modeled as 2D rigid analytic
shells, VHB as a nearly incompressible Yeoh-type hyperelastic material with parameters given in Schmidt et al. (2012), discretized by
16461 plane strain elements (CPE4RH), and a friction coefficient of
1. The figure illustrates the zone in which contact is lost at two
stages of the test. For comparison, the displacement controlled
clamping was simulated by narrowing the grips by 5% of the initial specimen thickness. In (Fig. 5.7b), the local stretches extracted
from the FE simulations in the center of the specimen are plotted
against the nominal stretches based on grip displacements. For displacement controlled clamping, the local stretch λ̄, and with it the
nominal stress P (not shown), drop rapidly once the friction force
has been overcome. For force-controlled clamping, λ̄ keeps increasing, albeit at a lower rate than λ. This is explained by the higher
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Figure 5.7 (a) FE simulation of force controlled grips. Two instances of the
simulation are reported and the corresponding points of contact are highlighted.
(b) Local stretch in the center of the specimen vs. nominal stretch calculated
from the grip displacement for force control and displacement control cases. The
instances corresponding to Fig. a) are indicated .

pressure caused by the constant force that acts on the remaining
but decreasing contact area.
Although extensive slippage can be prevented in the latter case, progressive change in contact conditions cannot be avoided, so that
both scenarios lead to a significant difference between local and
nominal stretch.
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5.3.3

Limitations

There are a few limitations of the current study, which should briefly
be discussed. The instance of crack propagation was determined by
eye from inspection of the image series recorded by the CCD camera.
The resolution is thus inherently defined by the frame rate of image
acquisition. With more than 3 images per percent of nominal strain
and typical critical strains of λc − 1 > 200%, this ‘discretization’ error
is small in the current study though.
The derivation of the correction factor γ was based on the assumption that slippage is homogeneous along the clamp faces. The good
agreement of the corrected tearing energy with both literature data
and the results from tightly clamped samples suggests that this assumption was well met in our study. In general, however, this requirement could limit the application of the method, e.g., when samples have strongly inhomogeneous thickness or pronounced material heterogeneity on the length scale of the grip dimensions. In
this case, full-field analysis of the heterogeneous displacement field
can be used to quantify variations in slippage, and might provide
the basis for a refined correction method to determine the energy of
tearing.

5.4

Conclusions

Two possible solutions to overcome clamping effects on the quantification of the tearing energy for highly deformable materials were
presented and validated in this paper based on either an improved
clamp design or a post-hoc correction of the data. Tearing energy
was determined for an elastomer with known material properties,
and different clamping conditions were investigated and analyzed.
Grooved clamps provided almost perfect clamping. For imperfect
clamping conditions, our results show that the use of the effective
material stretch, as determined by optical measurement techniques,
is necessary for an accurate evaluation of the tearing energy, but not
sufficient. In this case, the simple correction proposed in this chap-
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ter that uses both the effective stretch and the stretch ratio based
on grip displacement can be used to obtain the correct value.
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The Material-Cells
Interaction
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Chapter

6

In vitro cells studies

6.1

The endothelial cell

Endothelial cells lie on the inner surface of vessels of the circulatory
system and act as interface layer between the blood and the vessel.
They have several metabolic functions, such as the regulation of
homeostasis, of the immune and inflammatory response (Sumpio
et al. (2002)), and of the mass transfer. Being naturally evolved to
provide an optimal blood interface, endothelial cells are nowadays of
great interests for the endothelialization of synthetic substrates of
cardiovascular devices, necessary to reduce blood coagulation (see
section 6.4).
Human Umbilical Vein Endothelial Cells (HUVECs) have been widely
used as model system for the in vitro study of endothelial cells and
the endothelium since 1973, when they were first isolated by Jaffe
et al. (1973), due to the fact that they are easily isolated from umbilical cords, and being primary cell line they are more biologically
relevant.
The morphology of endothelial cells in vivo varies depending on the
location and the mechanical loadings to which they are exposed.
For example, ECs in intact vessels and exposed to laminar blood

79

6. In vitro cells studies
flow are elongated and oriented along the flow direction. On the
contrary, ECs located in sites where the flow is turbulent display
a polygonal shape and no preferred orientation (Krams and Baek
(2017)).
Beyond the complex organization, the compartments directly involved in the mechano-transduction of an endothelial cell and thus
relevant for the present investigation are (Figure 6.1):
• The nucleus. It contains the genetic material of the cell (DNA)
and it coordinates the cell activity, including proliferation, growth,
protein synthesis and, importantly, it regulates the cells response to external mechanical forces. For example, the nucleus shrinks when the cell is exposed to compression, extends when the cell is deformed and elongates upon exposition
to flow (Caille et al. (2002)).
• The actin cytoskeleton. It is a highly dynamic structure and
one of the main determinants of cell shape. The actin filaments (F-actin) are under continuous re-arrangement according to the changing demands of the cell; for example, actin
filaments re-arrange when the cell is exposed to cyclic stretch
(Chien (2007)). Several forms of actin are present in the cytoskeleton. Among others, stress fibers (SBs) are responsible
for cell contractility and are composed of actin and myosin.
The stress fibers are normally connected to the extracellular
matrix (ECM) via focal adhesions.
• The focal adhesion complex. This protein complex is responsible for the transmission of mechanical forces from the ECM
to the internal structures of the cell. It contains more than 100
proteins, including vinculin, integrin, tensin and focal adhesion kinase. The focal adhesions are continuously assembled
and disassembled in different locations in response to external
signals.
• The cell-cell junctions. These junctions are responsible for
cell-cell adhesions. Four endothelial junctions have been described: tight junctions, adherens junctions, gap junctions
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Figure 6.1 Endothelial cells monolayer and main components of the cell. Blue:
Nucleus. Red: F-Actin. Green: VE-cadherin. Focal adhesions are not stained
in this image. Scale bar = 10µm .

and syndesmos (Dejana et al. (1995)). Adherens junctions
are contacts at the cellular membranes, formed by cadherins.
Some cadherins are non-specific and constitute the adherens
junctions of different cell types, whereas Vascular Endothelial cadherin (VE-cadherin) is specific to the endothelial cell.
VE-cadherins link to the actin cytoskeleton through a large
number of molecules and thus transmit intracellular signals
(Dejana and Giampietro (2012)).
In vitro studies focus on single cells, clusters of cells, or the whole
endothelium and try to understand the response of HUVECs to a
variety of mechanical stimuli, including strain, shear stress and hydrostatic pressure. In the past, researchers focused in particular
on the response of single cells to mechanical stimuli, and various
devices were developed to mimic physiological values of strain and
shear stress.
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6.2

Single cell studies

Several studies in the literature analyze the response of single cells
to mechanical forces such as cyclic stretch, shear stress or hydrostatic pressure. Endothelial cells in vivo are exposed to the combination of all these stimuli, but research has initially focused on only
one of the above mentioned stimuli.
This section provides a concise review of the existing studies, with a
focus on cyclic stretch or the combination of shear stress and cyclic
stretch. The effect of shear stress alone is reported in section 6.3,
since the majority of the studies focus on a monolayer of cells rather
than on single cells. It is worth to mention, though, that in vivo ECs
are always present as a monolayer and never as single cells, and
despite being an easy model single ECs do not have any biological
relevance.

6.2.1

Response to cyclic stretch

Studies investigating the response of single ECs to cyclic stretch vary
depending on the magnitude of the applied stretch, the nature of the
stimulus (uniaxial or biaxial stretch), its frequency, and the test duration. In general, these studies use an elastomeric membrane as
substrate for the cells, which is cyclically stretched in the target configuration.
It has been reported that uniaxial strain below 3% at a frequency
of 1 Hz does not induce a strong reorientation of the cell, whereas
strains above this value induce the cell to reorient almost perpendicular to the applied stimulus (Kaunas et al. (2005)).
Wang et al. (2001), studied the influence of the nature of the stimulus. In particular, they investigated the effect of: pure uniaxial
stretching, in which the membrane is stretched in one direction and
the contraction in the other direction is not allowed; simple elongation, in which the membrane is stretched in one direction but is free
to contract in the opposite one; and equi-biaxial stretch, in which
the stretch in two orthogonal directions is equal (see Figure 6.2 for
a schematic of the types of stretching). The strain applied was in
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a)

b)

c)

Figure 6.2 Schematic of the types of membrane stretching: a) simple elongation, b) pure uniaxial and c) equi-biaxial. The black configuration is the
undeformed one, the red is the deformed one .

the order of 10% and the frequency varied from 0.25 to 1 Hz. Their
results show that cells under pure uniaxial stretch reorient 90◦ to
the direction of application, whereas under simple elongation the
resulting orientation angle is 70◦ . Under equi-biaxial strain, cells
do not show a preferred orientation but actin filaments appear oriented out-of-plane, meaning in the direction of minimum strain.
Greiner et al. (2015) investigated the effect of the applied frequency
on the reorientation of cells. They identified a threshold of frequency
(between 0.01 and 0.1 Hz) below which the reorientation of ECs does
not happen. Other authors confirmed these findings (Kaunas et al.
(2005), Moretti et al. (2004), Krishnan et al. (2012)), and several theories were proposed to explain the observed behavior.
One theory suggests that the cells reorient along the minimal matrix strain direction (Wang (2000)), resulting in an angle Θ of (Livne
et al. (2014))

Θzerostrain = arctan(

r

−

εxx
).
εyy

(6.1)
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A different theory (De et al. (2007)) predicts that cell reorientation
occurs in the minimal stress direction (Livne et al. (2014))
r
εxx + νsubstrate εyy
Θzerostress = arctan( −
).
(6.2)
εyy + νsubstrate εxx
Recently, Livne et al. (2014) have proposed an alternative theory to
predict the angle of cells reorientation under cyclic strain. In their
theory, the reorientation is driven by a dissipative process and cells
re-align along the direction of the minimum passively stored elastic
energy. Based on this model, the angle of final cells orientation is
r
1 − 2b
Θelasticenergy = arccos( b +
),
(6.3)
r+1
where r = −εyy /εxx is the biaxiality strain ratio and b is a measure
of the cell’s elastic anisotropy. Regardless of the specific theory, it
has been suggested that the reorientation along the direction perpendicular to the applied stretch allows the cell to align the SFs in
directions that avoid rapid change in length. (Kaunas (2010), Chen
et al. (2015))

6.2.2

Response to combined stimuli

Little is present in literature regarding the effect of combined wall
shear stress and cyclic strain on ECs. The main limitation regards
the availability of devices able to apply the combination of the two
stimuli in physiological ranges.
Owatverot et al. (2005) developed a custom-built device able to uniaxially stretch a silicone membrane while creating a laminar or oscillatory shear stress on the cells seeded on the membrane. With this
device, they characterized the effect of reinforcing and counteracting equipotent stimuli, where the equipotency was defined based on
the dynamic of change of the median cell angle. Their results show
that oscillatory shear stress is a stronger stimulus for cell reorientation than steady shear stress. Furthermore, when equipotent
stretch and shear stress are applied in a reinforcing way, they sum
algebraically and are additive, whereas they cancel when applied a
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in counteracting way.
Other studies have investigated the combination of the stimuli applied on a monolayer of ECs and are briefly summarized in section
6.3.

6.3
6.3.1

Monolayer of cells studies
Response to shear stress

The in vitro response of ECs to shear stress is investigated using
flow chambers that create either a laminar (steady or pulsatile) or a
disturbed flow and different levels of shear stress.
One type of device commonly used is a parallel plate chamber, where
the flow that accesses the device through the inlet develops and
reaches the target value before exiting the device through the outlet. In this case, the central region of the chamber exposes the cells
to a uniform flow and thus a uniform shear stress. Main findings of
the studies investigating the response of ECs to shear stress regard
the value at which cells can withstand the shear without detachment from the substrate and the reorientation of the cell exposed to
the shear.
ECs in vitro can withstand up to 5-6 Pa of shear stress (Robotti et al.
(2014)). When this value is exceeded, cells start to detach from the
substrate if no topography is applied on it.
Regarding the alignment, it is known that ECs in vitro reorient along
the direction of the flow for physiological wall shear stresses. This
finding was consolidated by various groups (Malek and Izumo (1996),
Levesque et al. (1985), Galbraith et al. (1998)) and it is also in agreement with the in vivo case, since cells located in vessels where the
blood flow is laminar are elongated and oriented with the flow. On
the contrary, cells exposed to superphysiological wall shear stresses
align perpendicular to the flow (Robotti et al. (2014)). No differences
in terms of cell orientation and migration between monolayer of
ECs exposed to steady and pulsatile flow have been reported (Chien
(2008), Blackman et al. (2002)). Disturbed flow, namely flow with
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no preferred direction or recirculation zones was also investigated.
In this case cells do not show a preferred orientation (Kataoka et al.
(1998), Davies et al. (1986)) and eventually detach from the monolayer (Davies et al. (1986)).
Recently, the development of methods to measure traction forces
at the cell surfaces has enabled the study of the distribution of
traction forces exerted by cells to the substrate or of stresses between a cell and its neighbors, using traction microscopy, TM (Bergert et al. (2016), Roca-Cusachs et al. (2017)) and monolayer stress
microscopy, MSM (Tambe et al. (2011), Tambe et al. (2013)), respectively. Applied to ECs monolayers, the TM and MSM were used to
study the cellular traction forces when a slow shear flow is applied
(Perrault et al. (2015)). Perrault et al. (2015) showed that, when
exposed to a slow shear stress (0.014 Pa and 0.133 Pa), the total
energy transmitted by the cells to the substrate increased acutely,
but it turned to the baseline after removal of the flow, indicating a
reversibility process. Whereas no difference between the two flow
levels was observable after the first exposition to the flow, a second
application turned into a difference in the strain energy between the
two levels, indicating a memory effect. Finally, cell-cell stresses did
not show any difference depending on flow magnitude (Perrault et al.
(2015)).
TM was also used to measure the tractions which an EC monolayer
exerts on the substrate, independently on the flow but depending on
the substrate stiffness. The tractions were higher at the monolayer
boundary and, interestingly, higher for stiffer substrates, thus indicating a role of the substrate in the monolayer integrity (Krishnan
et al. (2010)).

