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Summary
Cardiovascular diseases remain the leading cause of death globally, and their preva-
lence continues to rise. These diseases are complex, involving multiple biological,
chemical and mechanical factors in their development. Despite significant advances
in medical research and technology, there are still gaps in our understanding of the
mechanisms underlying the generation and progression of these diseases. In recent
years, there has been increasing recognition of the importance of mechanical factors
in the development of vascular diseases. This has led to significant progress in our
understanding of these diseases and in the design of more effective treatment strate-
gies.

Specifically, research into the impact of mechanical damage in cardiovascular dis-
eases has emerged as a rapidly growing area of investigation. Mechanical damage
plays a critical role in the initiation and progression of many cardiovascular diseases,
including arterial dissection, atherosclerosis and in-stent restenosis. However, study-
ing mechanical damage in the context of cardiovascular diseases can be challenging
due to the complex and dynamic nature of the mechanical forces involved. Addition-
ally, the cellular and molecular mechanisms underlying the response to mechanical
damage are complex and interconnected, involving multiple signaling pathways and
feedback loops. Therefore, studying the role of mechanical damage in cardiovascular
diseases requires an interdisciplinary approach that integrates engineering, biology
and medicine, as well as advanced experimental and computational methods.

This thesis explores the role of mechanical damage in the initiation and develop-
ment of three vascular diseases: aortic dissection, atherosclerosis and in-stent resteno-
sis. Our approach to studying these diseases has been broad, using various method-
ologies that we deemed most appropriate for each specific field of knowledge. For
aortic dissection, we focused on studying the propagation of a tear by characterising
the dissection properties of the vessel at the tissue level using in vitro and in silico
methods. Atherosclerosis was studied at the cellular level, as we investigated the im-
pact of mechanical tangential stress on the permeability of vascular endothelial cells
in the initiation and progression of the disease. Finally, we addressed in-stent resteno-
sis by testing a novel tool to detect and quantify the damage caused by stent struts
to collagen in vessels, which is potentially linked to the development of this disease.
Through these studies, we aim to contribute to a deeper understanding of the com-
plex mechanisms of mechanical damage in vascular diseases, which could eventually
lead to the development of more effective treatment strategies.
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Resumen
Las enfermedades cardiovasculares son la principal causa de muerte a nivel mundial
y su prevalencia sigue aumentando. Estas enfermedades son complejas e involucran
múltiples factores biológicos, químicos y mecánicos. A pesar de los avances signi-
ficativos en la investigación médica y tecnológica, todavía existen lagunas en nuestra
comprensión de los mecanismos que subyacen a la aparición y progresión de estas
enfermedades. En los últimos años, se ha experimentado un progreso significativo en
el conocimiento de estas enfermedades a través del estudio de los factores mecánicos
subyacentes, lo que ha permitido diseñar estrategias de tratamiento más efectivas.

En concreto, el daño mecánico juega un papel crítico en la iniciación y progresión
de muchas enfermedades cardiovasculares, como la disección arterial, la aterosclerosis
y la reestenosis intrastent. Sin embargo, el estudio del daño mecánico en el contexto
de las enfermedades cardiovasculares es aún un reto debido a la naturaleza compleja
y dinámica de las fuerzas mecánicas involucradas. Además, los mecanismos celulares
y moleculares que subyacen en la respuesta al daño mecánico son complejos, están
interconectados e involucran múltiples vías de señalización y retroalimentación. Por
lo tanto, el estudio del papel del daño mecánico en las enfermedades cardiovascu-
lares requiere de un enfoque interdisciplinar que integre la ingeniería, la biología y la
medicina, así como de métodos experimentales y computacionales avanzados.

Esta tesis explora el papel del daño mecánico en la iniciación y el desarrollo de
tres enfermedades vasculares: la disección aórtica, la aterosclerosis y la reestenosis
intrastent. Nuestro enfoque para estudiar estas enfermedades ha sido amplio, y hemos
empleado varias metodologías que consideramos más apropiadas para cada campo
específico. Para la disección aórtica, nos enfocamos en estudiar la propagación de una
delaminación mediante la caracterización de las propiedades de disección del vaso a
nivel tisular, utilizando métodos in vitro e in silico. La aterosclerosis se estudió a
nivel celular, ya que investigamos el impacto la tensión tangencial mecánica sobre la
permeabilidad de las células endoteliales, tanto en la iniciación como en la progresión
de la enfermedad. Finalmente, abordamos la reestenosis intrastent analizando una
nueva herramienta para detectar y cuantificar el daño que causan las varillas del
stent en el colágeno de los vasos, daño que podría estar relacionado con el desarrollo
de esta lesión. A través de estos estudios, nuestro objetivo ha sido contribuir a
una comprensión más profunda de los mecanismos complejos del daño mecánico en
las enfermedades vasculares, lo que podría eventualmente conducir al desarrollo de
estrategias de tratamiento más efectivas.
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CHAPTER1
Introduction

1.1 Cardiovascular diseases

Cardiovascular diseases (CVDs) such as ischemic heart disease, stroke, heart failure
and many others (see Figure 1.1) remain the leading cause of death worldwide [1, 2],
and their incidence is increasing globally [3]. Prevalent cases of CVD have nearly
doubled, from 271 million in 1990 to 523 million in 2019, whereas the number of CVD
deaths have steadily increased from 12.1 million in 1990 to 18.6 million in 2019 [3].
Age-standardised data suggests that this increase is heavily influenced by population
growth and aging [3], leading to the assumption that cases will continue increasing,
especially in areas where the share of older population is projected to double in 2050.
CVDs are, however, not exclusively an “old people problem”, as they were the cause
of 6.2 million deaths occurring between the ages of 30 and 70 in 2019 [3]. CVD burden
and mortality also show regional and national differences, reflecting the disparity not
only in access to healthcare, but in the prevalence of CVD risk factors [4]. Proving
this balance between both causes, middle-income countries show higher mortality due
to CVD than higher- or lower-income countries [1].

Figure 1.1. Proportion of CVD deaths by cause (part of the Central Illustration from
ref. [3]). Ischemic heart disease involves acute myocardial infarction, chronic stable angina,
chronic ischemic heart disease and heart failure. Data from 2019.

Because of their importance, research has long focused on unraveling the causes
or triggers of these diseases. The main metabolic risk factors for developing CVD
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include, in order of relevance, high blood pressure, high LDL (low density lipopro-
tein) cholesterol in blood, obesity in terms of a high body-mass index, hyperglycemia
or high fasting plasma glucose in the blood and kidney dysfunction [3]. To these
metabolic risks, we can also add the main behavioural risks that include a bad diet,
smoking, alcohol abuse and low physical activity [3]. Other environmental risks such
as air pollution are also linked to the development of CVDs [3]. The determination
of these factors comes from extensive studies involving large amounts of subjects and
observing overall numbers, trends and behavioural patterns. Reducing the incidence
of these factors would indeed improve CVD numbers. Another complimentary ap-
proach is to study the mechanisms of the specific diseases, in order to be able to
prevent and treat each one of the severe pathologies. Considering the numbers of
prevalence shown in this section, it is clear that research that focuses in increasing
the understanding of these diseases is paramount [2].

1.1.1 Motivation
In recent years, biomechanics has been a key driver for the investigation of the mech-
anisms of different CVDs [5–9]. Mechanical forces play a crucial role in regulating
vascular physiology and function, and are instrumental in the development of blood
vessels, maintenance of homeostasis, and progression of arterial disease [5]. More
specifically, mechanical damage in different forms leads the development of several
arterial diseases, like atherosclerosis [10], in-stent restenosis [11] or arterial dissec-
tion [12]. Overall, while there is still much to be learned about the precise details of
these mechanisms of damage, the scientific community has made significant progress
in understanding the fundamental principles underlying mechanical damage in the
body. The aim of this thesis is to shed light on the impact of various damage
mechanisms on the aforementioned CVDs. The following sections will provide a
detailed account of the anatomy and physiological mechanical behaviour of arteries,.
Subsequently, the three diseases that are the focus of this study—aortic dissection,
atherosclerosis and in-stent restenosis —will be examined in detail, along with the ap-
proach that we will adopt to enhance our understanding of their underlying damage
mechanisms.

1.2 Anatomy of the cardiovascular system. Focus on
arteries

The cardiovascular system, also known as the circulatory system, is responsible for
circulating blood throughout the body to transport nutrients, oxygen, hormones, and
waste products [13]. The main components of the cardiovascular system are the heart,
blood vessels, and the blood itself [13]. The heart is a muscular organ that pumps
blood to the rest of the body. Blood vessels are the conduits through which blood flows
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and is transported throughout the body. There are three main types of blood vessels:
arteries, veins, and capillaries, see Figure 1.2. Arteries carry oxygenated blood away
from the heart and to all the organs in the body, while veins carry deoxygenated blood
back to the heart. Capillaries are the smallest blood vessels and are responsible for
exchanging nutrients and waste products between the blood and the body’s tissues.
Finally, blood is the conducting medium. It is made up of red blood cells, white blood
cells, platelets, and plasma. These particles are responsible for transporting oxygen,
nutrients, hormones and waste products to the rest of the body, as well as helping to
fight infections [13]. Overall, the anatomy of the cardiovascular system is complex,
but it plays a critical role in maintaining the body’s homeostasis and ensuring that all
of the body’s tissues receive the nutrients and oxygen they need to function properly.
This thesis focuses on the study of various vascular diseases that occur in the arteries,
in particular aortic dissection, atherosclerosis and in-stent restenosis, so more detail
on the anatomy and function of these vessels will follow.

Figure 1.2. Outline of the different components of the circulatory system and their function
[14].

Arteries are blood vessels that carry oxygenated blood away from the heart to
the rest of the body. Their microstructure varies according to location in the body,
age, species, disease, etc. [13]. They can be categorised in two main types, elastic and
muscular arteries [13,15]. Elastic arteries are the largest arteries in the body and have
a high proportion of elastic fibers in their walls. They are responsible for carrying
blood away from the heart and distributing it to smaller vessels. The elasticity of these
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arteries allows them to stretch and recoil in response to changes in blood pressure,
helping to maintain a consistent flow of blood throughout the circulatory system.
They are located close to the heart, with the aorta, common carotid and common
iliac arteries being the main examples of elastic arteries [13,15]. In contrast, muscular
arteries are smaller arteries that contain a higher proportion of smooth muscle cells
in their walls. They are responsible for distributing blood to the various organs and
tissues of the body. Muscular arteries have less elasticity, but their walls can contract
and relax to regulate blood flow to specific areas of the body. Some examples of these
arteries are the coronary, the cerebral, femoral or renal arteries [13, 15]. Figure 1.3
shows the typical histology of a muscular and an elastic artery. Overall, elastic arteries
are designed to handle high-pressure blood flow from the heart and distribute it to the
body, while muscular arteries are designed to regulate blood flow to specific organs
and tissues. In addition, some arteries such as the external carotid arteries show
characteristics of both types and are called transitional arteries [13].

Figure 1.3. Representative histological images of a basilar artery (a and b), which is
classified as muscular, and a common carotid artery (c and d), considered an elastic artery,
from rabbits (Figure 1 from ref. [16]). (a) and (c) show a hematoxylin and eosin stain, where
the nuclei of muscle cells is coloured dark purple and elastin and collagen are coloured pink.
(b) and (d) show Verhoeff’s elastin stain, which colours elastin in black. The difference in
elastin content, which is the main component to give elasticity to the vessels, between both
types of arteries is marked.
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Regardless of type, the walls of all arteries have three distinct layers: the tunica
intima, the tunica media, and the tunica adventitia [13, 15, 17], see Figure 1.4. The
tunica intima or intima is the innermost layer of the artery and is in contact with
the blood that flows through it. Its microstructure is similar in elastic and muscular
arteries. It is composed of a single layer of endothelial cells, which acts as a barrier
between the blood and the surrounding tissues. These endothelial cells rest on a thin
basal membrane, called the basal lamina. This lamina consists mostly of type IV
collagen, some adhesion molecules like laminin and fibronectin, and proteoglycans. It
acts primarily as an adherent substrate where endothelial cells can grow [13]. In some
arteries like the aorta or the coronaries, the intima also contains a subendothelial
layer of connective tissue and axially oriented smooth muscle cells [13]. Overall,
the intima in healthy young individuals is very thin and barely contributes to the
mechanical integrity of the arteries [15]. With age and disease, the intima thickens and
stiffens, increasing its contribution to the mechanical behaviour of the artery [15]. The
tunica media or media is the middle layer of the arteries and is composed of smooth
muscle cells and elastin and collagen fibrils [15, 17]. Vascular smooth muscle cells
tend to be oriented helically, forming a small angle with the circumferential direction.
This preferred orientation allows the vessels to regulate the diameter of the artery,
which controls blood flow and blood pressure in medium and smaller arteries, and to
contribute to the control of the distensibility of bigger and more elastic vessels like
the aorta [13]. Due to its microstructure, the media is the main bear-loading layer in
a physiological environment and shows different fibre packing in elastic and muscular
arteries. In particular, muscle fibres in elastic arteries are separated by fenestrated
elastic laminae, whereas the smooth muscle appears as a compact single layer in
muscular arteries [13,15,17], see Figure 1.3. The tunica adventitia or adventitia is the
outermost layer of the artery and is composed of connective tissue, collagen fibers, and
some elastic fibers. It also contains nerves and the vasa vasorum, a network of small
blood vessels that supply oxygen and nutrients to the outer layers of the vessels [13].
The collagen fibres in the adventitia are more aligned with the longitudinal direction
of the vessels and their wavy configuration serves to reinforce the wall at higher levels
of pressure, limiting acute over-distension and even rupture [13,15]. The internal and
external elastic laminae are fenestrated membranes of elastin that separate the tunica
media from the intima and adventitia, respectively [15,17]. These laminae are thicker
in the muscular arteries [13].