6.3.2

Response to combined stimuli

Moore et al. (1994) investigated for the first time the in vitro response
of artery pulmonary endothelial cells to the combination of shear
stress and cyclic circumferential stretch. They developed an experimental apparatus made of four elastomeric tubes exposed to a pul-
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satile pressure gradient that generates a pulsatile shear stress and a
cyclic stretch. They used each tube for a different condition: static
test, only shear stress, only stretch, and combination of the two.
Their results show that the alignment of cells exposed to both shear
stress (0.8 ± 0.4 Pa) and cyclic stretch (10%) is greater than the one
for cells exposed to only shear stress. Note that, as in the physiological case, in their experiment the two stimuli were applied in a
reinforcing way, and they did not investigate the case for which the
stimuli are counteractive.
Few years later, Peng et al. (2000) confirmed the results of Moore exposing bovine aortic endothelial cells to a mean shear stress of 0.15
Pa and different levels of cyclic stretch. Also in their case, the alignment of cells significantly increased with higher applied stretch.
This behavior has been recently corroborated by Estrada et al. (2011)
and Amaya et al. (2015) but in all the cases presented here the shear
stress investigated was never higher than 2 Pa, a value that represents the physiological conditions but is significantly lower than
superphysiological conditions present in some specific locations of
VADs (Al-Azawy et al. (2016), Sonntag et al. (2013)).

6.3.3

Effect of hydrostatic pressure

Human endothelial cells cells in vivo are exposed to different levels
of hydrostatic pressures depending of the location in the body. For
example, ECs in large vessels of the feet are exposed to pressures
that exceed the atmospheric pressure by 100 cmH2 O (∼ 100 mbar)
whereas ECs in the veins of the skull are exposed to subatmospheric
pressures (Schwartz et al. (1999)).
Schwartz et al. (1999) exposed single HUVECs to 4 cmH2 O hydrostatic pressure for 4 days and reported an increased proliferation
compared with proliferation of HUVECs in static conditions, and an
upregulated expression of integrin, a transmembranal receptor involved in the cell-ECM adhesion. They suggest that integrin plays a
role in the mechanotransduction of hydrostatic pressure.
The increase in proliferation due to hydrostatic pressure was previ-
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ously reported for bovine ECs in a monolayer (Acevedo et al. (1993),
Salwen et al. (1998)). Ohashi et al. (2007) showed that in bovine
ECs, the expression of VE-cadherin decreased after exposure to hydrostatic pressure ranging from 50 to 150 mmHg (∼ 70 - 200 mbar).
Furthermore, the cells exhibited an elongated shape and a multilayered structure. The authors thus suggest that hydrostatic pressure
decreases the VE-cadherin expression and destabilizes adherens
junctions, promoting the formation of multilayers in the culture.

6.4

Endothelialization of synthetic substrates

Lack of hemocompatibility is the main problem in the development
of cardiovascular devices, from VADs to vascular grafts. These devices are made of materials that, upon implantation, interact with
blood promoting undesirable effects. In particular, blood in contact
with external materials starts to clot, clots accumulate in the course
of time forming thrombi, which can compromise the device functionality and eventually cause the patient’s death due, for example, to
strokes or thrombosis (Heath (2017)).
The most promising solution to overcome this limitation is given by
endothelialization of the external surfaces (Heath (2017), Liu et al.
(2014)). The idea is to cover the surfaces of the cardiovascular device with a quiescent endothelial cell monolayer and use the natural
anticoagulant property of ECs to prevent thrombi formation. The
coverage can happen in situ, namely after implantation or in vitro,
before implantation.
In vivo, endothelial cells present in the native tissue can migrate towards the new surface, for example a synthetic graft, and endothelialize the new surface. However, this type of growth in humans is
only of 1-2 cm and it is not sufficient to cover long external surfaces
(Heath (2017)). Another way to promote in situ endothelialization is
to foster the adhesion of endothelial progenitor cells (EPCs) to the
synthetic substrate. EPCs are bone marrow-derived cells circulat-
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ing in low density in the blood of adults (Liu et al. (2014)). Surface
roughness, chemistry and stiffness are factors that have to be taken
in consideration while designing the external substrate in oder to increase the initial EPCs adhesion.
In vitro endothelialization is achieved via seeding ECs on the device substrate before implantation. ECs are autologous, therefore
harvested from the patient, cultured and expanded in vitro and finally seeded on the substrate in a proper density. The time from the
harvesting to the seeding depends on the cell source, the quantity
of initial cells and on their proliferation rate in vitro, which might
change from one patient to another, and it is in the order of a couple
of months (Pratumvinit et al. (2013)). This is an important limitation
especially for patients in critical conditions, since they cannot wait
long before the implantation of the medical device. Nevertheless,
in the 1990’s, in vitro endothelialization was successfully proved in
different species by the group of Peter Zilla.
Endothelialized grafts were implanted in baboons (Fasol et al. (1991))
and in humans (Deutsch et al. (1999)). Allogenic ECs were used for
the endothelilalization of small vascular prosthesis in baboons. Results after 16 days of implantation showed no statistical difference in
the patency rate between the control and the endothelialized groups,
and that the surface of all the occluded grafts were lacking ECs. In
contrast, the endothelialized grafts which were patent showed a 34.4
± 17.1% EC coverage and no occlusions. The authors suggested
that the cause for surface denudation was the rejection phenomena
caused by the use of allogenic cells instead of autologous ones. In
contrast, the results of 9-year implantation of prosthetic grafts in
humans reported in Deutsch et al. (1999) are more promising. The
authors reported that autologous ECs lining improves the patency
of small-diameter grafts, that is 85% at 3 years, 74% at 5 years, and
65% at 9 years, and it is better than the patency reported in literature for untreated grafts.
In vitro endothelialization was also successfully achieved in heart
valves implanted in sheep (Trantina-Yates et al. (2001)). The authors
reported that surface thrombogenicity was importantly reduced by
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both detoxification of the substrate and the presence of a confluent endothelium. Overall, these results show the feasibility of the
in vitro endothelialization of cardiovascular prosthesis and the significant improvement of the devices performance when covered with
ECs.
For both endothelialization options, it is crucial that the cells adhering to the substrate do not detach. In this unfortunate case,
in fact, the surface would be exposed to the blood and the coagulation processes would start. Substrate topography and surface
biochemistry are important factors that influence the long-term cell
adhesion (Heath (2017)).
Surface microgrooves and electrospun network are attractive options to change the topography of the substrate. Cells seeded on microgrooved surfaces have shown an increased adhesion and proliferation (Franco et al. (2011), Franco et al. (2013), Lu et al. (2008)) and
can withstand a higher level of shear stress (Robotti et al. (2014)).
Electrospun scaffolds resemble the natural environment to which
ECs adhere in vivo. Fibers dimensions and porosity can be easily changed (Walser and Ferguson (2016)), giving the possibility to
create substrates that showed increased cells proliferation rate and
alignment (Hadjizadeh et al. (2013))
Finally, it is extremely important to consider that, in vivo, ECs will
be exposed to shear stress and cyclic deformation, and the adhesion
should be guaranteed in this case. The endothelialization experiments present in literature are considering static conditions, and
this is not the realistic condition (Heath (2017)). Once adhesion and
proliferation on a synthetic substrate is confirmed, the substrate
has to be exposed to physiological flow and deformation in order to
evaluate the survival of cells in this circumstance, and thus a device
able to create the mentioned conditions is required.

6.5

Need for a novel device

As described in this chapter, some existing devices are able to combine shear stress and cyclic deformation on a synthetic substrate,
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but they are limited in the magnitude of the two stimuli. In a VAD,
shear stresses at some locations of the membrane can reach values
up to 10-15 Pa (Al-Azawy et al. (2016), Sonntag et al. (2013)) and
none of the bioreactors present in literature are able to reach these
levels. For this reason, it is necessary to develop a new bioreactor,
model system of the VAD, that can be used to evaluate the response
and survival of ECs to mechanical conditions mimicking those inside the pump. This innovative device, called ”dynamic bioreactor”,
is described in the following chapter.
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7

A novel bioreactor

7.1

Introduction

Endothelialization strategies are initially developed based on in vitro
tests, which often fail to recapitulate the complex environment experienced by ECs at the interface between blood and synthetic materials in vivo (Baiguera and Ribatti (2013)). Perhaps the most important regulator of endothelial function, from adhesion to polarization,
stems from the hemodynamic conditions generated by the local pattern of blood flow, the wall geometry and the deformability of the
wall materials (Kohn et al. (2015)). The temporal variations and absolute magnitude of flow-generated wall shear stress (WSS) and wall
deformation (WD) showed a critical impact on all tested ECs activities (Dolan et al. (2011), Huang and Helmke (2015)). In particular,
the migration and polarization of ECs are directly modulated by the
direction and time pattern of flow (Franco et al. (2013), Milde et al.
(2012)). The stability of substrate adhesions and Vascular Endothe0 This chapter, including paragraphs of text, figures is largely based on Bachmann et al. (2016), of which I am co-1st author. Specifically, my contributions
were for the design of the bioreactor, the implementation and validation of the
mechanical model (finite element model and digital image correlation) and the
endothelialization experiments.
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lial Cadherin (VEC) based cell-to-cell junctions is controlled by the
absolute WSS value (Orsenigo et al. (2012), Potthoff et al. (2014)).
The EC migration potential upon wound healing is regulated by the
flow direction and the resulting WSS values (Franco et al. (2011),
Franco et al. (2013)). The monolayer response to inflammatory insults similarly depend on flow directionality and WSS. EC polarization is dictated by the direction of flow and of substrate deformation
(Pakravan et al. (2016)).
Partial access to physiological hemodynamic conditions has been
introduced through bioreactors able to produce dynamic patterns
of WSS (Franco et al. (2013), Estrada et al. (2011)), uni- or biaxial
stretch (summarized recently in Tamiello et al. (2016) and Jufri et al.
(2015)) or some combination of these (Sinha et al. (2015), Zheng
et al. (2012)). Only few examples reported the concomitant application of flow and uniaxial strain (Tsukurov et al. (2000), Benbrahim
et al. (1994), Zhao et al. (1995), Moore et al. (1994)) on ECs but did
not explore WSS values higher than 2 Pa. Existing devices do not
allow to study endothelial response to WD and WSS in a range comparable to that experienced by ECs at the luminal surface of passive arterial grafts or active deformable elements of VADs (Jufri et al.
(2015)). Specifically, WSS in the range up to 10-15 Pa are present in
VADs (Al-Azawy et al. (2016), Sonntag et al. (2013)) in regions identified as possible sources of thrombus formation (Al-Azawy et al.
(2016)). Pulsatile VADs generate complex pattern of WSS and WD
on the propulsion membrane with values close to the physiological
range, i.e. up to 15% strain for WD (see e.g. Wittek et al. (2016))
and 6 Pa for WSS (Kroll et al. (1996)).
Endothelial response to WD in the range of those experienced at
the luminal surface of passive arterial grafts or active deformable
elements of VADs as well as the effect of complex time patterns of
combined WSS and WD were largely neglected due to the challenges
connected to the development of a reliable bioreactor with such capabilities (Jufri et al. (2015)).
We hereby introduce a novel, custom-designed flow bioreactor system, enabling the long-term in vitro testing of endothelialization
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strategies for a broad range of complex realistic physiological and
supraphysiological flow conditions. The system enables the independent control of WSS (up to 20 Pa) and WD (with uniaxial and
biaxial strain up to 20%) yielding a wide range of spatiotemporal gradients of mechanical stimulation on endothelial monolayers, which
encompass the hemodynamic conditions experienced at the luminal
interface of VADs. The process is optically conducive and therefore
accessible by high-resolution microscopes for online inspection of
endothelial activities. The overall design and implementation of the
system presented and its validation is exemplified with respect to the
assessment of endothelialization of artificial materials obtained using primary human endothelial cells (HUVECs) exposed to a range
of stimulations for prolonged periods of time (up to 24 h). These new
experiments also reveal novel insights into the response of ECs to
overlapping gradients of WSS and WD requiring further dedicated
investigations.

7.2
7.2.1

Methods
Fabrication and actuation

The combined flow-deformation bioreactor system can be divided in
two main components, the flow chamber and the inflation cylinder
(Figures 7.1 and 7.2). Both components were fabricated using a
3D printing system (Objet500 ConnexTM , Stratasys, PolyJet technology) employing the acrylic based polymer VeroWhitePlus RGD835
(Stratasys). Two round glasses (1 mm thickness) were glued to the
inflation cylinder and to the flow chamber, respectively, in order to
guarantee optical access to a deformable membrane placed at the
interface between the two systems and supporting a layer of cells in
endothelialization experiments (Figure 7.1). The membrane, comprised of an elastomeric layer, was tightly pressed against a metal
disk of outer and inner diameter of 15 mm and 5 mm diameter,
respectively (Figure 7.1). Sealing was obtained with an O-Ring interposed between the membrane and the cylinder.
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The flow of culture medium in the flow chamber was generated by a
peristaltic pump (P1500, Harvard Apparatus) equipped with 7.9 mm
inner diameter Tygon tubes (Harvard Apparatus). The pump was
periodically calibrated and the flow rate for each experiment was
selected using the pump control functions. The cell medium was
stored in a reservoir upstream the pump, while a compliance downstream the pump, placed before the bioreactor, was used to dampen
the intrinsic pulsatility of the peristaltic propulsion (Figure 7.2).
The liquid in the inflation cylinder (i.e. PBS) was actuated through
a syringe pump (PSD/4 HAMILTON, Bonaduz) equipped with a 5
ml glass syringe. The pressure level of the PBS inside the inflation
cylinder was measured through a pressure sensor (MPX 4250 AP,
Freescale). The syringe pump was connected to a reservoir filled
with PBS (Sigma).

7.2.2

Fabrication of the deformable membrane

Polydimethylsiloxane (PDMS, Dow Corning, Sylgard 184) membranes
with a thickness of 400 ± 20 µm and 500 ± 20 µm were fabricated by
curing a 10:1 mixture of base to crosslinker in between two soapdipped glass plates separated by a teflon spacer of the respective
thickness. This method was adapted from Martinez-Duarte (2012)
and yielded membranes with an elastic modulus of 1.09 MPa (Hopf
et al. (2016)). The thickness h was verified by determining crosssections at 8 to 9 different, preselected points with a microscope in
brightfield mode (LSM 5 Pascal, Carl Zeiss GmbH, Jena, Germany).
The precision of the resulting measurement was approximately 0.01
mm.

7.2.3

Cell culture

Human umbilical vein endothelial cells (HUVECs; ThermoFisher Scientific, USA) were grown in medium M200PRF supplemented with
fetal bovine serum 2% v/v, hydrocortisone 1 mg/ml, human epidermal growth factor 10 ng/ml, basic fibroblast growth factor 3 ng/ml
(Oladipupo et al. (2011), Murakami and Simons (2008)) and hep-
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Figure 7.1 Design of the System. (A): Bioreactor chamber dimensions. l = 47
mm (entrance length); h = 2.5 mm (chamber height); w = 6 mm (chamber width,
not shown) and d = 5 mm (diameter of the inflated membrane). (B): Global
cross section view of the bioreactor. (C) View of the reactor with transparent
inflation part. (D) View of the reactor with transparent flow part. The insets
show the membrane (clamped in between Metal disk and O-Ring) in its flat state
(E), corresponding to the minimum shear stress, and its maximum inflated state
(F) that corresponds to the maximum shear stress conditions. The scale bars in
panels (A)-(D) correspond to 10 mm and the scale bars in panels (E) and (F)
to 5 mm, respectively .

arin 10 mg/ml (all reagents from ThermoFisher Scientific) and were
maintained at 37◦ C and 5% CO2 . All reported experiments were
performed using cells with less than seven passages in vitro.
The deformable membranes were sterilized by overnight treatment
with ethanol and rinsed three times with PBS before starting the
coating procedure. The substrates were then coated with gelatin according to the protocol by Lampugnani et al. (1995). The substrates
were stored at 4◦ C until the seeding of the cells. Cells were seeded
on the substrates at high density (3.5 - 5 x 104 cells/cm2 ). The substrates were then cultured for three days to generate a fully confluent
and growth arrested monolayer (Lampugnani et al. (1997)).

97

7. A novel bioreactor

7.2.4

Substrate endothelialization

The bioreactor was placed under a wide-field Nikon Ti microscope
equipped with an incubation (Life Imaging Services, Switzerland)
chamber maintaining a 37◦ C and 5% CO2 environment. Prior to the
insertion of the deformable PDMS membrane supporting a growtharrested, differentiated endothelium, the bioreactor was sterilized
by flushing all inner cavities with 70% ethanol. Luminal surfaces
were then rinsed three times with PBS before filling the system with
fresh medium. At this point the PDMS membrane supporting a layer
of endothelial cells was mounted in the system under sterile conditions. The syringe pump providing the inflation was started and the
inflation volume was ramped up until the required pressure generating the desired principal strain was reached. Afterwards, the
desired flow rate was set and the cells were subjected to the flow for
a minimum of 18 h. A PVDF flow sensor (PVDF Chemical Flowmeter
0.025 - 2.5 l/min, B.I.O-TECH e.K., Germany) was used to measure
flow rate and fluctuation.

7.2.5

Immunostaining

The following primary antibody was used: goat anti-VEC (Vascular
Endothelial Cadherin; #6458) from Santa Cruz Biotechnology Inc.
(USA). The secondary antibody was a Rabbit anti-Goat IgG (H+L)
Superclonal Secondary Antibody, Alexa Fluor 488 (#A27012) conjugate from ThermoFisher Scientific (USA).
HUVECs were fixed and permeabilized for 10 min with 3% paraformaldehyde (PFA) and 0.1% Triton-X100 in PBS at room temperature (RT).
The cells were then post-fixed with 3% PFA in PBS for 15 min. After
washing the samples three times for 5 min with PBS, they were incubated with 5% bovine serum albumin (BSA) in PBS for 2 h at RT. The
samples were incubated with TRITC-phalloidin (Sigma, USA) and
goat anti-VEC primary antibody overnight at 4◦ C. Subsequently, the
samples were rinsed four times for 1 h each with 5% BSA in PBS and
then were incubated with anti-goat-alexa-488 secondary antibody
for 45 min at RT. Finally, the samples were washed three times (1 h
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each) in PBS, post-fixed for 2 min in 3% PFA, briefly washed again
with PBS, mounted with Fluoroshield histology mounting medium
(Sigma, USA) and imaged immediately.

7.2.6

Image acquisition

The immunostained samples were imaged using an inverted NikonTi spinning disk confocal microscope (Nikon, Japan) equipped with
an Andor DU-888 camera (Oxford Instruments, United Kingdom)
and a pE-100 LED illumination system (CoolLED Ltd, Andover, United
Kingdom). Fluorescent images of immunostained HUVECs on the
deformable PDMS membranes were acquired with a 20X, 0.75 NA
air objective (Plan Apo, Nikon, Japan), using FITC, TRITC and DAPI
filters, respectively. Large images up to 6 mm x 6 mm were acquired by using the Custom Multipoint / Large Image function of
NIS Elements (NIS Elements, Nikon, Japan) in combination with an
autofocus routine followed by automated stitching.

7.2.7

Image analysis

Images were analyzed and processed with Fiji (National Institutes of
Health, USA). For the comparison of the CFD with the experimental
results, cells in the selected regions were tracked manually and the
”Measure” routine was used to determine the area, center of mass
as well as the angle of the long axis of a fitted ellipse. The latter was
used to generate a line plot showing the orientation of the tracked
cells (with the line length scaled arbitrarily to the length of the fitted
ellipse). Angles for the selected regions were plotted for comparison
with the CFD predicted fluid direction angles in a rose plot using a
binning of 15 degrees. Cell density was measured using the ”Analyze
Particles” plug-in of Fiji on the fluorescent channel for cell nuclei.

7.2.8

Finite Element Model

A finite element model of the inflation system was created using
ABAQUS (Abaqus 6.9-1, Dassault Systémes). The model was a 2D
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axial symmetric (x-y plane, x being the radial axis and y being the
vertical axis). 8-node biquadratic axisymmetric quadrilateral, hybrid, linear pressure, reduced integration elements were selected
for all computations. The constitutive model applied for the PDMS
membrane was the one determined in Hopf et al. (2016). The membrane edge was constrained in the vertical and radial direction, to
simulate the boundary conditions applied in the real system. The
pressure loading was applied on the bottom surface of the membrane.

7.2.9

Digital image correlation

Measurement of the deformation field of the inflated membrane was
achieved by digital image correlation performed using a VIC-3DTM
Micro set-up (Correlated Solutions Inc.). VIC-SnapTM and VIC3DTM software were used for image acquisition and post processing.
The system allows to reconstruct the 3D displacement and field from
its interpolation of the corresponding deformation fields. A dedicated inflation system was realized for the strain measurements,
identical (in geometry and boundary conditions of the inflated membrane) to the one used in the bioreactor.
Speckles were drawn on the membrane using an airbrush system
(Harder & Steenbeck Evolution Silverline Solo, Germany). Different pressure levels were applied in this investigation (75, 220, 250
and 480 mbar) as well as membranes of different thicknesses (in
the range 400-500 µm). Images were acquired with a frequency of
5 Hz. Prior to the analysis, the region of interest for displacement
reconstruction was defined corresponding to the part of the membrane which was inflated. The parameters that determine the grid
spacing in the analysis were automatically assigned based on the
image quality. Confidence margin, exhaustive search, and consistency threshold were also applied.
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7.2.10

Computational Fluid Dynamics model

The flow in the channel with flat and inflated membrane configurations was analyzed with a CFD model using ANSYS CFX. Sensitivity
analyses (flow rate up to 1.2 l/min, WD up to 15%) by conducting a
2-way fluid-structure interaction analysis showed that the interaction between fluid forces and membrane deformations are negligible.
The structured mesh with 1.3x106 hexahedral elements was developed in ICEM CFD. A previously performed convergence study
proved that further mesh refinement does not improve accuracy. All
mesh quality criteria required by ANSYS CFX (ANS (2013)) were satisfied.
To reduce computational effort only one symmetric half of the channel was modeled. The fluid was modeled with a molar mass of
18.02 kg/kmol, a density of 993.3 kg/m3 and a dynamic viscosity of 6.913x10−4 kg m−1 s−1 . This was considered a good approximation of the dynamic viscosity of the cell culture medium. As
the flow rates from 0.1 l/min to 1.2 l/min result in Reynolds numbers of 563 to 7207, the flow regime exhibits transitional and turbulent regions (Patel and Head (1969)). As shown in Figure 7.7A,
for the flat membrane configuration, a laminar model could be applied up to 0.2 l/min. Due to the flow across the curved surface
of the inflated membrane and the high range in Reynolds numbers,
the two-equation eddy-viscosity Shear Stress Transport (SST) turbulence model (Menter (1994)) was used for all other cases.

7.2.11

Micro Particle Image Velocimetry

Micro particle image velocimetry (µPIV) was performed using deionized water as working fluid, seeded with 3.55 µm fluorescent polystyrene
particles (530/607 nm, microParticles GmbH). The experimental
set-up consisted of an epi-fluorescence microscope system including a 3D stage system (LaVision FlowMaster Mitas) in combination
with a 532 nm Nd:YAG laser (New Wave, Solo II-15) and a 2048 x
2048 pixel CCD camera (LaVision Imager ProX 4 M). For image acquisition a 5X, 0.16 NA microscope objective was employed (Zeiss
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EC ”Plan-Neofluar”). For data post-processing the commercial software package Davis 7 (LaVision) was used. The volume flow of fluids
was controlled with a peristaltic pump (P1500, Harvard Apparatus)
and measured with a flow sensor (PVDF Chemical Flowmeter 0.025 2.5 l/min, B.I.O-TECH e.K., Germany). For each flow condition and
measurement position 25 two-frame experimental images were acquired at a trigger rate of 4 Hz. The cross-correlation technique was
used for analysis. The final interrogation window of 128 x 128 pixels
overlapped by 50%, the corresponding vector spacing was 62.5 µm.
The depth of correlation was determined to be about 124 µm, following Olsen and Adrian (2000). After processing, the 25 experimental
images were time-averaged. Further details on the experimental setup have been previously reported (Marschewski et al. (2015)).

7.2.12

Statistical analysis

Statistical comparison of cell area for the 3 distinct regions analyzed
in Figure 7.8 was performed using a non-parametric Mann-Whitney
test (α <0.05). At least 3 independent experiments were analyzed
for each of the respective regions. All quantitative measurements
are represented as averages ± the standard error of the mean.

7.3
7.3.1

Results
Working principle of the reactor system

The system applies a cyclic predefined state of deformation to an
elastomeric membrane covered by endothelial cells (ECs). This Wall
Deformation (WD) displaces the membrane generating a partial obstruction of the flow in the chamber. In this manner the ECs are
exposed to a controlled time variable flow field leading to specific
pattern of Wall Shear Stress (WSS) on the cell layer. The concomitant and time variable WD and WSS realized, are representative of
a variety of conditions experienced by ECs in heart ventricles, large
vessels and cardiovascular devices.
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7.3.2

Design and operation

The reactor was designed to generate a range of complex combinations of mechanical loading through the independent control of WSS
and cyclic mechanical stretch (i.e. WD) on ECs (Figure 7.1). The
dynamic ranges of WSS and WD were selected to encompass the
physiological values experienced by ECs in the human circulation
(i.e. WSS values up to 6 Pa and WD values up to 10%). In addition,
the bioreactor was designed with the unique capability of generating supraphysiological hemodynamic conditions similar to the ones
expected at the luminal surface of VADs (i.e. WSS higher than 6 Pa
and WD up to 20%). Finally, the materials and the overall bioreactor geometry were chosen to maximize optical access of the region
housing the ECs (Figure 7.1).
Figure 7.1 schematically illustrates the overall reactor design. Two
main, independently-controlled compartments are displayed (Figures 7.1C and D). The first corresponds to a flow chamber housing
the ECs during the flow conditioning experiments (Figure 7.1C).
The chamber features external dimensions of 25 x 60 mm and an
internal rectangular cross section of 6 x 2.5 mm2 . The inlet and
outlet of the flow chamber are placed at the extremities and connect
to the peristaltic pumping device to generate a fully-developed flow
of cell culture medium on the central region of the chamber and
therefore yielding a desired WSS on EC monolayers.
The second element is an inflation system that actuates cyclic stretch
on the deformable membrane covered by ECs (Figure 7.1D). The
membrane is comprised of a PDMS-based elastomer, which faces
the flow chamber and supports the endothelial monolayer at its luminal surface. The membrane inflation system is composed of a
cylinder of 15 mm outer diameter and 5 mm inner diameter fixed to
the flow chamber by 4 screws (Figure 7.1B). The volume of liquid
(i.e. PBS) inside the cylinder is controlled with a syringe pump receiving on-line feedback from a pressure sensor. The luminal end
of the cylinder extends towards the flow section and is separated
from it by the interfacing deformable membrane. Therefore, the hydrostatic pressure in the cylinder actuates the cyclic inflation of the

103

7. A novel bioreactor

Figure 7.2 Control of actuation. The set-up consists of two independently
controlled components. The inflation cylinder is actuated by a syringe pump (A).
The pressure in the inflation cylinder is monitored by a sensor (B) and controlled
via a custom-developed LabView software. The flow chamber is actuated by a
peristaltic pump connected to a compliance (C) and a reservoir (D) .

membrane during the experiment. In this manner, a controlled state
of biaxial deformation is applied to the ECs (Figure 7.1E and F).