Overall, the anatomy of the arteries allows them to carry blood under high pressure
from the heart to the rest of the body. The muscular and elastic properties of the
artery walls allow them to expand and contract in response to changes in blood flow
and pressure, while the inner layer of endothelial cells provides a smooth surface for
blood to flow through.
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Figure 1.4. Outline of the three layers of an artery—tunica intima, media and adventitia—
and their microconstituents [18].

1.3 Mechanical behaviour of the arteries
The mechanical behaviour of arteries is essential for maintaining healthy blood flow,
preventing vascular damage and ensuring overall cardiovascular health. Dysfunc-
tional mechanical behaviour of arteries can lead to conditions such as hypertension,
atherosclerosis, aneurysms, and other vascular diseases. In this section, we will discuss
the healthy mechanical behaviour of the arteries, linking the macroscopic properties
with the microstructure detailed in Section 1.2. It is important to note beforehand,
however, that arteries have an active and a passive mechanical behaviour [15]. Active
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mechanical behaviour refers to the ability of the smooth muscle cells within the arte-
rial walls to contract or relax, which is known as vasoconstriction and vasodilation,
respectively. This active mechanical behaviour is important for regulating blood flow
and pressure. On the other hand, passive mechanical behaviour refers to the inher-
ent properties of the arterial walls, which include elasticity and compliance. These
passive mechanical properties are important for maintaining blood flow and pressure
throughout the body. In our case, we are interested in the intrinsic mechanical prop-
erties of the vessels and the effect of their microstructure in their mechanical response.
Therefore, we will focus on the arteries’ passive state, excluding their active behaviour
from the scope of this work.

The mechanical properties of the vessels can be studied in vivo [19] and in vitro [20].
Studying them in vivo is ideal as they are subjected to all the actual stimuli that can
affect their behaviour [15]. However, in these conditions, it is not possible to isolate
the effect of one factor in their response, as the physiological environment is extremely
complex, with nerves, hormones and many other factors influencing their behaviour.
In contrast, in vitro studies provide a controlled experimental environment where the
behaviour of arteries can be observed in response to specific stimuli that have been
deliberately separated from other factors, without interference from other variables
that might be present in vivo. In vitro studies can be a powerful tool for understanding
the mechanisms underlying the physiological behaviour of arteries, although they may
not perfectly replicate the in vivo situation.

Many different in vitro tests have been designed to observe and study the me-
chanical properties of vessels in different ways. Uniaxial tensile tests are a simple
and common way that provide basic information of the behaviour of the artery wall.
Although they are not sufficient to evaluate the complete behaviour of vessels, they
provide good isolated information that can be observed in different directions, layers
and vessels. The response in these tests is also widely linked and explained to their
microstructure [21], therefore they are a good way to detail the basic mechanical
behaviour of the arteries. Other common mechanical tests include planar biaxial test-
ing [22–25] or inflation tests [26–29], which are procedures to study the mechanical
properties of the tissue in two directions, see Figure 1.5.

Focusing the attention on the behaviour shown in uniaxial tests, the typical stress-
strain curves show an exponential appearance, see Figure 1.6. The initial slope is
associated with the elastic stretch of the elastin fibres in the vessels. As the wavy
collagen fibres are recruited with further stretching [21], they give rigidity to the
tissue, stiffening the material response in higher levels of strain and giving the curve
the exponential look.

When comparing the mechanical response of the arteries in the main directions
of the vessel, circumferential and longitudinal, we can generally observe the circum-
ferential direction showing higher overall stiffness than the longitudinal one [31, 32].
This is less prevalent in the more elastic parts of the arteries, e.g., in the ascending
and upper descending aorta [33,34] or in the more proximal carotids [31]. This higher
stiffness in the circumferential direction is due to the fact that the main orientation
of the fibers is more aligned with this direction, therefore fibres are recruited faster
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Figure 1.5. Outline of the different tests to study the mechanical properties of vessels (a)
Uniaxial tensile test. (b) Biaxial test. (c) Inflation test (all adapted from Figure 3 from
ref. [30]).

to give rigidity to the tissue. The mechanical response of each layer of the vessels
has also been studied [32–35]. In the more elastic locations of the vessel where the
anisotropy between the longitudinal and circumferential directions is not so predom-
inant, like the upper descending thoracic aorta, the intima and adventitia show a
more isotropic behaviour [33, 34]. It is the media that shows greater stiffness in the
circumferential direction, as its fibers are mostly oriented in this direction. On the
other hand, when moving distally through the aorta, the anisotropy becomes more
prevalent in the whole vessel and in all layers of the vessel [32, 34]. The intima, how-
ever, is the most isotropic layer in all cases. The aorta is one of the most studied
vessels, partly because of its large size and calibre and partly because of its tendency
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Figure 1.6. Typical exponential shape of a stress vs strain curve of an artery. The re-
sponse in the circumferential direction (blue) is commonly stiffer than in the longitudinal
one (red), as the collagen fibres responsible for the stiffening are preferably aligned towards
the circumferential direction.

to develop diseases such as atherosclerosis, aneurysms and dissections. However, the
mechanical response of other arteries has also been studied. Although this general be-
haviour remains, different vessels show different levels of stiffness in their mechanical
response [31,32,34,35].

The mechanical properties of vessels change with age. Large elastic arteries, such
as the aorta, progressively stiffen throughout life. This progressive stiffening is largely
due to changes in their structure, see Section 1.2. For example, it is known that elastic
laminae fragment and break down over time and that the ratio of collagen to elastin
concentration increases in the ageing aorta. In addition, with hypertension there is
a thickening of the vessel wall. This change in vessel structure leads to significant
changes in the elastic and viscoelastic properties of the vessel [22, 26,36].

To sum up, the mechanical behaviour of the arteries in the circumferential and
longitudinal directions has been broadly studied and the tendencies here described are
widely accepted. However, the contribution of the radial component in the mechanical
behaviour of arteries has been overlooked as it was assumed to not have an impactful
effect. Although the stresses that appear in the radial direction are relatively small
compared to the other two directions, they have a distinguishing characteristic, as the
radial stress is compressive in contrast with the tensile of the other two directions [37].
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1.4 Aortic dissection

Arterial dissection is a vascular pathology that occurs in the main vessels of the
cardiovascular system, namely, the aorta, the carotid arteries and the coronary ar-
teries [38]. This pathology is characterised by the propagation of a tear throughout
the walls of a vessel [38, 39]. Due to this propagation, a false lumen can be created,
which could imply a narrowing or even a collapse of the actual lumen [40], combined
with the potential formation of blood clots, that could occlude more distal vessels.
The dissection can also propagate further and reach the adventitial layer, where it
can cause the rupture of the vessel with an often fatal outcome [38, 39, 41, 42]. In
particular, acute aortic dissection involving the ascending part of the aorta has an
in-hospital mortality of up to 50% in the first hours [43–45].

Although the specific initial cause is still unknown, two mechanisms have been
suggested as triggering factors and are widely accepted: i) a tear in the intimal layer
of the vessel wall, which can happen spontaneously, in an already damaged intima, or
provoked by external trauma, e.g., in medical interventions and ii) the rupture of the
vasa vasorum, causing a weakening of the vessel wall and an intramural haematoma
that can progress through the wall [39], see Figure 1.7. Depending on the location and
comorbidities, one of these two explanations has been found to be prevalent. For ex-
ample, a study of 505 cases of dissected aneurysms in the aorta determined that there
were signs of an initial intimal tear in 96% of cases [46], whereas spontaneous coronary
artery dissection is characterised by the presence of an intramural haematoma [47].
The risk factors associated with the weakening or damaging of the intima so far are
age, hypertension, smoking and congenital and genetic disorders, like bicuspid aortic
valve syndrome or Marfan syndrome, among others [39, 48–50]. Nevertheless, cur-
rent investigation of arterial dissection has focused on its propagation instead of its
initiation, as patients arise once the pathology has started [51].

Dissection in the aorta in particular can happen throughout the entire vessel
and, depending on the area in which it occurs, the outcome is frequently different
[44,45]. In fact, the current classifications of aortic dissections, the Stanford and the
DeBakey Classification [52, 53], sort the dissections only considering the location of
the aorta in which they appear, see Figure 1.8. Stanford type A dissections involve
the ascending aorta, whereas Stanford type B dissections do not [40]. Similarly,
the DeBakey Classification differentiates between dissections that involve (DeBakey
types I and II) or do not involve (DeBakey type III) the ascending aorta. In those
involving the ascending part, the DeBakey Classification also distinguishes between
the dissections that propagate throughout the descending part of the aorta (type I)
or those confined in the ascending part (type II) [53]. These classifications serve
as a first determination of the diagnosis and the risks associated with the pathology.
When comparing both classifications, we can observe that Stanford type A dissections
involve DeBakey types I and II. As this initial classification can influence the first
stages of treatment, the significance of differentiating the dissections in the ascending
aorta using the DeBakey Classification has been emphasised [54].
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Figure 1.7. Aortic dissection and the two triggering mechanisms that have been observed
(Figure 1 from ref. [39]). (a) shows the initiation of the dissection due to an intimal tear,
whereas (b) shows the presence of an intramural haematoma as first step to develop a
dissection.

Focusing on the different outcomes among locations, dissections that appear in
the ascending part of the aorta, which account for around 60-70% of the cases [43,48,
55, 56], tend to need surgical intervention due to their severity, as they can involve
failure in other surrounding vessels (like the coronary arteries). On the other hand,
dissections occurring in the descending thoracic or the abdominal aorta are more
commonly medically treated as they are most likely to turn chronic, but they can
also need endovascular intervention [39, 48]. It is, therefore, a pathology that highly
depends on location.

In vitro-in silico evaluation of the dissection properties of the aorta As
discussed above, the mechanisms of arterial dissection are still to be understood.
Whereas the initiation of the dissection can be affected by biological cues, the propa-
gation of the tear is mostly a mechanical phenomenon. This thesis aims to enhance
our understanding of the propagation by examining its mechanics, providing valuable
insights into this damage phenomenon. To do so, we have defined a methodology to
establish the dissection properties of the aorta and have studied them throughout
the entire vessel, the different layers and the main directions. Dissection properties
of arteries are frequently studied experimentally via delamination tests, such as the
T-peel test [57] and the mixed-mode peel test [58]. So far, a study that performs both
tests throughout different regions of the aorta, as well as dissecting several interfaces,
is missing. This makes it difficult to extract conclusions in terms of vessel hetero-
geneity, as a standardised experimental procedure cannot be assured for different
studies in literature [50]. Therefore, we will perform both dissection tests on healthy
porcine aortas, dissecting three interfaces of the vessels, i.e., the intima-media (IM),
the media-adventitia (MA) and the media (M) within itself, considering different re-
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Figure 1.8. Stanford and DeBakey classifications (Figure 1 from ref. [53]). The image on
the left depicts a dissection that is restricted to the ascending aorta, while the image in the
center shows a dissection that is limited to the descending portion. On the right, there is
an aortic dissection that involves both the ascending and descending segments of the aorta.

gions of the aorta, the ascending thoracic aorta (ATA), the descending thoracic aorta
(DTA) and the infrarenal abdominal aorta (IAA).

The experimental tests will be subsequently modelled with cohesive zone models
(CZMs) and the experimental values reproduced by fitting the dissection properties
of the strips. These properties can be observed and compared to obtain conclusions
regarding material behaviour and can also subsequently be used in computational
models that reproduce arterial dissection, giving further understanding into the mech-
anisms of the disease. For these purposes, proper characterisation of biological tissue
is key to understanding the effect of the biomechanical environment in the pathology.
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1.5 Atherosclerosis

Nowadays, atherosclerosis is the principal etiology of CVDs [9] and therefore is the
major cause of mortality worldwide [3, 59]. Despite its incidence, its mechanism is
still not fully understood [9,59]. This pathology consists in the progressive narrowing
of blood vessels due to the deposition of an atheroma plaque in the vessel walls. The
biggest risk of the formation of the plaque is that, under certain conditions, it can
break and unleash a blood clot. This clot, also called thrombus, can travel throughout
the circulatory system and finally occlude a smaller vessel, as can be seen in Figure 1.9.
Especially if this occlusion happens in the heart (myocardial infarction) or the brain
(stroke), the consequences can be fatal.

Figure 1.9. Possible outcomes of an atheroma plaque. Blood clots can result from the
rupture of an atheroma plaque and may obstruct blood flow in vital vessels. This can lead
to a myocardial infarction (on the left) [60] or a stroke (on the right) [61].