7.3.3

Control and Validation

The reactor system is actuated by two independently-controlled pumps
that can operate individually (Figure 7.2). When running on a single
pump the reactor performs either as flow chamber exposing the endothelial monolayer to defined WSS, or alternatively as pure stretching device yielding uniaxial and biaxial WD. The validation of the
device reported in the following was performed first for the single
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components operating individually and, in a second phase, for the
combined modality of operation. The dynamics in the flow chamber
were characterized by a computational fluid dynamics simulation
(CFD), which was experimentally supported by corresponding microparticle image velocimetry (µPIV) measurements in the channel
(Figure 7.3). For the configuration with no metal disk and a flat
membrane, we simulated steady state flow patterns within the fluidic channel under the assumption of a fully developed flow. The
good agreement with the results from the µPIV measurement (Figure 7.3A) shows that the system is capable of applying up to 13 Pa
of WSS on the cells located in the central housing of the channel in
this configuration.
These results demonstrate that the flow in the reactor is suitable for
testing the effect of both physiological and supraphysiological flow
conditions on ECs. In addition, to exclude possible fluid flow fluctuations generated by the peristaltic pump a turbine flow sensor was
inserted in the flow channel. The experimental measurements retrieved confirmed that flow fluctuations did not exceed 15% of the
set value during long term operation of the flow system.
For the various membrane configurations with the metal disk present,
different conditions apply. During the stretching loop, the deformable
PDMS membrane cycles between two states: The flat state (Figure
7.1E) during which the substrate is in its reference configuration
(i.e. no WD), and the inflated state (Figure 7.1F) during which the
maximal imposed stretch is reached (i.e. maximal WD). To regulate
the time history of fluid pressure applied in the inflation system over
the whole duration of a conditioning experiment a dedicated control
algorithm was developed. The stretch of the membrane is actuated
by the movement of liquid in and out of the inflation cylinder establishing a pressure load on the elastomer. In particular, the flat
and the inflated states of the membrane correspond to the start and
end positions of the syringe pump piston, respectively. The level of
deformation of the membrane depends on the pressure generated
in the inflation cylinder and is controlled based on corresponding
model equations. The cyclic inflation (from flat to inflated) occurs
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Figure 7.3 Validation of the velocity field. Comparison of Computational
Fluid Dynamics simulation (CFD) and µPIV flow profiles at 0.4 l/min flow. (A)
CFD (red circles) and µPIV (blue rhombus) profiles for the flat membrane configuration. (B-D) Corresponding profiles for the configuration with membrane
inflated to 20% extension (i.e. 720 mbar) at the inlet (B), center (C) and outlet
(D) respectively .

at a defined frequency in the range between 0.85 and 1.1 Hz. The
maximum inflation as well as the inflation frequency are selected
for each experiment through the corresponding parameters in the
control software.
Figure 7.5 summarizes the results of a validation test for the inflation system and the corresponding control algorithm. For this test
the system was set to reach 220 mbar yielding a maximal principal
strain of (approximately) 8% with a cyclic stretch frequency of 1 Hz.
These conditions were selected to represent elevated physiological
values of stretch and frequency. During the test the pressure was
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Figure 7.4 Validation of the inflation cylinder. Comparison between Digital
Image Correlation (DIC) results for a 500 µm thick membrane loaded with 220
mbar pressure and the corresponding Finite Element Model (FEM). Top: Z
displacement. The max displacement given by the DIC measurement is 0.615
mm; the predicted FE displacement is 0.614 mm. Bottom: Strain. The apex
strain given by the DIC measurement is 7.7%; the predicted FE maximum strain
is 8.4% .

measured by a membrane-deformation pressure sensor with a sampling frequency of 10 Hz that was connected to the inflation chamber
and supplied to the control algorithm. In the control feedback loop
the software compared the maximum pressure acquired in a time
frame of 10 s to the target maximum pressure and used the magnitude of the difference (with a 5 mbar tolerance) to adjust the end
position of the syringe pump piston. The effect of the adjustment
was then measured (with an accuracy of ± 1.5%) over the next 10
s, before starting a new control loop. At the same time the starting
position of the syringe pump piston defines the reference configuration in which the deformable membrane should be in a flat state. In
case that at this point the measured reference pressure was negative
(<0 mbar), the starting position of the piston was adjusted. In all,
these results demonstrate that the system was able to constantly
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Figure 7.5 Control signals (A): Pressure max and min signals. At the beginning of the experiment the pressure amplitude is gradually increased until it
reaches the target value (220 mbar) and is subsequently kept constant for the
remainder of the test. (B): Particular of the pressure signal. The pressure cycles
between 0 mbar and the target pressure (220 mbar). (C): Piston positions. The
position of the piston is changing in order to keep the pressure constant. (D):
Flow signal. The flow fluctuates within about 10% of the mean value .

maintain the pressure between the set values (i.e. 0 ± 5 and 220
± 5 mbar) for more than 105 cycles thus establishing the long-term
stability of the cyclic stretch actuation of the reactor.
Actuation of the inflation device yielding multiaxial stretch of the
deformable membrane was validated through a finite element (FE)
model yielding the strain field on the membrane for each combination of thickness and pressure, as well as the maximum membrane apex displacement. These results were directly compared to
measurements obtained by digital imaging correlation (DIC). As reported in Figure 7.4, good agreement in terms of both displacement
and strain was reached. In particular, for the case of a 500 µm
thick membrane inflated with 220 mbar, a deviation of 1 µm (corresponding to less than 1%) in the out-of-plane displacement was
observed. Regarding the strain field, the discrepancy between the
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Figure 7.6 Endothelialization under complex hemodynamic conditions. (AD) WSS patterns computed for the combined actuation of the flow channel
and the inflation cylinder for an imposed flow of 0.2, 0.4, 0.6, and 1.2 l/min,
respectively (left). The WSS maps correspond to the fully inflated state for
a target 8% cyclic biaxial strain. The dashed white line delimits regions that
feature more than 5 Pa WSS. The right column reports the filamentous actin
staining on HUVECs cells on a 5 mm diameter PDMS deformable membrane
after 18 h conditioning. Note that at flow rates of 0.6 l/min (C) and higher
(D) endothelialization was absent in the region of the membrane exposed to
supraphysiological WSS .
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two reported methods was slightly larger (up to 1% strain) but still
within the experimental uncertainties. These results demonstrate
that the stretch component of the reactor is suitable for applying
predefined deformation pattern and thus testing the effect of a wide
range of WD (i.e. physiological and supraphysiological) on ECs.
When both components of the reactor are actuated, inflation of the
deformable membrane into the flow chamber generates a dynamic
combination of asymmetric WSS and multiaxial WD on the luminal surface of the deformable membrane. Specifically, the system
cycles between the flat state (i.e. no WD, Figure 7.1E) in which
the surface of the deformable membrane only experiences the WSS
imposed by the actuation of the flow channel, and a fully inflated
state (i.e. maximal WD, Figure 7.1F) in which the maximal WD is
superimposed. The membrane bulge into the fluid stream interacts
with the flow pattern to generate areas of high WSS on the upstream
half of the deformable membrane and regions of recirculation and
low WSS in the downstream half. The resulting redistribution of
the WSS pattern upon the membrane inflation cycle was evaluated
through in silico numerical simulations for various flow conditions
and experimentally confirmed by µPIV measurements (Figure 7.3).
Importantly, the combined actuation of the two reactor systems creates areas of the deformable membrane which, in the fully inflated
state, are exposed to higher (in the front) or lower (in the rear) values
of WSS, as compared to those defined by the sole actuation of the
flow channel with identical flow.

7.3.4

Assessment of endothelialization

We next set to validate the reactor for the assessment of endothelialization under loading conditions simulating the values which are
expected in regions of implanted VAD. In particular, during the cellconditioning experiments, a time dependent WSS and WD field were
created on a fully differentiated and growth-arrested endothelium
generated in static conditions at the luminal surface of the deformable
membrane. For this validation, flow values to yield maximum WSS
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Figure 7.7 WSS profiles in the reactor. (A) Maximum (red circles), average
(green circles) and minimum (blue circles) WSS at the surface of the deformable
membrane as a function of pure flow rate (flow rates from 0.1 l/min to 1.5 l/min)
in the flat membrane configuration. (B) Maximum WSS at the surface of the
deformable membrane as function of the flow rate and for different membrane
strain conditions ranging from flat (pink circles) up to surface strain of 15%
(green triangles) .
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encompassing the physiological and supraphysiological range (i.e.
from 0.5 to 10 Pa) were selected. In addition, the inflation cylinder
was actuated at a frequency of 1 Hz to reach a maximal pressure
of 220 mbar, leading to an equi-biaxial strain at the apex of approximately 8% in the fully inflated state. After starting the flow in
the flow channel at the beginning of the conditioning experiment,
the maximum pressure in the inflation cylinder was gradually increased to the target value, in order to avoid damage to the cells
due to sudden stretch increase. The target pressure was typically
reached within 5-10 min from the beginning of the experiment (Figure 7.5).
At the end of the conditioning experiments, the quality and functionality of the endothelial monolayer covering the deformable membrane was evaluated. Specifically, values for cell coverage, density,
and orientation were obtained by staining ECs for filamentous actin,
Vascular Endothelial Cadherin (VEC) and cell nuclei (Stefopoulos
et al. (2016)).
Endothelial monolayers exposed to WD under flow rates yielding
physiological WSS values along the entire inflation cycle of the deformable membrane (i.e. 0.2 and 0.4 l/min) were able to withstand
the load and maintain full coverage and connectivity over the entire
target substrate (Figures 7.6A and B). Importantly, higher flow rates
(i.e. 0.6 and 1.2 l/min, Figures 7.6C and D) generated areas of the
deformable membrane, which were exposed to supraphysiological
WSS (between 6 and 26 Pa) values in the fully inflated state (Figure
7.7). In these regions endothelialization was compromised, creating
areas of the deformable membrane partially or fully depleted of cells
(Figures 7.6C and 7.6D). This process could be visualized through
live-cell microscopy. In all, this data confirms the viability of the
system to study the effect of combined WSS and WD loading on the
endothelialization of artificial materials showing a striking agreement between the computed values of WSS and the resulting effect
on endothelialization (Figures 7.6 and 7.8). Furthermore, they suggest that the effect of the selected moderate values of circumferential
stretch was not causing cell depletion if not combined with complex
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Figure 7.8 Effect of complex WSS and WD patterns on surface endothelialization. (A) Fluorescent images of an endothelium covering the deformable
membrane after 18 h of flow conditioning at 0.4 l/min and membrane deformation at 8% maximal strain and 1 Hz frequency. (Red = Actin, Blue = Nuclei,
Green = VEC). (B) Three regions of interest (I, II, and III) were selected corresponding to areas exposed to different WSS in the fully inflated state of the
deformable membrane (Figure 7.1F). (C) Corresponding measure for cell area
and (D) cell density. Significant differences for the cell area are reported (∗ for
α <0.05). n denotes the number of independent experiments and n’ denotes the
number of measured cells. Error bars correspond to the standard error of the
mean. (E) The rose plots report the measured cells alignment (tracking) to the
direction of flow as predicted by CFD analysis (CFD) .
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patterns of elevated WSS on the target surface. Emerging regions of
supraphysiological WSS corresponded to areas of endothelialization
loss and local gradients of WSS were able to direct cell migration.
To obtain further insights on the effect of WSS gradients and of
flow dynamics on the evolution of endothelial coverage of the target
deformable membrane we investigated the case of cells exposed to
the combination of 0.4 l/min flow rate and 8% maximal deformation (Figure 7.8). Here, the resulting patterns of cell alignment to
flow could be distinguished in three regions which coincide with regions featuring different values of WSS (Figures 7.8 and 7.9). In
regions of the monolayer exposed to low, physiological WSS values
(i.e. between 0.1 and 4 Pa, Figure 7.8A) all through the deformation
cycle cells aligned along the direction of flow (flanking regions of the
deformable membrane, Figure 7.9). ECs exposed to high, physiological WSS (between 4 and 6 Pa) in the fully inflated state aligned
perpendicular to the flow which is in agreement with what previously reported (Robotti et al. (2014), Figure 7.9). Here, cell density
was increased, while cell area did not change significantly (Figures
7.8C and D). Finally, the rear region of the deformable membrane,
exposed to low WSS values and flow recirculation in the fully inflated
state featured an area of the monolayer which was characterized by
high density of cells forming a ring along the recirculation profile
(Figures 7.8A and 7.9). These data indicate that a number of parameters have active effect on the response of ECs to complex flow
patterns, including absolute WSS and WD values, spatial and temporal gradients of WSS, and local flow direction.

7.4

Discussion

In summary, the various elements of the work substantiate the introduced novel reactor system as a valuable platform to test the endothelialization of artificial materials under physiological and supraphysiological conditions of mechanical loading. In the reactor, primary human endothelial cells can be exposed to varying combinations of flow-generated WSS and WD for long periods of time and
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Figure 7.9 Endothelial cell alignment to flow. Zoomed immunofluorescent
images of the endothelium in the regions of interest defined in Figure 7 (Actin,
VEC and Nuclei) and corresponding visualization of tracked cell alignment (line
plot) and CFD flow direction predictions. Scale bar is 200 µm .
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the maintenance of a confluent and functional endothelial monolayer can be assessed in vitro. The reactor’s optical access allows
live cell and flow monitoring and thus the evaluation of endothelial
cell response to flow and deformation.
The overall modular structure of the reactor enables independent
control of the flow conditioning system (up to a target WSS of 20 Pa)
and of the stretch device (up to a target deformation of 20%). Both
elements can be fully operated in single modality therefore yielding
pure flow or pure stretch stimulation to endothelial cells (Figures
7.1 and 7.2). A specific novelty of the presented system is represented by its simultaneous actuation, which generates complex flow
patterns on the deformable membrane supporting endothelial cells
(Figure 7.6). Owing to the geometry of the flow channel and of the
deformable membrane inflation, the spatial variation of WSS during
the inflation cycle can be reliably predicted by computational simulation, which are confirmed by the values obtained by experimental
visualization (Figures 7.4, 7.6 and 7.7). Compared to other devices
(Amaya et al. (2015), Dancu and Tarbell (2006)), combined activation of flow and inflation systems allows to generate a wider range
of conditions of cyclic WSS and multiaxial WD. Our system cannot
provide homogeneous conditions of WSS and WD on the membrane
of the bioreactor. The spatial variations of shear stress and strain
are similar to those present in heart ventricles, in larger vessels as
well as in VADs (Al-Azawy et al. (2016), Sonntag et al. (2013), Wittek
et al. (2016)). It thus allows investigating the influence of WD and
WSS gradients on cell survival, functionality, shape, orientation and
density.
We report experiments which confirm the viability of the system at
hand to study the response of endothelia covering an artificial elastomeric membrane and exposed to complex loading conditions for
several hours (Figure 7.6). The maintenance of the endothelial integrity and function is assessed both live to capture events such as
cell migration or loss of adhesion and through end-point biological
analysis to reveal the expression and localization of specific endothelial markers. Endothelial cells contacting flat artificial surfaces can
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withstand WSS values in the physiological range. In fact, the presence of physiological flow was found to enhance viability and has
thus found application in tissue engineering (Niklason et al. (1999)).
In addition, at low to medium values (up to 5 Pa) the cells adapt to
flow by orienting their shape along the direction of flow (Figures 7.8
and 7.9). At higher values endothelial cells initially orient perpendicular to flow, and subsequently lose adhesion and detach from
the substrate leading to the formation of regions of the endothelium
with compromised integrity and/or coverage (Fry (1969)).
These characteristic endothelial responses to flow at the interface
with artificial materials are well reproduced (Figures 7.6 and 7.8).
The spatial and temporal variations of WSS generated by the superimposed inflation of the deformable membrane have a twofold effect.
First, they create a time-dependent asymmetry of WSS on the surface of the deformable membrane. In the inflated state the upstream
region, and the cells adhering to it, is exposed to higher levels of
WSS than the downstream region where low WSS values and flow
recirculation are generated (Figure 7.7). The emergence of areas
of supraphysiological WSS creates weak points of endothelialization
where cells are lost and a direct contact between the flowing medium
and the artificial materials is possible. Second, it provides an additional mechanical stimulation to cells adhering to the substrate,
which have to adapt to the circumferential gradient of deformation.
The overlapping of WSS and WD gradients may generate directional
signals for migration, which can induce polarized cell movements
yielding local changes in cell density (Figure 7.8).
Current endothelialization strategies that can be tested in the novel
reactor system include rationally-designed surface topographies (Stefopoulos et al. (2016), Robotti et al. (2014)) promoting endothelial
adhesion and migration which can be introduced on the elastomeric
membrane by means of standard soft lithography (Kane et al. (1999)),
coating with matrix proteins cross-linked to the elastomer (Singhvi
et al. (1994)) or intervening layers of polymers deposed by means of
electrospinning and directly bonded to the PDMS (Ren et al. (2015)).
Altogether, the reactor is instrumental in decoupling the effect of a
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broad range of hemodynamic parameters on endothelial cells at the
interface with artificial materials. Therefore, it provides an exciting
platform for the study of fundamental cell activities and the validation of solutions aimed at creating a stable protective layer on artificial materials at the luminal surface of cardiovascular implants.
For the Hybrid Membrane project, the bioreactor presented in this
chapter provides a platform to test the survival of the EC monolayer to the mechanical environment expected in the VAD and to
compare the various interlayers produced in the framework of the
project. Each interlayer can be tested under the same conditions of
WSS and WD and the results in terms of survival of the cells can be
compared in order to select the most suitable solution for the hybrid
membrane.
Fundamentals studies investigating the behavior of a cell monolayer
exposed to WSS and WD can be also performed using the bioreactor. Various levels of deformation and flow can be imposed in order
to create different mechanical conditions on the monolayer. The following chapters report results of these investigations.
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8

Behavior of the endothelium on
the hybrid membrane Mechanical only study

8.1

Introduction

Endothelial cells in vivo are exposed to both flow and deformation,
and only in particular cases (e.g. early stage of embryogenesis (Udan
et al. (2013))) they are not exposed to the blood flow but only to the
deformation given by tissue remodeling. However, the study of the
effects of only one of the two stimuli on the behavior of ECs is helpful to understand basic mechanism governing the response of the
cells to mechanical loading and can contribute to the comprehension of the behavior of the endothelium when multiple stimuli are
combined.
The effect of only flow on monolayer of ECs has been broadly investigated, and is summarized in Chapter 6. On the contrary, little
is known regarding the behavior of the EC monolayer under cyclic
stretch, whereas several studies have investigated the response of
single ECs under cyclic deformation. The main findings of these in-
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vestigations are that ECs orient 90◦ to pure uniaxial strain and ∼ 70◦
to simple elongation (Wang et al. (2001)), whereas they do not show
any preferred orientation in the case of equi-biaxial stretching (for
more details about the literature review see chapter 6).
In the study presented here, a monolayer of ECs is exposed to different levels of wall deformation, and its response in terms of orientation and density distribution is reported and analyzed. The deformation is generated using the dynamic bioreactor presented in
chapter 7, which can be used also as a ”mechanical only” device.
In this configuration, the flow is not present and thus the ECs on
the membrane are exposed only to cyclic wall deformation up to different levels of strain and at different frequencies (Bachmann et al.
(2016)). The wall deformation is created by means of pressure that
inflates the membrane, as previously explained in chapter 7. The
other unique feature of this test is the fact that an EC monolayer
is exposed to strain gradients of its substrate. The study presented
here attempts to bring some insights in to how a monolayer of ECs
react to cyclic deformation.
The in vivo deformation of human arteries is variable among the
body: strains of 1-2% are reported in carotid arteries, 15-20% in
human aorta and 2-15% in human femoral arteries (Dobrin (1978),
Morrison et al. (2009), Wittek et al. (2016)). Two levels of wall deformation were applied in this study: low (∼5% apex strain) and high
(∼13% apex strain). They were selected based on the values presented in literature, and especially the higher level is similar to the
one expected in VADs.
The study reported here indicates that, contrary to what is known
for single cells, ECs in a monolayer behave as a collective to preserve
the monolayer integrity.
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8.2
8.2.1

Materials and Methods
Samples preparation

PDMS membranes of 390 ± 10 µm thickness were fabricated as reported in chapter 3 and chapter 7. Following the protocol described
in chapter 7, membranes were plasma treated, gelatin coated and
stored at 4 ◦ C until seeding. HUVECs (passage 2 to 6) were seeded
on the coated PDMS membranes at least 3 days prior to the mechanical tests, with a density of 5x104 cells/cm2 . Tests were performed
at day 3, 4, or 5 from seeding, which is a sufficient time for reaching
confluence given the initial density.

8.2.2

Cell studies

The day of the test, the bioreactor, the flow tubes and the connecting
tubes were sterilized by immersion in ethanol followed by extensive
washing in PBS, and the reservoir was autoclaved. The system was
mounted in sterile conditions under the hood, and once it was filled
with warm medium, the membrane with cells was placed inside the
system. The bioreactor was then moved inside the incubator and all
the connectors were fastened. Once the inflation circuit was filled
with PBS (for details see chapter 7), the test was started.
Three sets of experiments were conducted. In the first one, tests
were performed at a pressure of 90 mbar and 540 mbar, corresponding to ∼5% and ∼13% apex strain, respectively. The selected values
are within the physiological range, and they represent a low and a
high value of strain. The cycle frequency was set to 2 Hz and the
total duration of each test was 18 hours. The test duration was chosen according to Bachmann et al. (2016), whereas the frequency was
selected since the VAD of the Hybrid Membrane project is expected
to run at a frequency higher than the cardiac one. Five repetitions
for each pressure applied were performed. The aim of this set was to
investigate whether ECs in a monolayer respond to a cyclic loading
similarly to single cells, and whether there is any difference in the
response of the monolayer to a low and high strain.
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The aim of the second set of experiments was to investigate the orientation of ECs in the monolayer due to the cyclic loading when adherens junctions (AJs) are artificially blocked. To prevent the formation of AJs, some samples were incubated with a blocking antibody
against the extracellular domain of VE-cadherin (Anti-VE-cadherin,
clone BV6, EMD Millipore Corporation, Temecula, CA, USA) at a
concentration of 8µl/ml for 30 min prior to introduction in to the
bioreactor. For this set, three membranes with AJs blocked were
exposed to 540 mbar pressure at a frequency of 2 Hz for 18 hours.
The last set of experiments was performed to investigate the early
response of ECs to the high pressure. Two membranes were exposed to 540 mbar at a frequency of 2 Hz for only 1 hour, and fixed
immediately thereafter. In this case, AJs were not blocked.

8.2.3

Immunostainig and imaging

At the end of the test, membranes were fixed with 4% PFA and
stained for nuclei, actin and VE-cadherin (for details see chapter 7).
Two of the five samples for each pressure applied of the first set of experiments and both the membranes of the third set of experiments
were also stained for vinculin. In this case, the first antibody was a
monoclonal Anti-Vinculin antibody produced in mouse, Sigma, and
the second one a Chicken anti-Mouse IgG (H+L) Cross-Adsorbed
Secondary Antibody, Alexa Fluor 647, ThermoFischer. Both antibodies were used in a 1:400 concentration overnight and for 45
minutes, respectively.
Imaging of the whole membrane was obtained by stitching several
images acquired with an inverted Nikon-Ti spinning disk confocal
microscope (Nikon, Japan) equipped with a 20x air objective, 0.75
NA. High magnification images of VE-cadherin and vinculin were
obtained using a 60x oil objective, 1.4 NA.

8.2.4

Data analysis

A custom-made code was used for the image analysis of cell density, shape index and orientation (Genta (2016)). First, the image of
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the membrane was divided in to 9x9 squares of ∼ 0.55 µm length
each (Figure 8.1). Second, the nuclei channel (wave length 395
nm) was used for the cell density calculation. In particular, the Fiji
function ”Analyse Particle” (Schneider et al. (2012), Schindelin et al.
(2012)) and a script written in a commercial software package (MATLAB 2015b, The MathWorks Inc., Natick, MA, 2000)) were used to
count the cells inside each square and create density maps. For
each membrane, the number of nuclei of each square was normalized by the number of nuclei of the square containing the highest of
them. Lastly, the VE-cadherin channel (wave length 470) was used
for cell segmentation via manual tracking of the cell boundary of ∼
50 cells per square of only 5 squares (indicated in Figure 8.1). Due
to the axial symmetry of the problem, the 5 squares are representative of the whole membrane. An ellipse was then fitted to each cell,
and its major axis was used to extract the cell direction.
Orientation color plots were created using the ImageJ plugin ”OrientationJ” (Püspöki et al. (2016), Rezakhaniha et al. (2012), Fonck
et al. (2009)). Furthermore, cell area, perimeter and shape index
were calculated from the fitted ellipse parameters. Shape index is
calculated as SI = 4πA/p2 , with A and p being the cell area and cell
perimeter, respectively. A SI of 1 indicates a perfect circle, whereas
a SI of 0 a straight line (Levesque et al. (1986)).
To calculate the fraction of vinculin positive junctions, a method
similar to the one presented in Huveneers et al. (2012) was developed
in Fiji. Briefly, the VE-cadherin image and the vinculin one were first
background subtracted using the ”Subtract Background” function
of Fiji (”rolling=5”) and after a user defined value was subtracted
from the image (”Subtract” function, ”value=5”). After these steps,
the two images were converted to 32-bit images and then made binary. The two resulting images were multiplied (”Image Calculator,
Multiply” function). The resulting image only contains the overlapping areas, were both VE-cadherin and vinculin signals are present.
As final step, the number of white pixels (containing the signal) of
the overlapping image were counted and divided by the number of
the white pixels of the VE-cadherin binary image. This ratio gives
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Figure 8.1 Membrane partition for the image analysis. Squares from 1 to 5
were used for the calculation of the orientation, whereas the density was calculated throughout the whole membrane .

the fraction of vinculin positive junctions.
To summarize, each test was analyzed in terms of cell density and
cell orientation; all other quantities were analyzed in specific cases.
The procedure described here was applied for the analysis of the
tests presented in sections 8.3 and 9.3.

8.2.5

Statistical analysis

Variations between the tests were identified using a non-parametric
Mann-Whitney, p<0.05. Boxes in all box plots spans from 1st to 3rd
quartile, outliers are removed from the plot. White lines indicate the
medians. Whiskers extend to 1.5x IQR (inter-quantile range). Where
present, asterisks indicate a significant difference among regions of
the same type of test, circles indicate a significant difference between
the control and the tested sample for the same region.
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Figure 8.2 Cell density in different regions of the control membranes (left),
and membranes for 90 mbar (center) and 540 mbar (right) pressure. Regions of
the membrane are defined from the boundary (region 1) to the center (region
5). N=5 for the 90 mbar and 540 mbar tests, N=3 for the control. Red dots
indicate the cell density (median) of the control group .

8.3
8.3.1

Results
Cell density

Figure 8.2 shows the evolution of cell density of 3 independent tests
for the control, and 5 each for the 90 and 540 mbar tests, calculated
and normalized throughout the whole membrane, but represented
in the figure only for the representative regions 1 to 5. Red dots
represent the density calculated in the control samples, which were
kept in the bioreactor for 18 hours without any mechanical loading.
The density is minimum close to the membrane boundary, and increases towards the center. For the membranes exposed to 90 mbar,
the difference in density between regions 1-2 and 3-4-5 is statistically significant (Mann Whitney test, p<0.05), whereas for the membranes exposed to 540 mbar region 1 is statistically different from
all the other regions.
The difference in density between membrane boundary and center
suggests a difference in cell morphology, with cells at the boundary
being larger and more elongated than cells in the center. This observation is confirmed by the area and shape index measurements
shown in Figures 8.3 and 8.4.
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Cells in regions 1 and 2 (boundary) are significantly larger than cells
in regions 3-4-5 for both pressures applied, whereas cells in the control are significantly smaller at the boundary compared to the ones
in the other regions. Furthermore, the cell area of the 90 mbar test
in regions 1 and 2 is significantly bigger than the area of cells in
the corresponding regions of the control; and in regions 3 and 4 it
is significantly smaller than the one of the control. The cell area of
the 540 mbar test in regions 2 is significantly bigger than the area
of cells in the corresponding regions of the control; and in regions 3
to 5 it is significantly smaller than the one of the control.
No significant difference among the shape index of the control samples was observed, whereas cells in region 1 of the 90 mbar test are
significantly more elongated than cells in regions 4 and 5 of the corresponding test. Cells at the boundary of the 540 mbar test (regions
1 and 2) are significantly more elongated than cells in the other regions (3 to 5). For both pressure applied, the difference between
cell shape index of the tested samples in each region is significant
compared to the cell shape index in the corresponding regions of
the control. In particular, for each region cells under mechanical
deformation are significantly more elongated compared to the control. Overall, these results show that cells under mechanical loading
change their shape and area depending on the type of load applied.
Cells exposed to uniaxial strain are more elongated and bigger compared to cells exposed to an equibiaxial strain. Furthermore, the
type of loading also influences the final density of the membrane,
with cells at the boundary being less dense that cells in the center.
Note that no difference in the proliferation rate among the regions of
the membrane was observed for all the testes conditions (data not
shown), thus the observed different density is not due to a difference
in the proliferation rate.

8.3.2

Cell orientation

Figure 8.5 shows a strain-radius plot obtained from the ABAQUS
model described in chapter 7. Circumferential and radial strains are
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Figure 8.3 Cell area [mm2 ] in different regions of the control (left), 90 mbar
(center) and 540 mbar (right) pressure. Regions of the membrane are defined
from the boundary (region 1) to the center (region 5), N=5 for the 90 mbar and
540 mbar tests, N=3 for the control; for each region 50 cells were analyzed, for a
total of 250 and 150 cells, respectively. Red dots indicate the cell area (median)
of the control group. The asterisk indicates a significant difference among regions
of the same type of test, the circle indicates a significant difference between the
control and the tested sample for the same region .

reported for both pressure levels applied. As seen from the picture,
for both conditions, the two strains are equal in the center of the
membrane for ∼ 0.5 mm, and then they both decrease. The circumferential strain decreases in a monotonic way until the boundary,
where it turns to zero. The radial one, on the contrary, is zero at
∼ 2 mm from the membrane center and then it becomes negative,
thus indicating that at the boundary the radial strain is of compression. At every point of the membrane, the circumferential strain is
always greater than or equal to the radial one, never smaller. At the
boundary, the circumferential strain is greater than the radial one
(in compression), but in magnitude the radial strain is bigger than
the circumferential one.
Figure 8.6 shows a representative membrane exposed to 90 mbar
pressure (∼ 5% apex strain) and one exposed to 540 mbar pressure
(∼ 13% apex strain) at 2 Hz for 18 hours. As shown in the image, the
two membranes share features at the boundary and in the center,
whereas the cell behavior in the transition zone of the membranes is
different. In particular, cells exposed to the low level of strain align
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Figure 8.4 Cell shape index in different regions of the control (left), 90 mbar
(center) and 540 mbar (right) pressure. Regions of the membrane are defined
from the boundary (region 1) to the center (region 5), N=5 for the 90 mbar and
540 mbar tests, N=3 for the control; for each region 50 cells were analyzed, for
a total of 250 and 150 cells, respectively. Red dots indicate the cell shape index
(median) of the control group. The asterisk indicates a significant difference
among regions of the same type of test, the circle indicates a significant difference
between the control and the tested sample for the same region .

radially, thus perpendicular to the main direction of strain, whereas
cells exposed to the high level of strain align circumferentially, thus
parallel to the direction of larger strain. At the membrane boundary,
cells are in both membranes aligned circumferentially, meaning perpendicular to the compressive radial strain, which is in magnitude
higher than the circumferential one (zero at the boundary). At the
membrane center, cells are randomly oriented and less elongated, as
expected since here the circumferential and radial strain are equal.
These observations are shown in more details in Figure 8.7 b) and c).
Here, two rectangular sections of the two membranes are reported.
Note that, due to the axial symmetry of the problem, the rectangular section reported here is representative of the whole membrane.
Note also that the analysis for the orientation was conducted for
each test on a section like the one reported in the image. The color
plots reported on the right-hand side of the image are a qualitative
visualization of the orientation. Warm colors indicate the radial orientation, whereas cold colors a circumferential orientation.
The quantitative analysis of the orientation is displayed in Figure
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Figure 8.5 Nominal strain (NE, %) vs radius plot. The circumferential and
radial strains are reported for each pressure applied. The strains are calculated
from the ABAQUS model of the membrane .