The process of atherosclerosis is quite complex and involves many biochemical and
cellular mechanisms. Atherosclerosis commences with a dysfunctional endothelium.
Toxins, mechanical damage or diabetes are some of the factors hypothesised to trigger
this dysfunction. The damaged endothelium shows an increase in its permeability and
consequently allows the leakage of macromolecules like low density lipoprotein (LDL)
into the vessel wall [59, 62]. These molecules accumulate in the tunica intima. The
damage also triggers the inflammatory response cascade, involving the recruitment of
monocytes. Inside the endothelium, LDL oxidises, since it is no longer in the presence
of the antioxidants in blood [59]. The oxidation of LDL inside the wall provokes
endothelial cells (ECs) to express some adhesion molecules and release cytokines [62].
The cytokines act as signaling cues that further increase the immune response, that is,
the recruitment of monocytes. These monocytes, helped by the adhesion molecules,
enter the vessel wall to eliminate the alteration—the oxidised LDL (ox-LDL). They
differentiate into macrophages and start ingesting the ox-LDL via phagocytosis [59].
The receptors of these immune cells do not receive any down-regulating signals and
continue accumulating lipid until they transform into foam cells [9].
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Meanwhile, the muscle cells from the medial layer, with a healthy contractile phe-
notype, are altered because of the presence of ox-LDL. They change their phenotype
and become synthetic smooth muscle cells (SMCs), with no contractile function, and
migrate from the medial to the intimal layer [59]. There, they surround the foam
cells, generate an accumulation of extracellular matrix (mostly collagen) and form a
fibrotic cap around the lipid core. The graphical scheme of the process is shown in
Figure 1.10. This accumulation is the atheroma plaque, and as it increases, it will
damage the vessel wall with more severity and enter its lumen.

Figure 1.10. Process of formation of the atheroma plaque (Figure 1 from ref. [62]). A blood
vessel functions properly in homeostasis (A). When some factors provoke a dysfunction in
the endothelium, its permeability is increased, and molecules in blood flow (like LDL) enter
the vessel wall (B). The presence of these molecules generates a recruitment of monocytes
(C), that differentiate into macrophages inside the wall (D) and start digesting ox-LDL (E).
When macrophages uptake too much lipid, they transform into foam cells (F), and stay inside
the endothelium (G). The presence of these foam cells provokes a change in the phenotype
of the muscle cells in the medial layer. They transform into smooth muscle cells and move
to the intimal layer, where they surround the foam cells and generate collagen, stabilising
the forming plaque (H).

Several factors have been studied and some are currently acknowledged to influ-
ence the apparition of the disease, like dyslipidemia or the increased presence of LDL
in blood. Factors such as these are systemic, that is, they affect the whole circulatory
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system equally. However, atherosclerosis most frequently appears in specific locations,
such as the carotid bifurcation, the coronary arteries, the infrarrenal abdominal aorta
and the popliteal arteries [9]. What these sites have in common is that they involve
bifurcations and areas where blood flow is disrupted or altered. For this reason, cur-
rent research is focused on the haemodynamics and biomechanics that trigger this
disease.

The changes in blood flow that occur at these specific sites have been strongly
associated with alterations in the permeability of the endothelium [63–66]. Under
conditions of disturbed flow, such as those seen in areas of branching or curvature,
endothelial cells (ECs) undergo a series of changes in their shape and function that can
contribute to the development of atherosclerosis. By studying these changes at the
cellular level, we can gain insights into the mechanisms that trigger the development
and progression of this disease, which may lead to the development of new therapeutic
strategies to prevent or treat atherosclerosis.

Studying the damage in the endothelium that can trigger the development
of atherosclerosis In this thesis, we will focus the study of atherosclerosis on the
mechanical factors that can cause the initiation of the disease at the cellular level,
that is, the process of damage in the endothelium. In particular, we will study the
effect of different flow rates on the permeability of the endothelial layer. We will
do so by designing and setting up a flow experiment where ECs will be cultured to
create a confluent monolayer and be subsequently subjected to different flow rates.
The integrity and permeability of the monolayer will be studied by analysing the
morphology of the ECs as a response to flow. This line of work is already being
investigated in literature, with some correlations found between flow patterns and
EC morphology. Nevertheless, the novelty of our research lies in following the same
protocol to perform different ranges of flow and in objectively quantifying the cellular
response in each case. Due to our mechanical background, we are also interested
in the effect, both combined and uncoupled, of other mechanical stimuli that the
endothelium is subjected to in vivo. A full study of other stimuli is out of the scope
of this part of the thesis. However, we will also work on the first steps to initiate this
future line of research by designing a flow device capable of reproducing physiological
and pathological strain patterns in the monolayer of ECs.

1.6 In-stent restenosis

Stenosis is the narrowing or blockage of arteries that reduces blood flow. The possible
causes of this blockage are varied and severe. Atherosclerosis (see Section 1.5) is the
most common cause of stenosis in arteries, but there can be other causes including
congenital abnormalities like aortic coarctation, which is a constriction in the aorta
(see Figure 1.11), inflammation or trauma, among others. The choice of treatment
of stenosis depends on various factors such as the location, severity and underlying
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cause, as well as the overall health of the patient. Nevertheless, stent implantation
is typically considered the primary treatment option for both coronary artery disease
and aortic coarctation [67–71].

Figure 1.11. Schematic of an aortic coarctation, which is generally a congenital defect.
This pathology forces the heart to pump harder to move blood through the aorta [72].

Stent implantation or stenting consists in the deployment of a metallic mesh
or stent that reopens the vessel maintaining its integrity [73, 74], see Figure 1.12.
Bare metal stents (BMS) were introduced to clinical practice in 1987 [75], and by
1998, BMS implantation accounted for nearly 70% of coronary interventions [76].
Since their inception, the primary complications associated with coronary stent place-
ment have been stent thrombosis and in-stent restenosis. Stent thrombosis is a life-
threatening condition that results in the blockage of the stent by thrombus. On the
other hand, in-stent restenosis is the most common complication associated with coro-
nary stent placement, which can be influenced by various factors such as the patient,
lesion morphology or stent design [77]. In-stent restenosis consists in the proliferation
of neointimal tissue over the deployed stent [78–81], which can cause a subsequent
narrowing, see Figure 1.12. Despite the significant number of stents implanted in
patients over the past decades, there have been relatively few pathological studies
conducted to examine the behaviour of these devices after implantation [77], and
the mechanisms triggering this complex process are still not fully understood. To
mitigate the risk of restenosis, drug-eluting stents (DES) have been developed and
are now frequently employed in clinical practice [82–84]. However, despite the use
of these stents, the occurrence of restenosis cannot be considered negligible [84–86].
The clinical incidence of in-stent restenosis after BMS implantation is approximately
20%–35%, whereas the use of DES has led to a further decrease in the occurrence
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to 1%–20% [69, 77, 85, 87, 88], though the extent of the observed reduction is heavily
dependent on the angiographic and clinical characteristics of their use [69].

Figure 1.12. Process of a stent implantation and development of in-stent restenosis. A
catheter with the balloon and stent is threaded through the blood vessels to the site of the
blockage. Once it reaches the area, the balloon is dilated, expanding the stent with it. The
balloon is subsequently deflated and removed, leaving the stent deployed and opening the
vessel. After some time, tissue can grow over the stent, re-blocking the vessel (Figure 3 from
ref. [89]).

Deployment of a stent can cause arteries to undergo excessive stretching and inden-
tation injury to the areas that come into contact with the stent struts. Arterial injury
after stenting has been experimentally shown to correlate strongly with neointimal
hyperplasia [68, 90, 91], and this damage is widely agreed to be the cause of in-stent
restenosis [73,92–94]. The development of neointimal hyperplasia is the result of the
combined effect of smooth muscle cell migration and proliferation, which is initiated
by complex signaling cascades in response to stimuli originating from both within and
outside of the vessel wall [95]. However, despite the progress made in understanding
the molecular mechanisms that underlie neointimal hyperplasia, the specific triggers
that initiate this process after stenting are still not fully understood.

On the quantification of the damage caused by stenting in arteries Our
aim with this study is to elucidate the underlying mechanisms that lead to in-stent
restenosis and to explore how the damage caused by the stent in the vessel can be
accurately detected, quantified and ultimately reduced. In order to achieve this, we
will use a novel tool called collagen hybridizing peptide (CHP), which has demon-
strated the ability to bind to areas of arterial damage where collagen is present [96].
Provided that the damage that stents cause in vessels affects their collagen, CHP
should be able to mark these injured sites. Quantifying stent-induced damage would
significantly impact stent design, allowing the development of patient specific stents
that reduced the risk of developing in-stent restenosis [94,97–101]. Moreover, it would
bring light to the understanding of the mechanisms of damage after stenting.

1.7 Structure of the thesis
This doctoral thesis aims to investigate various mechanisms of arterial damage from
multiple perspectives. To achieve this objective, the thesis will be structured into
independent chapters, each dedicated to a specific pathology and area of knowledge.
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Each chapter will begin with a comprehensive literature review of the current state
of research regarding the study of the damage mechanisms of the specific disease, fol-
lowed by our objective and an outline of the research questions that will be addressed
with our study. The research will be fully developed, presenting the methodology and
results obtained. The concluding section of each chapter will summarise the key find-
ings and highlight the contributions made to the field. In the final section of the thesis,
we will present general conclusions based on the major findings and contributions of
the research, and discuss potential future directions for further investigations. This
structure will enable readers to easily navigate the thesis and gain a comprehensive
understanding of the research presented.

In addition, the thesis will feature two appendices that provide supplementary
information to support the research presented. The first appendix will provide an
overview of the basics of continuum mechanics and its application to the modelling
of vessels, providing context for the research. The second appendix will detail an
experimental study that we have conducted to investigate the mechanical properties
of vessels in the radial direction, an area that has been under-studied in the field (see
Section 1.3). These appendices will serve to enhance the reader’s understanding of
the research and provide additional context for the findings presented.



CHAPTER2
Damage caused by

dissection
In this chapter, the arterial damage in vessels caused by the propagation of a dissection
will be studied in terms of material characterisation. The dissection properties of the
vessels are still under investigation due to the complexity to extract conclusions of this
behaviour with experimental tests. This is why we will combine such experimental
tests with computational models to fully characterise the dissection behaviour of
the aorta. A proper characterisation of the dissection properties can deepen the
understanding of this disease and shed light on the progression of tears in vivo. In
particular, two different peel tests have been performed on porcine aortas, considering
different locations of the vessel, different delamination interfaces and directions. All
these conditions have been performed in order to give a more complete understanding
of the delamination behaviour of the aorta. Subsequently, the experiments have been
computationally replicated and the dissection properties of the tissue obtained by
fitting the computational results with the experimental data.

The experimental part of this work has been published in Biomechanics and Mod-
eling in Mechanobiology [102], and part of the computational work has also been
published in Mathematics [103].

2.1 State of the art

Arterial dissection is a complex process that entails damage propagation. Our under-
standing of the mechanics involved in arterial dissection is still limited, and there is
a scarcity of quantified biomechanical data available on this topic [38]. Characteris-
ing dissection properties of vessels can shed light on the underlying mechanisms of
the propagation of a tear in the tissue. While some in vitro dissection experiments
have been conducted to investigate this behaviour, there has been relatively little fo-
cus on integrating these experiments with computational models in order to enhance
the understanding of the experimental results. In this section, the experimental and
computational studies on the mechanics of arterial dissection are discussed.
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2.1.1 Experimental work
Several experimental methodologies have been developed so far to improve the un-
derstanding of the dissection and fracture behaviour of the vessels. Tensile tests and
the determination of the ultimate tensile strength of the vessel wall in the two main
directions—longitudinal and circumferential—had been used as a way of analysing
failure properties of the vessels [104–109]. It was reported that aortas exhibit signifi-
cantly higher ultimate stress in the circumferential direction than in the longitudinal
direction [104–109]. Angouras et al. [104] observed that this failure stress, which is
linked to the risk of vessel rupture, did not change with age. Additionally, Mohan
and Melvin [106] found that dynamic loading increased almost two-fold the ultimate
stress compared to quasi-static stretching. Purslow [108] observed that ultimate stress
increased distally in different portions of porcine DTA. Peña et al. [107] observed a
similar trend, where ultimate stress increased from the DTA to the IAA, and they
could determine that this increase happened mainly due to the adventitia, as they
performed failure tests of the individual layers of the aorta. Supporting this finding,
Manopoulos et al. [105] found a significant difference between the failure stress of the
intima-inner media and the outer media-adventitia, with the latter bearing notably
higher ultimate stresses in human ATAs. While this test informs about the mechan-
ical behaviour of arteries leading up to failure, it does not yield any insight into the
mechanics involved in the propagation of a tear, which is the mechanism of arterial
dissection.

Therefore, centering the focus on dissection, delamination tests were introduced
for vascular tissue as a way of reproducing the propagation of a tear in vitro. In
particular, a T-peel test, which involves a mode I of fracture, was proposed by Sommer
et al. [57]. This test consists in the progressive separation of the layers of a specimen
by normally pulling from the flaps of two layers, see Figure 2.1.a. In addition, a
mixed-mode peel test was developed as a more physiological way of dissecting two
layers, as it involves a mixed mode of fracture, more similar to the real scenario
[58]. In this case, the layers are dissected by pulling from one flap in parallel to
the plane of dissection, see Figure 2.1.b. Both peel tests are described in detail in
Section 2.2.2. Additionally, Witzenburg et al. [110] conducted shear lap experiments
on porcine aorta to investigate its shear properties. This was motivated by previous
findings suggesting that stresses near an advancing dissection in the aorta comprise
not only radial tension but also transmural shear [111]. More recently, FitzGibbon
and McGarry [112] developed a dissection test to study tissue response to mode II
fracture, a relevant mechanism in the in vivo conditions of the propagation of arterial
dissection.

Several dissection studies have based their investigations in the first two peeling
tests—the T- and mixed-mode peel tests—mostly on the aorta [57, 58, 104, 110, 113–
121], but also in the carotid and coronary arteries [122,123]. Regardless of the vessel,
it has been observed that the delamination in the circumferential direction requires
less force than in the longitudinal direction, although this trend often fails to reach
statistical significance [57, 110,113–122]. This effect of vessel anisotropy is suggested
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Figure 2.1. (a) Schematic and image of a T-peel test (Figure 6 from ref. [57]). (b) Image
of a mixed-mode peel test (Figure 3 from ref. [58]).

to arise as the propagation of a tear in the circumferential direction happens between
lamellar layers of muscle and connective tissue, whereas a tear propagated in the
longitudinal direction has to break throughout the fibres [57, 122]. Unlike failure
stress, dissection force decreases with age, which suggests that arterial dissection
becomes easier as individuals get older [104, 113, 119]. Regarding gender differences,
Sokolis and Papadodima [119] did not observe any variations, despite the fact that
aortic dissections are more prevalent in men [124,125] and the outcome of the disease
is usually worse for women [124–126]. Therefore, it can be suggested that the inferior
prognosis in women results from their different clinical features, which may lead to a
delayed diagnosis after symptom onset [126].

So far, these dissection studies in the aorta have commonly focused on one spe-
cific location of the vessel [57, 58, 108, 117, 121] and have dissected either the medial
layer within itself [113,116,119] or the two main interfaces (intima-media and media-
adventitia) [114,115], not finding noteworthy differences. Some studies have compared
between healthy and diseased conditions in which dissection is likely to occur, like
atherosclerosis [114,115] or aneurysms [104,118]. Especially in aneurysms, it has been
found that the resistance to dissection diminishes in the affected tissue [104,118]. Re-
cently, Horný et al. [113] and Sokolis and Papadodima [119] evaluated the dissection
behaviour of the human aorta considering the different locations throughout the ves-
sel, only within the medial layer, and observed that diseccion force decreased when
moving distally in the aorta.

However, the number of studies is still low and the conditions in each work some-
times vary, therefore the variation in the results is rather large and comparing data
across different groups can be challenging [50]. To our knowledge, no study has re-
ported yet the dissection behaviour through different locations of the aorta in both
directions and between all interfaces, nor performing both dissection tests. Consider-
ing the contrasting progression and outcome of this disease in the different locations
of the aorta, it is of great interest to perform such dissection study, and one of the
objectives of this section of the thesis will be to achieve this goal.



22 2 Damage caused by dissection

2.1.2 Computational work

The development of computational models that reproduce experimental testing can
greatly assist in the interpretation of results, as the models can enhance the under-
standing of the underlying phenomena. The reliability of experimental data and
the validity of the models themselves are both critical to the value of this approach.
Therefore, the computational work involved in defining the delamination tests that is
going to be discussed in this section was mostly conducted by the same groups that
carried out the experimental tests (described in Section 2.1.1). These groups possess
the most comprehensive data and understanding of their experiments, and thus they
were best suited to replicate their results using computational methods.

Some studies have analysed the behaviour of arterial tissue under mode I delami-
nation [12,58,127] or mixed-mode along the medial layer [58], but none has compared
the contributions of these two failure modes to the process of delamination of the layer
interfaces. In these cases, a cohesive zone formulation has been used to model the
propagation of tissue crack. Gasser and Holzapfel [127] used a cohesion law within the
extended finite element (FE) method to simulate the controlled peeling experiments
by Sommer et al. [57]. Subsequently, Ferrara and Pandolfi [12] applied an anisotropic
cohesion law to reproduce the anisotropic behaviour observed in the peeling tests. No-
ble et al. [128] computationally investigated arterial perforation or dissection by an
external body. Leng et al. [58] used a CZM to simulate the arterial wall delamination
under shear mode dominated failure and the opening T-shaped delamination modes.
FitzGibbon and McGarry [112] calibrated the mode II fracture energy based on mea-
surements of crack propagation rates by a CZM. Additionally, some microstructure-
based models of healthy [110] or aneurysmal ascending aorta [129, 130] have also
been developed to further characterise and understand the pathological process. As
a novel approach, Yu et al. [131] developed a computational model to reproduce the
avalanche-like behaviour that occurs in the propagation of aortic dissections by indi-
vidually modelling discrete interlamellar collagen fibres. Their results evidence that
this avalanche behaviour comes from the local buildup of strain energy followed by a
cascade of mechanical failures in the collagen fibres, that results in force drops in the
propagation of the dissection (as will be observed more thoroughly in Section 2.2.5
and in the experimental results of this study). In spite of these computational studies,
a methodology to combine T- and mixed-mode peel tests with CZMs in order to fit
the normal and mixed delamination properties of different interfaces has not been
presented yet in the literature.

2.1.3 Objectives of the study

Aortic dissections present different outcomes and severity depending on their location.
Therefore, one key to understanding this disease comes from the study of the dissec-
tion properties of the artery and the variations throughout the vessel. This study
aims to conduct peeling tests on various interfaces and locations of the aorta and es-
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tablish a reliable methodology to derive dissection properties from the experimental
results. To do so, entire porcine aortas, including the ATA, the DTA and the IAA
have been harvested and peel tests performed to evaluate the dissection properties of
three interfaces: the intima-media (IM), the media-adventitia (MA) and the media
(M) within itself, in both vessel directions, longitudinal and circumferential, see Fig-
ure 2.2. Two different tests, the T- and mixed-mode peel tests, have been performed
for each condition, and the experimental results are presented in terms of mean peel-
ing force per width, dissection energy per reference area and separation distance at
damage initiation.

Figure 2.2. Outline of the different locations, directions and interfaces in the aorta that
have been experimentally tested in this study.

Computational models of these two experimental tests have been subsequently
performed in order to propose a methodology to calibrate the dissection properties of
the porcine aorta, by fitting the experimental and computational results. With these
properties, further computational models of the process of arterial dissection can be
developed as a tool to help understand the underlying mechanisms of such a complex
pathology.
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2.1.4 Research question posed
• Do the dissection properties of the aorta depend on the location in the vessel?

• What interfaces are easier to propagate a tear?

• What are the dissection properties of the porcine aorta?

• Can we propose a methodology to obtain the dissection properties from the
experimental data of the peel tests?

• Which FE approach is most suitable for developing a CZM that accurately
replicates these experiments?

2.2 Experimental methodology

2.2.1 Origin and pre-processing of samples
For the experimental part of this study, a total of 9 healthy porcine aortas were
harvested postmortem from female pigs. The swines were 3.5±0.45 months old and
weighed 45±5 kg. They had been sacrificed for different studies that do not interfere
with the aorta or the circulatory system, therefore no animal was killed specifically
for these experiments. The experiments were approved by the Ethical Committee
for Animal Research of the University of Zaragoza, with code PI36/20, and all proce-
dures were carried out in accordance with the “Principles of Laboratory Animal Care”
(86/609/EEC Norm). The animals were sacrificed under general anaesthesia through
an intravenous injection of potassium chloride and sodium thiopental, and the aortas
were harvested by skilled veterinarians. All 9 vessels were complete, including the
three zones of study: ATA, DTA and IAA, except for 2 arteries, in which the portion
of the IAA was missing. Once harvested, the whole arteries were kept frozen at -80
°C to assure a proper preservation, and thawed 24 hours before the tests at 4 °C. The
specimens were cut in rectangular shapes of a dimension of 20 x 5 mm, approximately.
The width, height and thickness of the specimens were subsequently measured. Ta-
ble 2.1 shows the mean thickness of the samples according to location. Until testing,
the rectangular samples were kept in ion-free physiological saline solution (PSS, 0.9
% NaCl) at 4 °C. All experiments were performed within 48 hours after the defrosting
of the samples.

2.2.2 Experimental procedure

2.2.2.1 Sample preparation

In each location of the artery, a total of 12 specimens were obtained per porcine, 6
strips destined to each peel test. In these sets of 6 samples, there is one specimen
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Table 2.1. Thickness of the specimens as function of location in the aorta.

Location Thickness (mm)
ATA 2.17 ± 0.54 (n=108)
DTA 1.99 ± 0.46 (n=105)
IAA 1.12 ± 0.23 (n=78)

for each separation layer, i.e., IM, MA and M, all in both directions, circumferential
and longitudinal, see Figure 2.3. An initial incision of around 5 mm in length was
performed in order to assure that the separation occurred between the layers of in-
terest. In case the initial incision was faulty or the dissection test was not successful,
some extra specimens were cut to help complete the set where possible. With these
conditions, and accounting for the aortas with no IAA, a minimum of 300 tests were
conducted. The number of actual tests performed was higher due to the need to
repeat some unsuccessful tests. After all tests and subsequent processing, a total of
291 tests were considered successful.

2.2.2.2 Peel tests

In the T-peel test, the two tongues of the specimen were gripped by two moving
clamps. These clamps moved in opposite directions at a speed of 1 mm/min each,
which entailed a total testing speed of 2 mm/min, separating the layers of the spec-
imen in the direction normal to the interface plane. The test ended after 20 mm of
separation or the complete dissection of the sample. An outline of the T-peel test is
shown in Figure 2.4.a.

In the mixed-mode peel test, one side of the sample was glued to a clamp plate
and completely fixed. This was always the intimal side as its surface is softer and
allows for a better attachment. Therefore, it is only one flap that was gripped by
a moving clamp, which moved at a speed of 1 mm/min in the parallel direction of
the specimen, see Figure 2.4.b. Both speeds are low enough to assume a quasi-static
state.

The T-peel and mixed-mode peel tests were carried out in the Instron BioPuls™
low-force planar-biaxial Testing System and the high precision drive Instron Mi-
crotester 5548 system adapted for biological specimens, respectively. Load cells of
10 N were used (Instron 2530-428), with an accuracy of 2.5 mN and a displacement
resolution of 0.015 mm. The experiments were performed at room temperature and
samples were either submerged or humidified with PSS to assure proper hydration
throughout the experiments.
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Figure 2.3. Outline of the distribution of samples obtained per location, the DTA in this
case (circled in dark green). 12 rectangular samples are divided into two sets of 6, one
for each peel test. These 6 samples per test account for the separation of the three main
interfaces, depicted by the dashed light green lines (IM, MA and M) in both directions,
circumferential and longitudinal.

2.2.3 Histology

After the peel tests, histologies were performed in the dissected tissue with two in-
tentions: i) to check that the separation occurred between the layers of interest and
ii) to examine the dissection interfaces. To do so, prepared samples were processed
in the histological laboratory, in particular, in Servicios Científico Técnicos del CIBA
(IACS-Universidad de Zaragoza). They were washed with PSS at room temperature,
subsequently fixed in 10% buffered formalin and embedded in paraffin following stan-
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Figure 2.4. Experimental setup and descriptive outline of the experimental tests. (a) shows
the dissection of a sample by means of the T-peel test in the Instron BioPuls™ low-force
planar-biaxial Testing System. (b) shows the dissection via the mixed-mode peel test in the
high precision drive Instron Microtester 5548 system.

dard procedures. The histology blocks were sectioned at 5 µm and stained with four
different stains: haematoxylin and eosin (H&E), Masson’s trichrome, orcein and pi-
crosirius red. The information provided by observing the tissue with each of these
stains is different and complementary:

• H&E stains cell nuclei in dark purple and cytoplasm and connective tissue—
collagen and elastin—in pink. With this stain, the overall structure of the
vessel can be observed, with a special focus on the orientation of the fibres and
muscular cells.

• Masson’s trichrome stains cell nuclei in dark purple, muscle fibres in red and
connective tissue—collagen and elastin—in light green or light blue. This stain
also allows to check the microstructure of the vessel, increasing the information
regarding the muscle fibres.

• Orcein stains elastic fibres (elastin) exclusively in brown.

• Picrosirius red stains collagen fibres and enhances their birefringence, allowing
to study their orientation with polarised light microscopy.

2.2.4 Mean peeling force/width, dissection energy and
separation distance at damage initiation

The force vs displacement curves were extracted from the experimental peel tests.
The data was later processed and the values of force were divided by the width of
the specimen to avoid the effect of this dimension in the results. Mean force/width
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and standard deviation of the tests was calculated throughout the separation of the
specimens.

The dissection energy or critical energy release rate (Gc) for both peel tests was
calculated following the proposed method by Sommer et al. [57]. Briefly, the dissection
energy per reference area is the difference between the external work, Wext, and the
internal elastic energy, Welas:

Gc = (Wext − Welas)/L. (2.1)

L is the initial length of the interface to be dissected, as shown in Figure 2.5.a and
Figure 2.5.b. The external work is defined by

Wext = 2Fl (2.2)

in the T-peel test, and by
Wext = F (L + l) (2.3)

in the mixed-mode peel test, where F is the force applied to dissect the specimen per
reference width and l is the length of the dissected specimen right before complete
separation, see Figure 2.5.a and Figure 2.5.b. Assuming a linear relationship between
the first Piola–Kirchhoff stress and the related stretch [57,116], the elastic energy can
be defined as

Welas = F (l − L). (2.4)
The separation distance at damage initiation (δ0) is obtained from the experi-

mental curves following the approximation proposed by Wang et al. [121]. The dis-
placement increments (∆d) associated with upward slopes of the force-displacement
curves (not including the initial elastic part) are extracted, as shown in Figure 2.5.c,
excluding those lower than the tolerance of the load cell (2.5 mN). The median value
of these displacements per condition is considered the separation distance at damage
initiation of the dissection, δ0 = median(∆d).