8.8 b) and c). Here, the rose plots display the angles of 5 different
membranes (5 independent tests) in 5 locations, from the boundary
to the center. For each location, 50 cells were analyzed. As shown in
the image, the cells orientation clearly differ in the transition zone.
For the low level strain, cells reorient in accordance to what is known
for single cells, namely perpendicular to the main direction of strain.
In the case of high strain, they reorient parallel to the main orientation of strain. Note that, no preferred cell orientation is observable
for the control samples (Figures 8.7 a) and 8.8 a)). Our hypothesis
was that cells under high level of strain reorient in order to preserve
the monolayer integrity, and thus to minimize the area of cell-cell
junction exposed to high strain, and thus tension. This could be
analyzed based on VE-cadherin clustering at the AJs.

Effect of anti-VE-cadherin
In order to verify this hypothesis, we artificially blocked clustering
VE-cadherin using anti-VE-cadherin clone BV6 (see Section 8.2.1)
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a)

b)

Figure 8.6 Membranes exposed to 90 mbar pressure (a) and 540 mbar pressure
(b) at 2 Hz for 18 hours. Red: F-Actin, Blue: Nuclei, Green: VE-Cadherin.
Scale bar is 1 mm .
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Figure 8.7 Section of the membranes with stained VE-Cadherin (left-hand side) and color plots of the orientation (right-hand
side). a) Control membrane. b) Membrane exposed to 90 mbar pressure. c) Membrane exposed to 540 mbar pressure. Note the
different alignment of the cells in the transition zone. d) Membrane incubated with anti-VE-cadherin clone BV6 and exposed
to 540 mbar pressure. Note that, as expected, the VE-cadherin is not localized at the cell-cell contact. e-f-g-h) Color plot of
the control and of membranes exposed to 90 mbar, 540 mbar, and 540 mbar with anti-VE-cadherin, respectively. Scale bar is
100 µm .
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Figure 8.8 Rose plots of the orientation angles. Orientation was analyzed in 5 different squares from the membrane boundary
to its center. a) Control membrane. b) Membrane exposed to 90 mbar pressure. c) Membrane exposed to 540 mbar pressure.
Note the different orientation in the transition zone. d) Membrane incubated with anti-VE-cadherin clone BV6 and exposed
to 540 mbar pressure. On the left of the image a schematic of the orientation angles is reported. N=5 for the 90 and 540 mbar
membranes, N=3 for the control and the 540 mbar, Anti-VE ones .
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and exposed the monolayer to the high level of pressure. Three repetitions were performed. Results are shown in Figure 8.7 d) and 8.8
d). The results of the tests without anti-VE-cadherin at the same
applied pressure are also reported for comparison.
As shown in Figure 8.7 d), VE-cadherin in the membrane incubated
with anti-VE-cadherin is not localized at cell-cell contact, thus indicating that the correct formation of AJs is blocked or prevented.
More importantly, the cells on the membrane incubated with antiVE-cadherin do not show a circumferential alignment in the transition zone. This is also represented in the color plot in Figure 8.7 h).
The cell orientation was quantified for the three repetitions and is reported in Figure 8.8 d). The major observable difference regards the
orientation in the transition zone. While cells are oriented circumferentially in the membrane where the monolayer integrity is not
compromised, they are randomly oriented in the case where VEcadherin clustering is blocked. This is especially evident in the 2
squares next to the center of the membrane, whereas in the square
next to the boundary, cells do show some preferred alignment in
the circumferential direction. This might be due to the fact that the
cells next to the boundary are affected by the ones at the boundary,
exposed to a compressive radial strain and aligned perpendicularly
to it.
Overall, Figures 8.7 and 8.8 show that the orientation of cells exposed to a high level of strain does depend on the establishment of
stable AJs, since it is lost when VE-cadherin clusterings are artificially blocked.

Vinculin distribution
Vinculin was stained for 2 samples of each applied pressure. Vinculin associates with VE-cadherin clustering when the junction is
under tension (Huveneers et al. (2012)) and thus we wanted to analyze its distribution for the two pressures applied. Interestingly, we
noted that the vinculin was more localized at the junctions of cells
exposed to the low level of pressure (radially oriented, Figure 8.9a)),
rather than at the junctions of cells exposed to the high level of pres-
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sure (circumferentially oriented, Figure 8.9b)). This confirms that
ECs reorient themselves parallel to the main direction of strain to
minimize the tension at the AJs and thus preventing the monolayer
disruption.
To further investigate this phenomenon, we performed 2 tests at
high pressure (540 mbar) for only 1 hour. In this case, we expected
cells to start rotating and reorient along the circumferential direction, but vinculin to be still present at AJs. Figure 8.9c) shows two
representative locations in the membrane at high magnification and
stained for VE-cadherin and vinculin.
We quantified the localization of vinculin at the junctions as described in the Materials and Methods section and the result is shown
in Figure 8.10. For the membranes exposed to 90 mbar or to 540
mbar for only 1 hour, the fraction of vinculin positive junctions is significantly higher than the one for membranes exposed to 540 mbar
for 18hours. As expected, the fraction of vinculin positive junction
in the control is significantly lower than the one in the tested membranes.
These results confirm that the AJs of ECs in a monolayer are under
tension when the monolayer is initially exposed to a cyclic stretch,
and ECs minimize this tension reorienting themselves parallel to the
main direction of strain. The fraction of vinculin positive junctions
is higher at the beginning of the loading, but after the reorientation
process it is reduced, indicating that, in case of large cyclic strain,
ECs reorient to reduce the tension at the junctions.

8.4

Discussion and Conclusion

In this chapter we studied the behavior of a monolayer of ECs exposed to cyclic mechanical deformation. We reported two main interesting observations. First, we showed that the density of the
monolayer is lower at the periphery of the membrane, with cells being larger and more elongated than cells in the center. Second, we
showed that endothelial collectives adaptively respond to mechanical deformation in order to maintain the monolayer integrity. When
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Figure 8.9 Vinculin distribution. The sequence of images represents high
magnification images stained for VE-cadherin and Vinculin, the binarized image
of VE-cadherin and the vinculin positive junctions image, obtained as described
in the Materials and Methods section. a) 90 mbar pressure, b) 540 mbar pressure,
c) 540 mbar pressure, 1 hour. Scale bar is 50µm .
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Figure 8.10 Fraction of vinculin positive junctions. For each test, N=2 membranes and, in total, N’=16 images were analyzed .

exposed to a low level of cyclic strain (5% apex strain, 2 Hz), ECs in
the monolayer behave as known for single cells and reorient themselves perpendicular to the main direction of strain. Interestingly,
when exposed to an almost three times higher cyclic deformation
(13% apex strain, 2 Hz), they reorient parallel to the main direction
of strain. We demonstrated that this behavior depends on the establishment of stable AJs, in fact, when AJs are artificially blocked,
this orientation is lost. We moreover showed that, for the high level
of strain, AJs are under tension in the first hour of exposure (vinculin localizes at AJs), but after reorientation the AJs are not under
tension, thus contributing to the monolayer integrity preservation.
Despite the fact that no studies analyzing the response of a collective of ECs to deformation are present, a comparison of the data
presented in the literature can be done considering the response of
EC monolayers to shear stress. Interestingly, when a monolayer of
ECs is exposed to super physiological WSS, cells reorient perpendicular to the flow, whereas they are parallel to it in case of physiological WSS (Robotti et al. (2014)). The phenomenon observed in
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this study and the one reported in literature for WSS are similar,
since it appears that, for both the mechanical loadings but independently, when a threshold of the stimulus is overtaken the cells
reorient in the opposite manner compared to when the threshold
is not exceeded. It would be interesting to understand whether the
mechanism behind these behavior is the same for both the mechanical loading, and whether a reduction in tension at the junctions is
observed for the flow case.
Single ECs reorient perpendicular to the main direction in order to
align the SFs in directions avoiding rapid changes in length. Assuming that, for cell collectives, the SFs alignment is also along the cell
main direction and based on the data presented here, it can be speculated that, when the deformation threshold is exceed, the tension
at the cell-cell junction can not be withstood and the cells reorient to
reduce this tension despite the fact that SFs will be more stretched.
This is, at the present stage, only a speculation and further studies
might analyze the SFs alignment in cells exposed to the high level
of deformation to discern any difference with the single cells case.
Further studies could also investigate the reason for the different
cell density in the membrane. One possible explanation could be
that cells in the center of the membrane, exposed to a equi-biaxial
state of deformation, compress themselves in order to be exposed
to a reduced maximum strain. One other option is that cells at the
boundary elongate and thus the rest of the cells are forced to reduce
their area. Live tests could help understanding the dynamic of the
monolayer rearrangement during the time of the test.
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9

Behavior of the endothelium on
the hybrid membrane - Combined
study

9.1

Introduction

In vivo, as well as in mechanical devices such as VADs, ECs are exposed to both deformation and flow. As reported by Sinha et al.
(2016), an anisotropic biaxial strain represent both physiological
conditions, such in branching regions, and disease conditions, e.g.
hypertension and atherosclerosis (Sinha et al. (2016)), In these conditions, the flow is not necessarily perpendicular to the strain, and
thus a systematic investigation in which both WD and WSS are applied is relevant to understand the response of ECs to the combination of the two stimuli.
Furthermore, recently great effort has been put into methods increasing the ECs adhesion to synthetic substrates for endothelialization of biomedical devices. These methods rely on changing the
topography of the substrate in order to create a more attractive environment for the cells, and they include surface microgrooves such as
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gratings and electrospun networks. For some of these solutions the
geometry of the topography and its orientation with respect to the
flow are fundamental. For example, Robotti et al. (2014) showed that
ECs seeded on gratings aligned perpendicular to the flow can withstand superphysiological WSS better than cells seeded on a naked
substrate. This is due to the fact that cells tend to reorient perpendicular to the flow and, if they are already oriented along their target
final direction, they can better resist the flow. However, in vivo, flow
is not the only existing mechanical stimulus. When a deformation
is superimposed to it, it is important to know which orientation the
cells would take in order to better design the alignment of the gratings. This topic has not been addressed yet in spite of its great
interest.
As discussed in chapter 6, only few existing devices are capable of
combining shear stress and wall deformation, but they are limited
in the amplitude of the applied signal. One device was recently introduced by Sinha et al. (2016) capable of combining WSS and WD
on a monolayer of ECs. Their device can create different conditions
of strain (biaxial with different maximum:minimum principal strain
ratio or equi-biaxial) and two conditions of shear stress, namely 0.08
Pa or 0.55 Pa. Their device is therefore limited in the magnitude of
shear stress that can be applied, but they nevertheless report one
of the few studies in which strain and shear stress are not combined
in an additive way (flow perpendicular to maximum applied strain).
Their results show that, independently on the angle between the
flow direction and maximum applied strain, ECs always align accordingly to the strain for low shear (0.08 Pa) and parallel to the
flow for the higher value of shear (0.55 Pa). However, as mentioned
before, their shear stress is in the very low range of the physiological
one and hence a more extensive analysis is required.
The dynamic bioreactor developed in the framework of this thesis
(see chapter 7) has the unique capability of combining shear stress
and wall deformation on the cells seeded on the elastomeric membrane. A preliminary study on the effect of the two stimuli on behavior of ECs monolayer was performed and is reported in this chapter.
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The combination of two different wall deformations and two shear
stresses was studied, giving a total of four conditions, which are
reported in Table 9.1. The values of WD and WSS of this study
were chosen accordingly to the expected values in the VAD. Two
repetitions for each condition were performed, therefore the results
reported and discussed in this chapter should be taken as preliminary and further repetitions should be performed in order to make
the conclusions reported statistically significant. Nevertheless, the
study presented here is unique and thus precious.

9.2
9.2.1

Materials and Methods
Samples preparation

PDMS membranes of 390 ± 10 µm thickness were fabricated as reported in chapter 3 and chapter 7. Following the protocol described
in chapter 7, membranes were plasma treated, gelatin coated and
stored at 4 ◦ C until seeding. HUVECs (passage 2 to 6) were seeded
on the coated PDMS membranes at least 3 days prior to the mechanical tests, with a density of 5x104 cells/cm2 . Tests were performed
at day 3, 4, or 5 from seeding.
The bioreactor was used in the combined mode described in chapter
7. The pressure was set in order to obtain a maximum apex strain of
5% or 13% (90 mbar and 540 mbar respectively), and the frequency
was set to 2 Hz for each pressure applied, whereas the flow was set
in order to obtain a maximum target value of 1 or 6 Pa. The flow
was calculated using the computational fluid dynamic model by C.
Loosli described in chapter 7. Each test was repeated twice.

9.2.2

Imaging and analysis

The fixation, staining and imaging of each sample was performed as
described in chapter 8. Note that, contrary to chapter 8 the problem
is not axial symmetric but the only symmetry is the one along the
central horizontal axis. Figure 9.1 displays the squares used in this
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Figure 9.1 Representation of the squares used for the analysis in this chapter.
Squares 1 to 3 are at the flow inlet, square 4 is the membrane center and squares
5 and 6 are towards the outlet. Flow is from left to right .

chapter for the analysis of different quantities.

9.3

Results

9.3.1

Applied parameters

Table 9.1 reports the values applied for each testing condition. As
shown in the table, the WSS is somewhat higher than the target

Pressure

WD

90 mbar
90 mbar
540 mbar
540 mbar

5%
5%
13%
13%

Table 9.1
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Flow
0.22
0.65
0.10
0.35

l/min
l/min
l/min
l/min

Target WSSmax
1
6
1
6

Pa
Pa
Pa
Pa

Real WSSmax
1.2 Pa
6.65 Pa
1.0 Pa
6.0 Pa

Time
18
18
18
18

hours
hours
hours
hours

Combination of tests performed. Each test was performed twice .