2.2.5 Statistical analysis
Normal distribution of the data was checked using Shapiro-Wilk test [132]. The
significant difference among the response to dissection for each condition was studied
by means of an independent one-tailed t-test. In cases of non-normal distribution,
the Mann-Whitney test was used as comparison method. p < 0.05 was established
to indicate statistical significance. All data processing was performed with Matlab
R2020a.

2.3 Experimental results
For both types of tests, the results are displayed in plots that collect the force/width
vs interface separation curves of all the samples per condition, as well as the average
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Figure 2.5. Outline of the considered dimensions to calculate the dissection energy in the
T-peel test (a) and mixed-mode peel test (b). (c) shows an example of the obtention of
displacement increments ∆d in the force/width curves.

force/width throughout this separation. Moreover, mean and standard deviations of
the dissection force/width and energy are shown in respective tables and bar charts.

In all specimens, the experiment starts with an elastic deformation of the tongues,
with no separation yet of the layers, as can be seen in Figure 2.5.c. This phenomenon
translates into a non-linear upward slope at the beginning of the force/width vs
displacement curves. Once the specimens start to dissect, the force reaches a plateau
phase, which accounts for the dissection force of that specimen. This plateau force is
not constant, but shows an irregular stability that is produced by the phenomenon of
stick-slip tearing [118]. This is the relevant information for this study and the part
of the curves that will be displayed.
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2.3.1 T-peel test

Figure 2.6 shows the force/width vs interface separation curves of all the specimens in
the T-peel test throughout the entire separation. Table 2.2 and Figure 2.7.a detail the
averaged force/width and standard deviation of each experiment, whereas Table 2.3
and Figure 2.7.b show the dissection energy per reference area. The results are
displayed per location—ATA, DTA or IAA—orientation of the sample—longitudinal
(L) or circumferential (C)—and per dissected interface—IM, MA or M. In terms of
location, force/width and dissection energy are consistently higher for the ATA than
for the other regions of the aorta. In terms of anisotropy, higher values of force/width
and dissection energy in the peeling of samples in the longitudinal direction of the
vessels can be observed in the ATA for the separation of the IM and MA, but not in the
separation within the media. As for the differences among interfaces, IM separation
tends to require less force/width and energy in all locations, and especially in the
longitudinal direction in the DTA and IAA.

Table 2.2. Average force/width ± SD (mN/mm) of the T-peel tests. IM stands for intima-
media, MA for media-adventitia and M for media. C and L are the circumferential and
longitudinal directions, respectively. The number of samples per condition is also included.

Fm
IM MA M

C L C L C L

ATA 58.72 ± 24.21
(n=9)

65.76 ± 21.67
(n=8)

69.27 ± 34.84
(n=8)

77.79 ± 24.15
(n=8)

62.18 ± 22.78
(n=8)

64.46 ± 29.01
(n=8)

DTA 44.69 ± 14.54
(n=8)

36.03 ± 18.99
(n=6)

43.22 ± 16.72
(n=8)

44.53 ± 16.72
(n=9)

49.47 ± 19.91
(n=8)

50.53 ± 16.13
(n=9)

IAA 39.73 ± 16.41
(n=6)

35.43 ± 17.14
(n=5)

49.41 ± 12.35
(n=5)

46.58 ± 17.44
(n=7)

43.85 ± 15.32
(n=7)

45.29 ± 18.61
(n=8)

Table 2.4 shows the separation distance at damage initiation for the T-peel tests.
It has been reported that this separation distance can be related to fracture toughness
[133]. However, no clear tendency can be found in these results.

Table 2.3. Average dissection energy ± SD (mJ/cm²) of the T-peel tests.

Gc
IM MA M

C L C L C L
ATA 21.08 ± 8.16 24.86 ± 9.29 26.15 ± 15.28 30.44 ± 12.81 19.64 ± 6.90 21.76 ± 9.23
DTA 15.41 ± 5.96 12.24 ± 7.76 16.57 ± 4.84 15.58 ± 5.40 16.52 ± 5.77 17.27 ± 5.48
IAA 15.92 ± 7.32 15.48 ± 8.21 19.05 ± 3.42 21.60 ± 9.81 16.53 ± 7.00 15.79 ± 6.52
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Figure 2.6. F/w (mN/mm) vs interface separation (mm) of the T-peel test performed in
the specimens of the ATA (a), DTA (b) and IAA (c). For each region, the C direction is
shown on top and the L one at the bottom. Separation of the IM is shown on the left, of
the MA in the centre and the M on the right. Each individual is represented by one colour.



32 2 Damage caused by dissection

IM C

IM L

MA C

MA L

M C

M L

ATA DTA IAA

150

100

IM C

IM L

MA C

MA L

M C

M L

50

0

F
/w

 (
m

N
/m

m
)

ATA DTA IAA

G
 (

m
J/
c
m

²)

50

40

30

20

10

0

** **

*
*

Figure 2.7. Averaged mean force/width and standard deviation (a) and dissection energy
and standard deviation (b) of the T-peel test. * Statistically significant differences with a
p < 0.05. ** Statistically significant difference, p < 0.05, in the separation of the specified
interfaces between the ATA and the DTA, as well as the ATA and the IAA, shown this way
for graphical purposes.

Table 2.4. Separation distance at damage initiation (mm) of the T-peel tests.

δ0
IM MA M

C L C L C L
ATA 0.0809 0.0995 0.1633 0.1839 0.1499 0.0666
DTA 0.0702 0.2037 0.1500 0.1324 0.0501 0.1361
IAA 0.1147 0.1991 0.1174 0.2004 0.0998 0.1669

2.3.2 Mixed-mode peel test

Figure 2.8 shows the force/width vs interface separation curves of all the specimens
in the mixed-mode peel test throughout the entire separation. Table 2.5 and Fig-
ure 2.9.a detail the averaged force/width and standard deviation of each experiment,
whereas Table 2.6 and Figure 2.9.b show the dissection energy per reference area.
The force/width values obtained in this test were consistently higher than those ob-
tained in the T-peel test. This increased force/width is common [134, 135] and is
thought to happen because of the bend of the sample in the mixed-mode peel test,
while other explanations suggest that the combination of different modes of fracture
(modes I and II) has some effect in this increased dissection force [134]. In terms of
location, dissection in the ATA required more force/width and energy than in other
locations. In terms of anisotropy, dissection in the longitudinal direction required
more force/width and energy than in the circumferential one in all locations, and the
dispersion of results in the former was also generally higher. Regarding the differences
among interfaces, IM separation required the least force/width and energy than other
interfaces in all locations. In particular, the separation of the IM in the C direction
was the easiest in all three locations.
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Figure 2.8. F/w (mN/mm) vs interface separation (mm) of the mixed-mode peel test
performed in the specimens of the ATA (a), DTA (b) and IAA (c). For each region, the C
direction is shown on top and the L one at the bottom. Separation of the IM is shown on
the left, of the MA in the centre and the M on the right. Each individual is represented by
one color.



34 2 Damage caused by dissection

Table 2.5. Average force/width ± SD (mN/mm) of the mixed-mode peel tests.

Fm
IM MA M

C L C L C L

ATA 71.04 ± 16.92
(n=8)

90.69 ± 35.06
(n=7)

78.90 ± 28.80
(n=9)

100.16 ± 32.53
(n=8)

91.57 ± 37.77
(n=9)

103.03 ± 41.44
(n=8)

DTA 35.34 ± 18.47
(n=8)

52.95 ± 26.75
(n=9)

69.37 ± 21.62
(n=8)

72.32 ± 33.49
(n=9)

62.80 ± 23.38
(n=10)

64.50 ± 31.88
(n=9)

IAA 33.81 ± 8.25
(n=6)

49.10 ± 21.56
(n=6)

57.41 ± 21.58
(n=5)

79.29 ± 31.48
(n=5)

44.16 ± 16.95
(n=6)

57.90 ± 18.87
(n=5)

*
*

*

** ** ** **
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Figure 2.9. Averaged mean force/width and standard deviation (a) and dissection energy
and standard deviation (b) of the mixed-mode peel test. * Statistically significant differences
with a p < 0.05. ** Statistically significant difference, p < 0.05, in the separation of the
specified interfaces between the ATA and the DTA, as well as the ATA and the IAA, shown
this way for graphical purposes.

Table 2.6. Average dissection energy ± SD (mJ/cm²) of the mixed-mode peel tests.

Gc
IM MA M

C L C L C L
ATA 14.20 ± 2.80 17.90 ± 6.20 14.64 ± 5.65 18.81 ± 4.94 18.02 ± 6.10 20.14 ± 7.64
DTA 7.14 ± 3.27 10.40 ± 5.01 13.66 ± 3.57 14.27 ± 6.19 12.16 ± 4.33 12.93 ± 5.65
IAA 6.54 ± 1.75 9.79 ± 3.07 11.61 ± 4.11 14.16 ± 6.61 9.04 ± 3.66 10.50 ± 3.54

Table 2.7 shows the separation distance at damage initiation for the mixed-mode
peel tests.

2.3.3 Histology
Figure 2.10 shows different histologies performed on the delaminated interfaces of the
DTA (a–c) and IAA (d–f) in the circumferential direction. The proper separation of
the interfaces can be observed due to the distinct microstructural composition of the
layers. Figure 2.10.a and Figure 2.10.d show the IM interface. The higher amount
of connective tissue (elastin) in the intima, in light green, helps differentiate this
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Table 2.7. Separation distance at damage initiation (mm) of the mixed-mode peel tests.

δ0
IM MA M

C L C L C L
ATA 0.1000 0.0572 0.0833 0.0550 0.0833 0.0495
DTA 0.1167 0.1001 0.0626 0.0831 0.1167 0.1167
IAA 0.0833 0.0999 0.0666 0.0341 0.0833 0.0526

layer from the media, which is characterised by the presence of muscle fibres (red).
The intima on the DTA is clearly visible, as well as the separation from the media
with the internal elastic lamina. This distinction is not as clear in the IAA, but the
intima can be differentiated by the higher amount of elastin (light green) on the outer
area. Regarding the media and adventitia, Figure 2.10.b and Figure 2.10.e, both
layers can be observed distinctively as the adventitial layer shows higher amounts
of connective tissue (collagen, in light green). The gaps on the adventitia are fat
tissue, also characteristic of this layer. Finally, Figure 2.10.c and Figure 2.10.f show
the separation of the media. The circumferentially oriented muscle fibres can be
perceived in the histologies.

INTIMA

50 µm

MEDIA

50 µm

MEDIA

50 µm

ADVENTITIA

50 µm 50 µm

Figure 2.10. Masson’s trichrome histologies of the three dissected interfaces with the T-
peel test in the C direction. (a)–(c) show separations in the DTA and (d)–(f) in the IAA.
IM separation is on the left column, MA separation is on the middle and M separation on
the right. The different layers are indicated on the images. Scale bar is 50 µm.
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2.4 Discussion of the experimental results
The experimental part of this study involved the performance of two dissection tests:
the T-peel test, in which the separation happens in the perpendicular direction to
the dissecting plane, and the mixed-mode peel test, in which the layers are separated
in the direction parallel to the specimen. The T-peel test reproduces a mode I of
fracture, whereas the mixed-mode peel test involves a mixed mode of fracture of
modes I and II. However, both delamination tests are not the exact reproduction of
the propagation of a tear in vivo [112, 136]. Nevertheless, many studies in literature
that investigate the dissection behaviour of vessels have carried out these experiments
and, therefore, the results can be properly compared and validated.

The discussion of results and comparison with other studies in literature will
account for the differences found in location, interface and direction, but both tests
will be discussed simultaneously as they showed similar trends.

2.4.1 Effect of location
The most notorious difference found in this study is the higher values of force/width
and dissection energies that the specimens of the ATA present as opposed to the DTA
and IAA for both tests. These values of force/width and energies have also been found
slightly higher for the DTA than for the IAA, mostly in the mixed-mode peel test,
although with no statistical significance. Therefore, this suggests that the resistance
to dissection tends to diminish when moving distally, although type A dissections—
those that involve the ascending aorta—are more frequent [48, 55, 56]. These results
agree with the studies in literature that have performed T-peel tests on the medial
layer of healthy porcine aortas, see Table 2.8. Myneni et al. [116] performed these
delamination tests in specimens from the ATA and DTA. They obtained higher values
of force/width for the specimens from the ATA than for those from the DTA in both
directions, and the values are similar to those obtained in this study. Similarly, Leng
et al. [58] performed T-peel tests on porcine IAAs. The values of force/width they
reported are closer to the values in the DTA given by Myneni et al. [116], as what
happened in our tests. Wang et al. [121] also performed T-peel tests on porcine
DTAs and Noble et al. [117] on thoracic aortas (not specifying between ascending or
descending) and the values of force/width they obtained were lower than those of the
ATA obtained by Myneni et al. [116]. Compared to the data in this study, the ranges
of values match, but the force/width here obtained in the T-peel test is slightly lower.
Regarding dissection energy, the values obtained by Noble et al. [117] and Wang et
al. [121] agree with those obtained in this study of the DTA (18.3-15.2 mJ/cm² and
18.4-10.6 mJ/cm², respectively).

The propagation of dissection through different locations of the aorta had been
studied with other methodologies. Roach and Song [137] injected ink into the medial
layer and controlled the pressure and volume needed to propagate tears in porcine
aortas. They determined a uniform decrease of the tearing pressure and dissection
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Table 2.8. Values of force/width obtained from T-peel tests on the medial layer of healthy
porcine aortas. Table includes results from different studies as well as from this work—
described as own research—for comparison. The values of force/width of Leng et al. [58] are
estimated from their graphs, as they do not provide the value of an averaged force/width.

Fm
M Source

C L

ATA 86.0 ± 10.8 107 ± 31.6 [116]
62.2 ± 22.8 64.5 ± 29.0 own research

DTA

57.5 ± 15.1 69.8 ± 17.9 [116]
67.4 ± 11.7 76.7 ± 25.9 [117]
46.0 ± 11.9 72.3 ± 22.3 [121]
49.5 ± 19.9 50.5 ± 16.1 own research

IAA around 60 around 60 [58]
43.9 ± 15.3 45.3 ± 18.6 own research

energy while moving distally up to the upper abdominal aorta. However, when reach-
ing the lower abdominal aorta, the energy increased dramatically. That decreasing
tendency from the ATA to the upper abdominal aorta matches what was observed in
this study.

The higher values of peeling force/width in the ATA have also been observed in
healthy human aortas. Recently, Horný et al. [113] and Sokolis and Papadodima [119]
studied the effect of location—among other parameters—in the dissection behaviour
of the medial layer of human aortas via T-peel tests, obtaining these higher values
of force/width in the ATA. Previously, Pasta et al. [118] had performed T-peel tests
on the medial layer of the human ATA and obtained higher values of force/width
in the delamination than Kozuń [114] and Sommer et al. [57], who performed the
same tests on the human thoracic—presumably the descending region—and infrarenal
abdominal aorta, respectively. Nevertheless, the specific values obtained in these
studies do not completely match and cannot be directly compared to those of this
work as they focused on human vessel. Apart from species, the differences between
human and porcine tissue studies also arises due to age variations [113, 119, 138].
Human samples in most studies come from aged subjects, whereas the swines in the
present study were comparably young, and dissection resistance has been shown to
diminish with age [113,119].

2.4.2 Effect of direction

Regarding vessel anisotropy, in the studies that performed T-peel tests in the medial
layer of aortas, force/width for specimens in the longitudinal direction of the vessel
is generally higher and the dispersion is larger than for those in the circumferential
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direction [57, 58, 113, 116–118, 121], although this tendency has not always shown a
statistical significance. This happens because the dissection within the medial layer
in the circumferential direction normally separates muscular fibres and lamellar struc-
tures, whereas the dissection in the longitudinal direction has to propagate throughout
these structures. Sommer et al. [57] observed the rougher surface of the longitudi-
nal dissections compared to the circumferential ones with the help of histologies. In
this study, this difference has not been found so predominantly, but is more preva-
lent in the results of the mixed-mode peel test, with even one statistically significant
difference in the IAA, in the IM separation.

As for the separation distance at damage initiation, no clear differences are found
throughout the experiments and the range of values agrees with literature [121]. Wang
et al. [121] also did not find differences in this parameter regarding the different direc-
tions on healthy tissue, but did when compared to purified elastin. In particular, δ0
was lower—although not statistically significant—in the dissection of purified elastin.
This distance thus is less likely to vary notably unless substantial differences are
imposed in the specimens.

2.4.3 Effect of dissected interface
Regarding the differences among interfaces, the main observation has been the easier
propagation of a tear in the IM in terms of lower values of force/width and dissection
energy in the DTA and IAA, more predominantly in the mixed-mode peel test. The
results per interface in the ATA are fairly homogeneous. Tong et al. [122] performed T-
peel tests differentiating the dissection among layers in the human carotid bifurcation,
while Kozuń et al. [114, 115] did the same on human thoracic aortas. In the three
studies, the separation in the IM implied less dissection energy than the separation
of the MA. This could be explained by less internal structures being dissected when
these two different layers are separated, which are clearly set apart by the internal
elastic lamina, making the dissection interface less rough and easier to split. Also, the
smaller dissection energy and force/width to separate the intimal and medial layers
accounts for the easier and favoured propagation of an initial dissection, while it slows
down when it translates to the medial layer.

2.4.4 Effect of individuals
The possibility that the differences found in this study arise from testing different
individuals and not different locations, interfaces or directions has also been evaluated,
with no significant or prevalent tendencies found. It can only be pointed out that
some aortas were more difficult to test than others, meaning that when tests failed
in one aorta, they were more likely to keep failing in the same aorta. And also that,
in some aortas, the differences between directions and interfaces were more marked
and closer to the tendencies generally found in literature. However, the number of
full sets of samples is not enough to extract conclusions on this hypothesis.
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2.4.5 Limitations of the experimental results

The results here presented are not directly suitable yet to clinical practice and it is
important to discuss some limitations. The main one is that this study has been
performed in healthy porcine tissue. An already damaged endothelium or a degener-
ated media can be a trigger for aortic dissection [39, 43]. Additionally, dissection is
a common outcome of other pathologies like aneurysms [104]. Comparative studies
between healthy and pathological tissue have shown the difference of dissection be-
haviour among them [114,115,118], as well as the the change in properties when the
tissues are degraded [117, 121], or even the differences with age [113, 119]. Moreover,
porcine aorta has been shown to provide different resistance to dissect than human
aorta, in terms of peeling force/width and energy, therefore human models would re-
quire human tissue characterisation. Another limitation is the number of samples, as
n=9 may not be enough to completely avoid individual characteristics. Also, the aor-
tas were not fresh and therefore their mechanical behaviour could have been affected
by the freezing/unfreezing process.

As per the histological study of this work, its purpose was to assure the separa-
tion of the layers of interest as observed via visual inspection. It would have been
interesting to perform histologies in samples in the longitudinal direction to observe
the differences in the dissected surfaces when compared to the circumferential. Fur-
thermore, as the T- and mixed-mode peel tests involve different modes of rupture,
performing histologies to samples from the mixed-mode peel test could have also
brought some light onto the different mechanisms of damage that can occur in aortic
dissection in vivo [139].

2.4.6 Key experimental findings

• The aorta has a location-dependent behaviour in terms of dissection properties.
In particular, the vessel wall is easier to dissect when moving distally.

• The different layers to dissect require different levels of dissection energy and
force. In particular, the separation of the intima and media is the easiest to
propagate.

• Although less prominent, the anisotropy also plays a role in the dissection be-
haviour of the aorta, where tears in the circumferential direction tend to prop-
agate more easily than in the longitudinal direction.

Therefore, these results suggest that dissection properties should be characterised
in terms of location, direction and interface of the vessel.
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2.5 Computational modelling

This section will provide a detailed description of the computational models developed
to reproduce the experiments. With the reproduction of the delamination tests with a
computational model, the dissection properties of the vessel can be obtained and the
behaviour to dissection fully characterised [58,103,121]. To replicate the propagation
of a tear from the in vitro tests, we will employ CZMs, which have been used in
other research studies (see Section 2.1.2). With the development of these models, we
propose a methodology to obtain the dissection properties of vessels from two types
of peel tests. To develop these models, the formulation of fracture behaviour must
be properly defined. Moreover, mechanical models require the elastic properties of
the materials to ensure proper simulations. Al these factors will be detailed in this
section, apart from the actual numerical implementation.

2.5.1 Elastic properties of aortic tissue

The elastic properties of the tissue have been extracted from experimental data of uni-
axial tensile tests performed on the same tissue on which the peel tests were performed.
The stress-strain curves from these tests were fitted with a hyperelastic material model
to reproduce the behaviour of the tissue. Subsequently, the parameters of the fitted
model were employed to transfer this elastic behaviour to the computational model.

2.5.1.1 Uniaxial tensile tests

From each aorta and location (see Section 2.2.1), two extra rectangular strips, one in
the longitudinal and one in the circumferential direction, were cut with a dimension
of 5 mm of width and 25 mm of length. Simple uniaxial tension tests were performed
in these samples in a high precision drive Instron Microtester 5548 system using a
10 N load cell with a minimum resolution of 0.005 N. After flattening and securing
the tissue specimen in the grips, the zero load point was established to eliminate
any weight effects and the pre-tension used to flatten the specimens during load
cell measurements. A non-contact Instron 2663-281 video-extensometer was used to
measure the strain during the tests. Three cycles of loading and unloading were
applied (reaching the stress levels of 60, 120 and 240 kPa) at 30%/min of strain
rate, which can be considered quasi-static [31]. Five preconditioning cycles at all
load levels were applied. The tissue was kept from dehydration with the help of a
humidifier. The engineering stress (first Piola Kirchhoff stress tensor P) is computed
as Pi = Fi

ti wi
, where Fi is the load registered by the Instron machine and ti and wi

are the initial thickness and width of each strip in circumferential and longitudinal
directions. Only the elastic properties of the tissue are of interest, therefore only
the experimental data at the second loading level (120 kPa) after preconditioning is
considered.
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2.5.1.2 Material model

The Gasser-Ogden-Holzapfel (GOH) model presented by Gasser et al. [140] is used to
reproduce the elastic response of the aorta. It is a nonlinear, anisotropic, hyperelastic
model that incorporates the contributions of the individual constituents of the tissue
(e.g. collagen fibers, elastin fibers, smooth muscle cells) to its overall behaviour. In
particular, the model takes into consideration the existence of two families of collagen
fibres that are oriented helically, with the same but opposite angle of orientation, see
Figure 2.11.

This model proposes the application of a generalised structure tensor H = κ1 +
(1 − 3κ)M0, where 1 is the identity tensor and M0 = m0 ⊗ m0 is a structure tensor
defined using unit vector m0 to specify the mean orientation of fibres. The strain
energy function (SEF) of the GOH model is as follows:

Ψ = µ (I1 − 3) +
∑

i=4,6

[
k1

2k2

(
exp

{
k2Êi

}
− 1

)]
, (2.5)

where I1 = trC̄ represents the first invariant of the Cauchy-Green tensor (C = FT F),
F is the deformation gradient [141] and

Êi = κI1 + (1 − 3κ)Ii − 1 i = 4, 6 (2.6)

where

I4 = λ2
θ cos2(θ) + λ2

z sin2(θ), I6 = λ2
θ cos2(−θ) + λ2

z sin2(−θ). (2.7)
In (2.5), µ and k1 are stress-like parameters and k2 and κ are dimensionless.

µ > 0 accounts for the stiffness of the vessel matrix, excluding the effect of the fibres.
k1 > 0 represents the stiffness of the fibres themselves. k2 > 0 impacts the exponential

}

Figure 2.11. Representation of the two families of fibres accounted for in the GOH model.
θ is the angle of the main orientation of the families with the circumferential direction and
κ represents the dispersion of the fibres.
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performance of the response curve, which comes mostly from the recruitment of fibres
to work in the loading direction. κ ∈ [0, 1/3] is a dispersion parameter—the same
for each collagen fibre family—, in which a value of 0 implies totally aligned fibres
with the preferred orientation, whereas a value of 1/3 indicates a completely isotropic
behaviour of the tissue. In (2.7), θ represents the orientation angle of the main
collagen fibres.

2.5.1.3 Numerical fitting

The elastic properties of the aorta were fitted with the uniaxial tension tests data by
using a Nelder and Mead type minimisation algorithm [142] defining the objective
function

χ2 = Σn
i=1

[(
Pθθ − P Ψ

θθ

)2
i

+
(
Pzz − P Ψ

zz

)2
i

]
(2.8)

using HyperFit software.1 The tissue was assumed incompressible [143], i.e., det(F) =
λ1λ2λ3 = 1, where F represents the deformation gradient tensor and λi, i = 1, 2, 3,
the stretches in the principal directions. Pθθ and Pzz are the First Piola-Kirchhoff
(engineering) stress data obtained from the tests, and

P Ψ
θθ = ∂Ψiso

∂λθ
and P Ψ

zz = ∂Ψiso
∂λz

(2.9)

are the First Piola-Kirchhoff stresses for the ith point for a homogeneous pure uniaxial
state Ψ. The normalised root mean square error, ε ∈ [0, 1], was computed for the
fitting of the material model, following

ε =

√
χ2

n−q

ϖ
, (2.10)

where

ϖ =
n∑

i=1

Pi

n
(2.11)

is the mean value of the measured engineering stresses, n is the number of data points,
q is the number of parameters of the SEF and, therefore, n− q represents the number
of degrees of freedom.

The elastic mechanical data obtained by uniaxial tests experiments in each direc-
tion, longitudinal and circumferential, were fitted using the SEF represented in (2.5).
The material constants resulting from the fitting to the SEF are shown in Table 2.9.
The low value obtained of ε = 0.0652 demonstrates the goodness of the fitting.

Plots of the fitted stress-stretch behaviour for the longitudinal and circumferential
directions, together with the underlying experimental data are depicted in Figure 2.12
for the constitutive law in (2.5).

1www.hyperfit.wz.cz
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Table 2.9. Material parameters obtained from the uniaxial stress-stretch curves. θ repre-
sents the angle with respect to the circumferential direction of the vessel.

µ (kPa) k1 (kPa) k2 (-) κ (-) θ(◦) R2 ε
18.0606 504.9060 44.8462 0.24299 35 0.9893080 0.0652
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Figure 2.12. Experimental data of uniaxial tension tests and computational fitting ob-
tained with the proposed constitutive law.

2.5.2 Fracture properties of aortic tissue
In order to model the fracture behaviour of the interface between the arterial layers,
we propose a traction-separation law (TSL) that relates the interfacial traction t
(normal and shear) with interfacial displacement δ [144]. The components of the
traction stress vector (τn, τs, and τt) represent the normal and the two shear tractions
along the interface and the related displacements are δn, δs, and δt.