Results
one for one of the cases reported in the table. Figure 9.2 shows the
calculated WSS distribution for each condition at maximum membrane deflection (the black arrow indicates the flow direction). The
general trend is similar for all the cases reported in the figure. A
stagnation point where the shear stress is close to 0 Pa is present at
the inlet, and corresponds to the point where the flow hits the deforming membrane. Note that, during the cycle, the position of the
stagnation point slightly changes, defining a region. After that, the
WSS increases until it reaches its maximum before the membrane
apex. After the apex, the WSS decreases. The conditions differ for
the position of the stagnation point and the maximum WSS, as well
as for the extension of the maximum WSS area. The hydrostatic
pressure distribution is not reported here since, according to the
model, it is everywhere in the order of 1x10−2 mbar and thus can
be considered as atmospheric pressure.
Squares 1, 2, 3, 5 and 6 are exposed to deformation states presenting both radial and circumferential strain, with the circumferential
one being larger than the radial one (see chapter 8). In case of only
deformation, according to chapter 8, the cell orientation in these
squares would be radial for the low pressure case and circumferential for the high pressure one. Square 4 is exposed to an equi-biaxial
deformation state and the cell orientation would be random in case
of only deformation.
Regarding the flow behavior, the WSS increases from square 1 to
square 3, which contains the maximum WSS, and then decreases
in squares 4-6. Square 1 contains the stagnation point. The flow is
always parallel to the inlet in these squares, and according to previous studies (see chapter 6), in case of only flow, cells would align
parallel to the flow for a low WSS (maximum 4-5 Pa) and perpendicular to it in case of higher WSS.
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Figure 9.2 WSS of the different tested condition. The maximum membrane
deformation is reported. The black arrow indicates the flow direction (from left
to right). The squares indicate the regions used for the analysis. Squares will be
named from 1 (left) to 6 (right). Note that these squares contain the stagnation
point and the area with maximum WSS. From Genta (2016) .

9.3.2

Monolayer response to combined WSS and
WD

Figure 9.3 shows four membranes stained for actin after 18 hours of
exposure to combined WSS and WD. Overall, the visual inspection
of the images shows an excellent coverage of the synthetic membrane (the holes at the boundary were caused by handling of the
membrane for the staining).
Figure 9.4 shows cells in regions 1 to 6 stained for VE-cadherin.
The two membranes exposed to the low WSS (1 Pa, case (a) and
(b)), do not show holes in the monolayer. On the contrary, the two
membranes exposed to the super-physiological WSS do present dis-
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5% 1Pa

13% 1Pa

5% 6Pa

13% 6Pa

Figure 9.3 Four membrane stained for actin after 18 hours of exposure to the
combination of WSS and WD. The corresponding values are reported on top of
each image. The white arrow indicates the direction of flow. Scale bar is 1 mm
.

continuities in the monolayer. Holes are present in the stagnation
point for the 13% apex strain (d) (between squares 1 and 2 in both
Figures 9.2 and 9.4) whereas cells are present in square 3, which is
exposed to the maximum WSS corresponding to 6 Pa. In the membrane exposed to 5% apex strain (case (c) in Figure 9.4), holes are
present in square 2 and 3, corresponding to the stagnation point
and the maximum WSS. This indicates that cells move away from
the stagnation point and from the area of maximum WSS, which
is somewhat higher than the one in case (d) and might explain the
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1

2

3

4

5

6

(a)

5% 1Pa
(b)

13% 1Pa
(c )

5% 6Pa
(d)

13% 6Pa

Figure 9.4 Results obtained for four membranes exposed to four different
loading conditions. The flow is coming from the left. Cells are stained for
VE-cadherin. Scale bar is 100 µm .

difference between the two cases. Quantitative analysis of cell density, orientation and shape index are analyzed for all the regions and
reported in what follows.

Cell density
Cell density was calculated for each square of the membrane and
then normalized for the maximum value of each test. Results are
shown in Figure 9.5, only squares 1 to 6 are reported. Statistic is
not performed since the number of repetitions is only 2, nevertheless some interesting observations can be made. The four conditions
share a common trend, an increasing density towards the outlet of
the membrane. Overall, the cell density is greater after the membrane apex, thus cells seem to avoid both the stagnation point and
the region with maximum WSS, but it might be concluded that the
stagnation point is more critical than the region with high WSS for
value of WSS not higher than 6 Pa.
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Figure 9.5 Normalized cell density in regions 1 to 6 for each tested condition,
N=2. Box spans from 1st to 3rd quartile, outliers are removed from the plot.
White lines indicate the medians .

Cell orientation
The knowledge of cell orientation under the combination of WD and
WSS is important for the design of topographies aiming at a better adhesion of cells to synthetic substrates. For example, it is well
known that cells can withstand higher WSS if they are seeded on
gratings aligned perpendicular to the flow (Robotti et al. (2014)). If
a deformation is superimposed to the flow, it is important to know
which orientation the cells would take in order to better design the
alignment of the gratings.
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The results in terms of cell orientation for 2 repetitions and for regions 1 to 6 are reported in Figure 9.6 whereas Figure 9.7 reports
the expected orientation according to only WD (obtained from chapter 8), only WSS (according to literature), and the actual orientation
due to the combination of the two stimuli obtained in this study.
Note that the actual orientation obtained in this study in regions
1 and 2 might be affected by the fact that these regions contain
the stagnation point, and when discontinuities in the monolayer are
present, the orientation of the neighboring cells might be influenced.
Some interesting observation can be made:
• Case a). WD and WSS would result to the same cell orientation, namely radial and parallel to flow, for regions 1, 2 and
6, which correspond to the inlet and the outlet, whereas for
regions 3 to 5 the WD alone would result in a random cell
orientation. The resulting orientation shows that cell are almost horizontally aligned at the inlet and outlet, whereas they
are turned almost 90◦ in regions 3 and 4. This would suggest
that in the central region, the WD is influencing the resulting orientation of the cells. which lose the almost horizontal
orientation.
• Case b). Cells are oriented perpendicular to the flow in every
region. In regions 1, 2, 5 and 6 the resulting orientation does
not match the expected orientation from both WD and WSS.
For regions 3 and 4, the orientation matches the one expected
from only WSS.
• Case c). Cells are everywhere oriented according to the only
WD case, except for the membrane center where they are aligned
90◦ instead of being randomly oriented. For this case, the WD
is clearly the predominant signal for the cell reorientaiton.
• Case d). Cell are oriented according to the only WD case for regions 1, 4, 5 and 6; whereas they are aligned according to both
stimuli for region 3, where WSS and WD would both result in
a 90◦ orientation.
Overall, these observations indicate that WD influences the orienta-
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Rose plot of cell orientation in the regions of interest. Two repetitions for each conditions were considered .
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1
WD WSS C

2
WD WSS C

3
WD WSS C

4
WD WSS C

5
WD WSS C

6
WD WSS C

a) 5% 1Pa
b) 5% 6Pa
c) 13% 1Pa
d) 13% 6Pa

Figure 9.7 Expected orientation according to only WD (obtained from chapter 8), only WSS (according to literature), and the combined stimuli from this
study. On top of the table, a schematic of the cell orientation is represented. An
horizontal arrow indicates a radial orientation and in the direction of the flow,
a vertical arrow indicates a circumferential orientation and perpendicular to the
flow. When no preferred orientation is given, a cross is reported. .

tion of cells in a monolayer when its magnitude is sufficiently high,
independently on the shear applied (in the range investigated in this
study, see cases c) and d)). This is also evident in Figure 9.8, where
a membrane exposed to 1 Pa WSS and 5% WD and one exposed to 1
Pa WSS and 13% WD are reported. It is evident that the monolayers
have a global different orientation and especially cells have a different shape. For the low WD case (top), cells are elongated and their
orientation follows the one of the WSS vectors displayed in Figure
9.2 (see in particular the outlet of the membrane). On the contrary,
cells exposed to the high level of WD (bottom) are less elongated
than the previous ones and their orientation looks axial-symmetric,
as for the case of only WD (see chapter 8). Here a difference in the
orientation of the cells at the inlet and outlet is not visible. Contrary
to what Sinha et al. (2016) report, our results clearly indicate that
WD has an influence on the behavior of cells also when the WSS is
higher than 0.55 Pa. Shape index is further described in the next
section.
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5% 1 Pa

13% 1Pa

Figure 9.8 Membranes exposed to 1 Pa WSS and different levels of WD (5%
on top, 13% on the bottom). VE-cadherin is stained. On the right hand-side, a
schematic of the monolayer orientation is reported to guide the eye. Scale bar
is 1 mm .

Shape index
Figure 9.9 shows the shape index in region 1 to 6 for 1 Pa WSS
(top) and 6 Pa WSS (bottom). Each region contains 50 cells from
each repetition, meaning that a total of 100 cells were analyzed for
every area. Statistical comparison of the shape index in the same
region of the membrane exposed to the same WSS was performed
using a non-parametric Mann-Whitney test. In this case, although
the number of repetitions is two, statistic was performed due to the
large number of cells analyzed for each region.
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Figure 9.9 Shape index in each region of the membrane for a WSS of 1 Pa
(top) and 6 Pa (bottom). Box spans from 1st to 3rd quartile, outliers are removed
from the plot. White lines indicate the medians. Variations between the tests
were identified using a non-parametric Mann-Whitney, p<0.05 .

As shown in the figure, cells exposed to 1 Pa and only 5% WD are
significantly more elongated than cells exposed to the same level of
WSS but an higher WD, for every region. Cells exposed to larger flow
are less influenced by superimposed deformation with significant
change in shape between 5% and 13% only for regions 3 and 4.
For region 5, the difference is also significant with cells exposed to
the lower level of WD being less elongated than cells exposed to the
high WD. Overall, these results indicate that an high level of WD
influences the behavior of cells also in terms of their shape.
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9.4

Discussion and Conclusion

The effect of combined WSS and WD on the behavior of ECs in a
monolayer has not been systematically studied, due to limitations
in available bioreactors able to combine the two stimuli. Using the
bioreactor developed in the framework of this thesis, a preliminary
study was performed aiming at understanding how cells react in
terms of density, orientation and shape to the combination of WSS
and WD. Four different conditions were analyzed, and two repetitions for each condition were performed. With the consideration of
the little number of samples, same indicative conclusions are proposed.
First, ECs tend to avoid stagnation points in the flow field. The density of cells in the regions including those points was systematically
lower than the density in the other locations of the membrane, with
cells even missing for the high level of flow. Second, contrary to
what Sinha et al. (2016) report, the strain has an influence on the
orientation of cells even for shear stresses higher than 0.55 Pa. Our
results indicate that depending on the level of WD and WSS applied,
the cells respond to the WD in terms of alignment and shape, with
cells being more rounded when the level of WD is high compared to
cells exposed to the same WSS but low WD. In terms of orientation,
large WD dominates the orientation in case of low flow and considerably influences it in case of high flow.
Some limitations of this study should be discussed. First of all,
more repetitions should be performed in the future to validate the
observations made. Second, the analysis was made assuming the
maximum inflated membrane position as the most relevant for the
cells, since this position correspond to the maximum WD and WSS.
It should be noted, however, that the cyclic movement of the membrane creates spatial and temporal gradients of WD and WSS that
might play a role in the response of the cells, but they were neglected
here. This means that some of the behavior observed might be the
response of ECs to those gradients rather than to the magnitude of
the applied stimuli. Related to this, tests reported here were con-
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ducted with a frequency of 2 Hz, which is close to the one that will
be used in the real application of the VAD. A similar study was also
performed during a master thesis using a frequency of 1 Hz (Genta
(2016)), and the results are in general agreement with the ones reported here. Nevertheless, the frequency might also influence the
response of cells and further investigations on this parameter would
make this study more comprehensive.
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Chapter

10

Conclusions
The work presented in this thesis focuses on two specific contributions towards the realization of the hybrid membrane, key component of the envisaged ventricular assist device:
(i) Base material selection. In order to select the elastomer for the
membrane, five material candidates were extensively characterized in terms of their deformation behavior, fracture and
long term cyclic properties, and cytotoxicity.
(ii) Development of a model system. A model system for the VAD
was realized to mimic the mechanical environment inside the
heart pump, and was used to study the response of endothelial
cells to the combination of WSS and WD.
The present results, together with the work of the other groups inside the consortium, will lead to a first animal trial in the foreseeable future, which is the first milestone in the realization of the novel
biomimetic blood propulsion device.

10.1

Contributions of the present work

Selection of the material for the Hybrid Membrane. Five materials were selected as candidates for the Hybrid Membrane and
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mechanically characterized. All the materials are hyperelastic, and
their deformation behavior differs in terms of their stiffness. None
of the material was characterized until rupture, but the deformation analysis was performed up to 100% strain, value at least fivefold higher than the one expected for the membrane in the pump.
Since the elastomer is the component giving structural support to
the whole membrane, we excluded materials with a too small strain
elastic modulus, since we would have to compensate the low stiffness with a higher thickness of the membrane itself. For this reason,
one material was excluded from the selection (RTV 4528). We further characterized the fracture properties of the candidates. From
the results of this analysis, we had to exclude PDMS Sylgard 184
due to its brittleness. Although defects in the manufacture of the
process should be avoided and minimized, they cannot be excluded,
and in the case of PDMS Sylgard 184 even a small crack might led
to a catastrophic failure. The long term behavior was excellent for
every material, except for the RTV 4528, with a small decrease in
stress below 8% and a stable response in terms of stress after 50’000
cycles. None of the materials showed indications of damage after a
quarter of a million of cycles. Furthermore, none of the materials
showed cytotoxic effects. Among the three remaining candidates,
we excluded PDMS Sylgard 186 due to its high viscosity, which was
a limiting factor in the manufacturing of the membrane. We also
excluded SMI since some of the solutions for the interlayers require
the in house production of the material, which was not possible with
the SMI. To conclude, the selected material for the hybrid membrane
is Silbione R RTV 4420 from BlueStar Silicones. This material can
be produced in house and it is easy to manufacture, has a very good
tearing energy and it is not cytotoxic. The only disadvantage is that
it still not approved for long term implantation in contact with blood.
This qualification will have to be addressed in the future.
Development of a model system for the VAD. The dynamic bioreactor was developed with the aim of having a model system able of
mimicking the mechanical environment inside the VAD, and having
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a platform to study in particular the viability of cells exposed to WSS
and WD similar to the ones in the pump. The system was successfully developed and validated using PDMS Sylgard 184 as substrate
for the membrane. Our bioreactor is unique since no other device in
literature is able to apply physiological and superphysiological WSS
and WD as the one presented here and is an interesting platform to
study the behavior of cells in physiological and critical conditions of
WSS and WD. The device was made available to the other groups of
the project to test the performance of different interlayer possibilities for improved EC stability.
Study of the behavior of ECs in a monolayer exposed to mechanical stimuli. The dynamic bioreactor was used to study the behavior
of a monolayer of ECs exposed to mechanical stimulation. Two studies are reported in this thesis. The first one concerns the behavior
of the monolayer under only WD. In contrast to single cells, ECs in
a monolayer reorient themselves in order to preserve the monolayer
integrity, namely to prevent AJs rupture. The second study regards
the behavior of cells exposed to the combination of WSS and WD.
The results show that WSS is not the only stimulus influencing the
behavior of cells, but WD also influences cell shape and orientation,
depending on its magnitude.
Finally, it is worth to mention that the expected mechanical conditions inside the VAD might be close to the levels of WSS and WD
shown to be critical for the cell adhesion and survival on the naked
substrate. However, solutions such as substrate topographies are
expected to enable such conditions via increasing the cell adhesion
to the substrate itself.