The elastic behaviour of the interface is defined by:

τ =

 Knn 0 0
0 Kss 0
0 0 Ktt

 δ = Kδ. (2.12)

A triangular TSL was considered to model cohesive properties of the tissue, see
Figure 2.13. The initial interface displacement δ0n,s,t

, the tissue maximum strength
τn,s,tmax and the energy release rate (the energy dissipated by the cohesive zone)
G0n,s,t define the mechanics of the cohesive zone following

Kii = τimax

δ0i

G0i
= δri

· τimax

2
, (2.13)

where i = n, s, t.
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Figure 2.13. Traction-separation law considered. The cohesive strength τimax , the initial
(reversible) interface displacement δ0i , the maximum cohesive displacement, δri , the dissec-
tion energy G0i and the cohesive stiffness Kii are parameters to be defined.

The evolution of damage can be defined by specifying either the effective displace-
ment at complete failure, δrn,s,t , related to the effective displacement at the initiation
of damage, δ0n,s,t , or the energy dissipated due to failure G0n,s,t .

Damage law is defined in the context of Continuum Damage Mechanics Theory
[145]. Damage is assumed to initiate when the maximum nominal stress ratio reaches
a value of one:

max

{
τn

τnmax

,
τs

τsmax

,
τt

τtmax

}
= 1. (2.14)

D ∈ [0, 1] is a scalar variable that represents the damage of the material and combines
the effects of all the mechanisms. D monotonically progresses from 0 to 1 upon further
loading after the initiation of damage. In the context of linear softening, the evolution
of D is computed as

D = δf
m(δmax

m − δ0
m)

δmax
m (δf

m − δ0
m)

, (2.15)

where δm is computed as

δm =
√

⟨δn⟩2 + δ2
s + δ2

t , (2.16)

and δf
m is the displacement at complete failure relative to the displacement at damage

initiation, δ0
m, and δmax

m refers to the maximum value of the displacement reached
during the loading history. The Macaulay brackets (⟨x⟩ = 0 if x < 0 or ⟨x⟩ = x if
x > 0) are used to enforce that there is no damage initiation at pure compressive
deformation or stress.

Finally, the stress of the traction-separation model is computed according to:

τn =

{
(1 − D)τn if τ ′

n > 0
τ ′

n otherwise
(2.17)
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τs = (1 − D)τ ′
s (2.18)

τt = (1 − D)τ ′
t (2.19)

where τ ′
n, τ ′

s and τ ′
t are the effective stress components of the undamaged material

computed by the elastic traction-separation law.

2.5.3 Numerical implementation
This damage model will be solved by developing FE models. In particular, the soft-
ware Abaqus/Standard v6.14 will be used, which has some in-built cohesive formula-
tions to solve this type of delamination. Two different approaches have been studied
to reproduce our experiments, which involve using either cohesive surfaces or cohe-
sive elements. In both cases, the formulation and parameters to be fitted are the
same (see Figure 2.13). However, on the one hand, the cohesive surfaces approach
gives these properties directly to the two interfaces in contact that are going to be
separated, which also have implemented the hyperelastic material behaviour. On the
other hand, the cohesive elements approach involves placing a layer of thin elements
with cohesive properties exclusively between the two interfaces that are intended to
be separated. The models developed following both approaches, their similarities and
differences, are going to be detailed in this section.

2.5.3.1 Cohesive surfaces

Both the T-peel test and the mixed-mode peel test were reproduced with cohesive
surfaces. The FE geometry was specific for each experimental strip, and their specific
dimensions were obtained by averaging the experimental measurements per condition,
see Table 2.10. The ratio of thickness per layer was obtained from other studies
from literature [34, 146, 147], see Table 2.11. The total length of the strips in all
models was of 20 mm. Variations in this dimension were observed to not affect the
results of the models. The corresponding interfaces to be separated were defined
with the cohesive contact model previously presented and the models were meshed
with hybrid eight-node linear bricks (C3D8H), see Figure 2.14. A mesh sensitivity
analysis was performed in both models to achieve the compromise between accuracy
and computational time. A refined mesh in the contact area was needed in order
to get appropriate results, see Figure 2.14. The final number of elements of each
specimen is included in Table 2.10. The symmetry of the problem was taken into
account and only half of the width of the specimens was modelled.

Regarding the boundary conditions, in the T-peel test, the non-separated end
of the strip was fixed to prevent its movement as solid rigid, and in both flaps at
the other end the same displacement was imposed in opposite directions, causing
delamination at the interface of the layer. As for the mixed-mode peel test, the inner
surface of the intima of the specimen was fixed and a displacement loading parallel
to the strip length was applied to the free end of the other layer, causing the desired
delamination at the interface.
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Table 2.10. Dimensions and number of elements of each model.

Specimen Width (mm) Thickness (mm) Number of elements

T-peel
test

IM 4.0 1.70 50,340
MA 4.0 2.00 54,700
M 4.0 2.10 57,040

Mixed-mode
peel test

IM 5.0 1.57 25,265
MA 4.8 2.30 20,370
M 5.0 2.00 27,962

Table 2.11. Thickness ratio of the layers as function of location in porcine aorta [34, 146,
147].

Location Thickness ratio of layer
Intima Media Adventitia

ATA 14% 64% 22%
DTA 12% 60% 28%
IAA 18% 49% 33%

Figure 2.14. FE models of the T-peel test (a) and mixed-mode peel test (b) using cohesive
surfaces. Both models represent the IM separation. The thinner copper-coloured parts
represent the intimal layer and the thicker brass-coloured parts, the media and adventitia.

An iterative trial-error procedure was performed to fit the delamination proper-
ties of aorta layers. The mechanical data in terms of the dissection force/width vs.
displacement curve from the T-peel and mixed-mode peel tests was compared in each
iteration. The displacements applied in the free surfaces were prescribed and the
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cohesive properties updated in order to fit the mean force recorded during the tests.
The hyperelastic material model (see Section 2.5.1) was implemented via the in-built
material model in Abaqus. The preferred fibre directions were included manually in
the input files. A static implicit analysis was carried out for all models, as the strips
are pulled apart slow enough to exclude inertial effects.

The T- and mixed-mode peel tests were used to identify the normal cohesive
material parameters that model purely normal failure at the interface of IM, MA
and M (δ0n

, δrn
, τnmax

, Knn and G0n
). A cohesive zone was introduced in the two

surfaces of the interface to analyse, where tissue delamination was expected.

2.5.3.2 Cohesive elements

The general approach of creating CZMs with cohesive elements is very similar to that
of cohesive surfaces. In this case, only the T-peel test was reproduced with cohesive
elements, and a parameter sensitivity analysis was performed with this model. The
geometrical parameters are the same as the previous case, and the mesh elements now
combine the hybrid eight-node linear bricks (C3D8H) with eight-node 3D cohesive
elements (COH3D8) in the cohesive layer between interfaces, a thin layer of 0.001
mm of thickness, see Figure 2.15. The boundary conditions of the T-peel test are
the same in this case than in the previous one. However, in these models we could
determine that a one element thick plane strain model gave the same results as the
full 3D model, notably reducing the computational time. Being a one element thick
model, we were able to still introduce the orientation of the collagen fibres in the width
of the specimen. In this plane strain base model, the total number of elements is 2303,
with 143 type COH3D8 elements and 2160 type C3D8H elements, see Figure 2.15.

Using this model, the impact of various parameters on the dissection force was
examined, specifically focusing on the influence of the length of the flaps or incision
size, the total thickness of the sample and the thickness ratio between flaps, the
different material parameters of the GOH material model and modelling different
material properties per layer [34]. A static implicit analysis was performed in all
cases.

2.6 Calibrating the dissection properties of the
porcine aorta using cohesive surfaces

The studied output of the computational models is the force/width (mN/mm) re-
quired to separate the simulated interfaces, which is the data we obtain from the
experimental tests (Section 2.3). In this case, the fitted tests were a set of samples
from the DTA. The normal values of cohesive properties δ0n

, δrn
, τnmax

, Knn and
G0n

were calibrated by an iterative fitting of the experimental measurements of the
T- and mixed-mode peel tests. In each iteration, the values of peak and mean force
of the computational modelling were compared to the experimental data until their
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Figure 2.15. Mesh of the base cohesive element model. The cohesive element layer of
0.001 mm of thickness is zoomed in and it lies between the two interfaces to separate. The
cohesive elements can be observed more clearly when the layers are being separated (right).

difference was below 10%. Several iterations were needed to identify the sets of con-
stants (τnmax , Knn and G0n) that minimised the differences between the value of
load vs. displacement curve obtained by the experimental T-peel and mixed-mode
peel tests and that obtained by the FE model. These parameters are presented in
Table 2.12 and Table 2.13, respectively. The ranges of force achieved in the simula-
tion could mostly be fitted by modifying parameters directly related to the initiation
and development of damage τnmax

and G0n
. The parameter related to the cohesive

behaviour Knn had a reduced impact in the level of force and was found to account
for the convergence of the models.

Table 2.12. Normal cohesive material parameters obtained by fitting of the T-peel test
and used to model normal failure at the interface.

Interface δ0n

(mm)
δrn

(mm)
τnmax

(kPa)
Knn

(mN/mm3)
G0n

(mN/mm)

IM Longitudinal 0.023 0.070 230 10,000 8
Circumferential 0.014 0.100 200 14,000 10

MA Longitudinal 0.019 0.086 185 10,000 8
Circumferential 0.020 0.063 160 8,000 5

M Longitudinal 0.013 0.092 130 10,000 6
Circumferential 0.010 0.100 80 8,000 4
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Figure 2.16 shows the experimental data of the T-peel tests and the numerical
fit obtained with the cohesive surfaces models. The initial elastic part of the curves
is well reproduced in all cases except for the MA separation in the circumferential
direction. This part of the tests is mainly affected by the modelling of the material
and the preferred fibre directions (see Section 2.5.1). Due to convergence issues, this
test could not be computed for a clamp displacement of more than 2 mm per side.
Damage properties shown in Table 2.12 are consistently lower in the circumferential
direction than in the longitudinal direction in each interface. This is in accordance
with the dissection in the circumferential direction reportedly being easier, as it can
propagate separating lamellar layers and not tearing them [57]. Furthermore, damage
properties are notably smaller in the dissection within the medial layer compared
to the dissection of both interfaces. The stiffness of the cohesive contact Knn is
similar in all cases. The values of the interface displacement, δ0n

, are one order
of magnitude below the experimental data calculated of the separation distance at
damage initiation, see Table 2.4.
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Figure 2.16. Correlation between force/width vs. displacement experimental (pink dashed
lines) and computational (blue straight lines) curves of the T-peel test of the interfaces IM,
MA and M for longitudinal and circumferential directions.
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Table 2.13. Normal cohesive material parameters obtained by fitting of the mixed-mode
peel test and used to model normal failure at the interface.

Interface δ0n

(mm)
δrn

(mm)
τnmax

(kPa)
Knn

(mN/mm3)
G0n

(mN/mm)

IM Longitudinal 0.040 0.100 800 20,000 40
Circumferential 0.034 0.073 550 16,000 20

MA Longitudinal 0.078 0.104 1250 16,000 65
Circumferential 0.088 0.107 1400 16,000 75

M Longitudinal 0.081 0.100 1300 16,000 75
Circumferential 0.075 0.100 1200 16,000 60

Figure 2.17 shows the experimental data of the mixed-mode peel tests from a set
of samples from the DTA and the numerical fit obtained with the cohesive surfaces
models. In this case, the initial elastic part of the curves is well reproduced in all cases.
The modelling of the mixed-mode peel test allowed for higher convergence, up to 10
mm of clamp displacement. All fitted parameters in this test shown in Table 2.13 are
consistently higher than those obtained for the simulation of the T-peel test. The
dissection of the IM provided the lowest damage parameters, in accordance with this
separation presenting the lowest dissection forces. For the IM and M dissections, the
longitudinal direction presented higher values in its properties than the circumferen-
tial direction. The effective displacement at complete failure, δrn

, is of around 0.1
mm in all cases, and is similar to the experimentally obtained, see Table 2.7. The
cohesive parameter Knn is the same in all cases, except for the IM separation in the
longitudinal direction.

The experimental forces to be fitted are predominantly higher in the mixed-mode
peel test than in the T-peel test, with the exception of the separation of the intima-
media in the circumferential direction. The dissection parameters obtained in all
simulations of the mixed-mode peel tests are notably higher—sometimes one order
of magnitude—than those obtained in the T-peel tests. The main parameter that
affects the reaction force of the simulations was τnmax

and therefore is the one that
varies most throughout the simulations. Ferrara and Pandolfi [12] had checked the
relevant influence of this parameter in the numerical results of a dissection process.
The marked difference between the parameters obtained in both types of simulations
is not convenient. The negligible impact of the tangential components of the cohesive
model in the mixed-mode peel test simulations lead to the assumption that not all the
damage phenomena are being captured in the simulations, which could lead to these
differences. Moreover, the rupture stress obtained in the uniaxial tension tests was
of 1090 and 660 kPa for the circumferential and longitudinal directions, respectively.
The values of τnmax

obtained in the mixed-mode peel test models are more similar to
these fracture stresses. This could also imply that the low values of these parameters
in the T-peel test could be due to the specimens experiencing damage in the tissue
and not the specific separation of layers.
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Figure 2.17. Correlation between force/width vs. displacement experimental (pink dashed
lines) and computational (blue straight lines) curves of the mixed-mode peel test of the
interfaces IM, MA and M for longitudinal and circumferential directions.