10.2

Outlook and future work

Improve the bioreactor for the use of RTV 4420 as substrate.
The clamping mechanism of the dynamic bioreactor was optimized
for PDMS Sylgard 184 and, despite the fact that it works also for
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other materials, such as RTV 4420, it should be improved to reach
the same level of reproducibility of testing conditions. Due to the
lower stiffness of the RTV 4420, in fact, the initial position of the
membrane in the bioreactor varies more than one for the case of
PDMS and this increases the final variability. Two alternative cylinders were developed with the aim of better controlling the initial
configuration of the RTV 4420 membrane (Sibilio (2017)). They were
used for the tests with the selected material and showed good performance, but a systematic evaluation of the repeatability under the
same conditions of WSS and WD should be carried out in the future.

Further investigation of the behavior of ECs on RTV 4420. As
described previously, the bioreactor was developed in parallel to the
characterization of the materials, and thus the majority of the tests
was performed with PDMS Sylgard 184 and not with the material
selected for the hybrid membrane. A preliminary study using RTV
4420 as substrate in the bioreactor was performed in the framework
of this thesis and it is described in Appendix A. Overall, no major
difference between the use of PDMS with respect to the softer RTV
4420 was highlighted, but further studies are recommended.
Analyze the ECs response to different interlayers. The bioreactor
tests presented in this thesis use membranes coated with a protein
layer, but no interlayers were investigated. Future work should focus on the difference in term of cell survival when interlayers are
present between the elastomer and the cell layer. The adhesion of
cells to the substrate should be improved when an interlayer such
as electrospun networks or gratings is interposed between the cell
layer and the elastomer, thus also the resistance of cells exposed
to WSS and WD should increase. Furthermore, future works could
also investigate the reorientation of cells exposed to the combination
of stimuli with different interlayers.
Qualification of the selected material for long term implanta-
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tion in contact with blood. As mentioned before in this chapter,
the selected material is missing a qualification for long term implantation in contact with blood. This point should be addressed
as soon as possible, in collaboration with the company producing
the material, in order to proceed with chronic animal trials in the
future.
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A

Towards the animal trial
As mentioned in chapter 10, a first pump prototype will be used in
sheep for a first acute animal trial. The aim of the trial is to assess
the viability of cells on the membrane mounted in the pump and
exposed to flow and deformation due to the actuation of the pump
itself.
The chosen material of the membrane is RTV 4420, however all the
studies performed before the choice used PDMS Sylgard 184 as substrate. Furthermore, human ECs were used to assess the functionality of the bioreactor, whereas ovine ECs will be used for the animal
trial. For these reasons, several bioreactor runs were performed using ovine cells on PDMS and finally ovine cells on RTV 4420. Some
of the results (see table A.1 for a description of the parameters) are
summarized in this appendix. Figure .1 shows two PDMS membranes with ovine cells exposed to 220 mbar and 0.4 l/min or 0.6
l/min, respectively. These values give a WD of around 8% at the
apex and a WSS of 5 and 6 Pa. Both membranes show high coverage of cells, with minor holes in the monolayer probably due to the
handling. In comparison with the experiments done with HUVECs
(see chapter 7), it even looks like that ovine cells can withstand
higher WSS than human ECS, even though a systematic analysis
should be performed to make this conclusion significant.
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220 mbar 0.4 l/min

220 mbar 0.6 l/min

Figure .1 Results of bioreactor tests with the ovine cells. Top: membrane exposed to a WD of around 8% and a maximum WSS of 5 Pa. Bottom: membrane
exposed to a maximum WD of around 8% and a WSS of 6 Pa. The white arrow indicates the flow direction. Both membranes are stained for VE-cadherin.
PDMS is used as substrate. Scale bar is 1 mm .
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90 mbar 0.4 l/min

90 mbar 0.5 l/min

Figure .2 Results of bioreactor tests with the ovine cells. Top: membrane
exposed to a WD of around 10% and a maximum WSS of 5 Pa. Bottom:
membrane exposed to a WD of around 10% and a maximum WSS of 7 Pa. The
white arrow indicates the flow direction. Both membranes are stained for Actin.
RTV 4420 is used as substrate. Scale bar is 1 mm .
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Material

Pressure

WD

PDMS
PDMS
RTV 4420
RTV 4420

220 mbar
220 mbar
90 mbar
90 mbar

8%
8%
10%
10%

Table A.1

Flow
0.4
0.5
0.4
0.5

l/min
l/min
l/min
l/min

Max WSS
5
6
6
7

Pa
Pa
Pa
Pa

Tests performed with ovine cells .

Figure .2 shows two RTV 4420 membranes with ovine cells exposed
to 90 mbar and 0.4 l/min or 0.5 l/min, respectively. These values
give a WD of around 10% at the apex and a WSS of 6 and 7 Pa.
Also in this case, both membranes show a high coverage of cells,
with cells missing only at the inlet of the membrane exposed to the
higher WSS. The shape of the hole resembles the one showed in
chapter 7.
One interesting aspect regards the ovine cells size. They are smaller
than HUVECs and this aspect is important for the seeding density
and also the geometry of possible topography implemented on the
membrane. Figure .3 shows a comparison of cells area between
HUVECs and ovine ECs. The difference between the area of the two
species is significant. The area of ovine cells is circa half the one of
HUVECs
Overall, the behavior of the ovine ECs under WD and WSS looks
similar to the one of HUVECs, Furthermore, the selected substrate,
that is softer than the PDMS, do not show any problematic aspect
and cells grow and proliferate on it as they were doing on the PDMS.
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Figure .3 Comparison of area between HUVECs and ovine ECs. The area was
calculated in 2 positions of 4 different membranes for each type of cells. N=572
for HUVECs and N=247 for ovine ECs. Box spans from 1st to 3rd quartile,
outliers are removed from the plot. White lines indicate the medians. Variations
between the tests were identified using a non-parametric Mann-Whitney, p<0.05
.
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B

Bioreactor functionality
This appendix documents components and use of the bioreactor introduced in chapter 7 and how to troubleshoot potential problems.

A

Bioreactor components

The bioreactor components are (see Figure A.1):
• The 3D printed chamber, made of two major components, namely
the flow chamber and the inflation cylinder, four screws to
close the two parts together and a metal disk with 14 mm OD
and 5 mm ID
• One glass reservoir
• One glass compliance
• Flow sensor, PVDF Chemical Flowmeter 0.025 - 2.5 l/min,
B.I.O-TECH e.K., Germany
• Pressure sensor, MPX 4250 AP, Freescale
• Harvard peristaltic pump P1500
• Tubes for peristaltic pump, Tygon R LFL Tubing, 7.9 mm ID
• Hamilton syringe pump PSD/4 equipped with a 5 ml syringe
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Figure A.1

B

CAD file of the bioreactor .

Bioreactor mounting

The general procedure for the mounting of the bioreactor is the following:
• Start all the electronic components
• Insert the metal disk in the flow chamber of the bioreactor
• Insert an elastomeric membrane without cells on top of the
metal disk
• Wrap the cylinder with teflon tape (this prevents leakage outward)
• Insert the cylinder in the flow chamber and close the bioreactor with the four screws
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• Attach the two pieces of tube to the inlet and outlet of the
bioreactor
• Attach the flow sensor to the tube connected to the inlet, and
the reservoir to the one connected to the outlet
• Use another piece of tube to connect the flow sensor to the
compliance
• Close the loop with a longer piece of tube
• If not done before, place everything inside the incubator. At
this point, the bioreactor can also be screwed on the stage
(optional)
• Insert the long tube in the peristaltic pump. The peristaltic
pump stays outside the bioreactor, so the tube has to go through
the back opening of the incubator
• Connect the outlet tube of the syringe pump to one of the two
connectors of the cylinder part of the bioreactor
• Connect the pressure sensor tube to the other connector of
the cylinder
• At this point, the bioreactor is mounted
• Start the sterilization. Insert ethanol in the reservoir and start
the peristaltic pump. Leave it running for at least 5 minutes
• Stop the pump, replace the ethanol with PBS and start the
pump again for 5 minutes
• Repeat twice, changing PBS every time
• While doing these steps, also sterilize the inflation circuit via
inserting ethanol 3 times, then with PBS for other 3 times
and finally emptying it. The use of the Labview program is
described later
• When both circuit are cleaned, remove the PBS in the flow
circuit and replace it with warm medium. Let it run for few
minutes, checking that air is not trapped in the circuit

171

B. Bioreactor functionality
• At this point, the membrane with cells can be inserted. First,
clamp the inlet and outlet tubes. Second, unscrew the cylinder and remove it from the flow chamber. Remove the membrane inside and place the new one with the cells facing the
medium. Finally, insert the cylinder and close it again. Remove the clamps
• Insert PBS in the inflation cylinder for 3 times with the tube
next to the pressure sensor open, so the excess of liquid can
escape. After the third time, clamp this tube. The inflation
circuit is at this point filled and closed
• Start the inflation (see below for details)
• Start the flow via setting the desired flow rate that can be
checked in the flow sensor measurement. If necessary, adjust
the flow rate
• After the desired time, to finish the test stop the inflation and
the flow. Open the tube next to the pressure sensor and empty
the inflation circuit. To remove the membrane, clamp the inlet
and outlet tubes, remove the cylinder, and remove the membrane that has to be placed in PFA immediately
• Place a membrane with no cells and clean both circuits with
ethanol and distilled water as described previously

C

Bioreactor Labview software

The main Labview control interface is displayed in figure C.2. The
syringe pump control is displayed on the left part. The pump is
first initialized (pump.initialize), then the cylinder circuit is filled
with PBS (pump.insertwater) and the piston moves to the initial position (pump.fullsyringe). When the ”pump.cyclebetween” and the
”lock.pressure” buttons are pressed, the piston cycles between the
”pump.p1” and the ”Min.Level.Control” (right side) positions. These
two positions are controlled in order to keep the pressure constant.
The target pressure is set in the ”lock.target.pressure (mbar)” control, while the max discrepancy is set in the ”max.discrepancy” con-
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trol. The period can be adjusted varying the ”period” entry. The
pressure sensor control is displayed on the right. The sensor is initialized (pressure.initialize) and measured (pressure.measure.conti).
The sampling rate can be set via the ”pressure.measure.speed” box.
The pressure signal is displayed in the plot.
The following steps are to start the experiment:
• Initialize the syringe pump pressing ”pump.initialize”. The
pump will make a sound
• Initialize the pressure sensor pressing ”pressure. initialize”.
No sounds will be made
• Press ”pressure.measure.conti”. The plot on the right-hand
side will start and data will be collected
• Press ”pump.fullsyringe” to insert the desired liquid in the circuit. Every time, 5 ml of liquid are insert. NEVER do this
step with the closed circuit, otherwise the liquid will destroy
the membrane. Only do it when the tube next to the pressure
sensor is open
• Set the desired initial volume changing the ”pump.volume.ml”
value. As estimation, for PDMS a volume of 0.1 ml will lead
to a pressure of 300 mbar already at the beginning. For RTV
4420, smaller volumes should be considered (0.02 ml)
• Set the desired target pressure with the ”set.target.pressure
(mbar)” entry
• With the tube next to the pressure sensor closed, press ”pump.
fullsyringe”. This will full only the syringe, but no liquid will
be inserted into the circuit at this point
• To start the test, press ”pump.cyclebetween” and immediately
after the ”lock.pressure” button. With the ”lock.pressure” button activated, the system will automatically adjust the volume
injected to reach and maintain the target pressure. When the
”lock-pressure” button is NOT activated, the syringe pump will
always insert the same volume of liquid and thus the pressure
is not controlled.
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Figure C.2

Labview control interface .

• When the test is over, press ”lock.pressure” and ”pump.cyclebetween”
to stop the syringe pump. Press the ”STOP p measure” button
and the ”pressure.save” one to save the pressure measurement

D

Bioreactor troubleshooting

The syringe pump and/or the pressure sensor do not start. First
of all, check that the COM PORTS are correct and eventually change
them in the ”pump.visa.name” and/or ”pressure.visa.name” entry.
To know which com port is the one connected, go through the ”Control Panel/Device Manager” path of the PC. If the com ports are
correct, try to turn off and on Labview. If this also does not help,
turn off and on the PC. Labview is in general really problematic and
sometimes the settings are all fine but Labview still does not work.
The restarting of the PC should resolve the problem
The pressure does not increase to the target value. This indi-
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cates that the inflation cylinder is not tight and there is a leakage
somewhere. Possible locations of leakage are:
• The connectors attached to the inflation cylinders. Check if
they are correctly screwed and tight. After many usages the
threaded holes hosting the connectors might be damaged, in
that case substitute the cylinder with a new one
• The syringe pump valve inlet and outlet. Check if they are
correctly screwed and tight
• The membrane is not correctly positioned and thus the cylinder is not closed. In that case, open again the cylinder, remove
the membrane and position it again
• The tubes to the pressure sensor are damaged. In this case,
simply substitute them
If all these items are tight, but the pressure is still not increasing,
the tubes attached to the syringe pump might be narrowed. Try to
open them again or substitute them with new ones.
Another reason might be that the membrane has micro cracks/holes
and the fluid goes through it. In this case substitute the membrane.

The medium is leaking. In this case, the flow circuit is not tight.
The most probable cause of the leakage is the flow chamber. Try
to put new/more teflon tape around the cylinder. Check also the
hole hosting the metal disk. After several usages it might be damaged (detachment of the chamber walls from the hole). In this case,
substitute the flow chamber with a new one.
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