When compared to literature, Leng et al. [58] reproduced with CZMs these same
two tests for the separation of the medial layer of a porcine abdominal aorta. They
established a τnmax

of 440 kPa for both tests, which lies in the same order of magnitude
of our results for the T-peel test. The energy rate they obtain however is higher—220
and 186 mN/mm for the mixed-mode and T-peel test, respectively.

The complexity of the numerical models here presented entails some convergence
issues. The simulation of contact and damage has always been challenging, even
more when combined with hyperelastic anisotropic material models. Carrying out
these computations with a static implicit analysis ensures a more accurate and stable
solution, but it also hinders a full convergence of the models. As a future development,
the cohesive model could be modified to include a more real contribution of shear
stresses in the dissection properties of the tissue. An anisotropic damage model with
a different dependence on the separation direction could probably provide a more
uniform fitting for the T-peel and mixed-mode peel tests. Moreover, the process
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of delamination has an important viscous factor and adding this in the formulation
would likely render more valid results.

To sum up, in this part of the study, we have provided a calibrated methodology
to obtain delamination properties of arteries. The characterisation of these properties
is relevant to achieve a better understanding of the mechanical behaviour of vessels in
general and of the process of aortic dissection in particular. Furthermore, numerical
studies about in vivo aterial dissections can benefit from this type of data to reproduce
with more accuracy the physiology and pathology of the cardiovascular system.

2.7 On the development of CZMs based on cohesive
elements

Using cohesive elements, we created an optimised CZM reproducing the T-peel test
with a short computation time. This has enabled us to analyse how various experi-
mental and modelling factors impact the dissection force obtained during the T-peel
test. Starting from the evaluation of the effect of the width of the experiment, which
led us to define a plane strain model, we have evaluated other geometrical and test-
related variables, such as the effect of the size of the initial incision, the total thickness
of the sample and the thickness ratio between the flaps. Apart from these, we have
also studied the effect of the modelling parameters of the material and cohesive for-
mulation. In this section, we will show and discuss the results of these evaluations.
It must be noted that these analyses have been performed by modifying exclusively
the studied parameter, leaving the rest of the conditions of the simulation fixed.

2.7.1 Effect of geometrical parameters

Figure 2.18 shows the computational dissection force/width of the simulations in the
analysis of the influence of geometrical parameters. The effect of a variable will be
considered relevant when the mean dissection force differs more than 5%. The total
width of the sample shows to have no impact on the results, which is expected as
we are studying the force/width precisely to avoid its effect. In this analysis of the
width, we can also observe how the plane strain model gives the same results as a full
3D model. In terms of incision size, the simulation was carried longer as there were
some variations at the start of the delamination. When examining the stable plateau
dissection force, it is noteworthy that the initial incision size has no effect on the
outcome. This information is valuable in determining an experimental protocol. The
total thickness of the sample, however, does affect the dissection force. In particular,
higher thicknesses result in greater dissection forces, while lower thicknesses lead to
lower dissection forces. This finding implies that, when developing computational
models for dissection tests, it would be necessary to create a separate model for each
location of the aorta, as its thickness varies along its length (Table 2.1). Ultimately,
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the thickness ratio between the flaps that are being separated does not impact the
dissection force. This allows for the development of a basic, generalised model using
a 50-50 thickness ratio, which tends to exhibit good convergence.
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Figure 2.18. Analysis of the effect of the geometrical parameters of the strips. Width (a),
incision size (b) and thickness ratio (d) have no effect on the dissection force (F/w), whereas
the total thickness of the specimen (c) does affect this dissection force.

2.7.2 Effect of elastic modelling parameters
The effect of the material formulation of the GOH model was analysed by varying the
model parameters within the ranges that have been reported in the literature [34,148].
Figure 2.19 shows an overlook of all the different tested combinations. It can be
seen how the initial part of the curves, i.e., the elastic deformation of the specimen,
is highly affected by the parameters of the hyperelastic model, but the dissection
force to separate the interfaces remains unaltered. Figure 2.20 shows a closer look
of all the varied parameters, where their specific effect on the initial slope can be
discussed. When varying µ, Figure 2.20.a, which accounts for the stiffness of the
isotropic matrix, we can observe how it indeed affects the most initial slope of the
elastic deformation, when only the matrix is giving mechanical support as collagen
fibres have not fully stretched from their wavy configuration. In fact, the last part of
the initial upward slope, which is more affected by the stiffness of the fibres as they
are already recruited, shows the same slope among these cases. In contrast, we can



54 2 Damage caused by dissection

see how this last slope differs when we vary k1, Figure 2.20.c, the stiffness of the fibres,
whereas the initial part of the slope in this case remains the same. κ accounts for the
coherence of alignment of the fibres with the defined angle. As our base model is a
sample in the circumferential direction, and fibres are mostly aligned in this direction,
Figure 2.20.b shows how decreasing the value of κ, i.e., making the fibres more aligned,
results in a stiffening of the elastic part. Moreover, Figure 2.20.d shows the effect
of the parameter k2, which affects the exponentiality of the curves, and we can see
how an increase in this value, causes a more exponential initial part of the curves.
Changing the orientation of the sample, from the circumferential to the longitudinal
direction, did not affect either the dissection force. Lastly, we investigated the impact
of incorporating the layer-specific elastic properties of the vessel into the models, and
determined that it had no significant effect on the dissection force.
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Figure 2.19. General overlook of the effect of different parameters of the GOH material
model in the dissection force. The plateau dissection force remains unaltered for all cases.

2.7.3 Studying the impact of the cohesive and damage
parameters

To finish this computational study with cohesive elements, we observed the effect of
the cohesive and damage properties on the dissection force, see Figure 2.21. With
this analysis of our model, we can obtain essential information that will enable us
to iteratively fit the cohesive and damage parameters and replicate the data from
experimental tests. We could observe that the dissection energy, Gn0 , is the parameter
that most affects the dissection force (Figure 2.21.a), whereas the cohesive strength,
τnmax

, has a smaller effect (Figure 2.21.b and Figure 2.21.c). This finding differs with
the cohesive surface models, in which the cohesive strength had a bigger effect in the
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Figure 2.20. Analysis of the effect of the material parameters of the GOH hyperelastic
model. The material parameters do not affect the dissection force, but have a strong impact
in the initial part of the curves, where the specimens are suffering elastic deformation.

results than the dissection energy (see Section 2.6). We can also observe that τnmax

has some impact on the stiffness of the initial elastic deformation. An increase in
τnmax

results in a slightly stiffer initial slope, while a decrease in τnmax
softens the

initial curve. Changing the stiffness of the cohesive contact on its own, Knn, did
not affect the curves, only the convergence of the models, as what happened with
the cohesive surface models. When varying τnmax without changing Knn or Gn0 , the
cohesive displacement, δ0n , also varies proportionally (see (2.13)). We observed the
effect of modifying both τnmax

and Knn, keeping δ0n
constant (Figure 2.21.c). No

differences between this case and the previous in which δ0n
changes with τnmax

were
found (Figure 2.21.b).

2.8 Overall computational conclusions

The application of CZMs to simulate delamination tests can aid in determining the
dissection properties of vessels. In this study, we have suggested two methodologies
for constructing these models based on experimental tests, which allowed us to give
a preliminary characterisation of the dissection properties and to enhance our under-
standing of the dissection results regarding the cohesive and damage formulations.
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Figure 2.21. Analysis of the effect of the cohesive and damage parameters. Dissection
energy (a) has the biggest effect on the dissection force, whereas cohesive strength (b–c) has
a smaller impact.

However, due to the intricate physical processes involved in the contact and damage
formulation, the findings presented here are not conclusive but rather a preliminary
approximation of what further research may uncover.

2.9 Key computational findings

• CZMs based on cohesive elements show higher convergence than those based
on cohesive surfaces. Combining the cohesive and the hyperelastic formulation
on the same elements (cohesive surfaces) seems to hinder convergence of the
models.

• Formulating a simple TSL in the normal direction does not fully capture the
complex damage mechanism that happens in a combined mode of rupture, such
as in the mixed-mode peel test. A mixed cohesive formulation should be in-
cluded to reproduce more complex modes of rupture.

• The width, incision size or thickness ratio of the samples does not affect their
resistance to dissection. This implies that the variations observed in dissection
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force during the experiments were not due to differences in these parameters
and is also valuable information when creating general models.

• The elastic mechanical properties of the tissue do not affect the dissection force
in the T-peel test. This suggests that performing additional experiments to
characterise the material during peeling tests may be unnecessary, as a standard
characterisation would suffice for the models.

• If a unified CZM is to be reproduced for a vessel, only locations where the total
thickness of the samples is different should require specific models.
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CHAPTER3
Damage caused by

haemodynamics
In this chapter, we study one of the mechanisms of damage in the endothelium of
the vessels that arises from different mechanical stimuli caused by haemodynamics.
In particular, we focus our work on the perturbations in the permeability of the
endothelium, which are directly related to endothelial cell morphology. Therefore,
this study is performed at the cellular level, in particular by performing flow tests
on ECs. Since this was a completely new research line for our group, this chapter
includes all the steps needed to setup and establish the experiments, starting at the
design of the flow chamber devices—to reproduce both, stress and strain stimuli—,
following with the different tests needed to define a working protocol, and ending
with some experiments and the development of image analysis tools to process the
results.

3.1 State of the art

Wall shear stress (WSS) has been acknowledged for decades to have a direct influence
on the development of atherosclerosis [149–151]. However, the specific factors of
this variable (e.g., its magnitude or directionality) and how they contribute to the
development or protection against this disease are not clearly understood [152]. It is
then of great interest to continue analysing the effect of this stimulus on different EC
types in order to help bring light to this mechanism.

WSS is the tangential stress that ECs in the intimal layer of the vessels perceive
due to blood flow [153]. This stress is orders of magnitude lower than other mechan-
ical stimuli in vessels, like pressure, and so its effect comes from the activation of
biologic signaling at the cellular level rather than from affecting macroscopic mechan-
ical integrity [153]. The careful evaluation of sites prone to develop atherosclerosis
in vivo has led to the determination of the existence of athero-prone and athero-
protective flow patterns [154,155]. Specifically, steady laminar flow generating a high
shear stress is found to be athero-protective [154], whereas disturbed and oscillatory
flow is considered athero-prone [155]. These different flow patterns cause different
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WSS values and profiles to which ECs respond differently. High and unidirectional
WSS is linked with aligned and elongated healthy ECs, which are less permeable to
macromolecules and have less monocyte adhesion [156]. This behaviour is considered
athero-protective. ECs can also respond in terms of gene expression and phenotype to
this mechanical stimulus [157]. Conversely, ECs in sites with oscillatory and low WSS
show a cobblestone morphology and with no distinct preferential orientation, form-
ing a permeable monolayer [156] and showing an athero-prone behaviour. In these
sites, leaky ECs also present an inflammatory phenotype [158]. These morphological
responses to different flow patterns have also been observed in vivo [159,160]. There-
fore, it is well established that flow patterns affect EC morphology, which directly
affects the permeability of the endothelium and the propensity to develop atheroscle-
rosis. Therefore, we want to focus this new line of research on WSS response in terms
of cell morphology (shape and alignment of ECs), as a good approach to investigate
the initiation of this disease as a disruption of the endothelium. Moreover, in order to
achieve a better and complete understanding of this physiological response of ECs, it
is interesting to combine WSS with other mechanical stimuli that occur in vivo, like
cyclic stretch, in order to bring new insight into the role of the damaged endothelium
in the initiation of atherosclerosis.

Flow chamber devices are well established tools used for the study of EC response
in vitro, as they allow to generate specific and controlled flow conditions on a layer of
ECs [156]. In this section, we will present and comment the different types of devices
that are commonly used to perform flow tests on ECs and the results in terms of EC
morphology that have been obtained using these devices.

3.1.1 Flow chamber devices
There are three main types of flow devices commonly used to study the effect of flow
parameters on ECs. These are parallel-plate flow chambers, cone-and-plate devices
and orbital shakers [152]. Their operating mechanism, advantages and disadvantages
are discussed below. Some remarks regarding devices reproducing stretch will be
included at the end of this section.

3.1.1.1 Parallel-plate flow chamber

The parallel-plate flow chamber (PPFC) is the most common in vitro device for
flow studies on ECs [156]. It consists in a chamber or channel in which fluid can
flow at certain and controlled rates to generate the desired values of WSS in the
monolayer. ECs are seeded and left to create a monolayer in the substrate of the
chamber, normally a glass slide or coverslip, see Figure 3.1.

One of the main advantages of these devices is their simplicity, both in design and
operation [156]. Their simplicity also entails a bigger versatility to reproduce different
flow patterns by making uncomplicated modifications to the basic designs. These
devices also allow the retrieval of ECs after the experiment for subsequent analyses
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Figure 3.1. Outline of a parallel-plate flow chamber (Figure 2 from ref. [161]). w and h
represent the width and the height of the chamber where the culture media flows. Cells are
seeded on the glass slide represented on top.

or data collection or their immediate fixation after the tests [162], the continued
sampling of the flow medium to obtain information about secreted metabolites [163]
and the possibility to live image the response of the monolayer with the appropriate
equipment [164]. However, one limitation of these devices is that the WSS generated
can present areas of non-uniformity, especially near the walls or the reservoirs [165].
In these areas, ECs exposed to these altered WSS values could release different factors
that could cause unexpected behaviour of the monolayer of ECs [152]. If this effect
wants to be avoided, a careful study of the WSS patterns on the device should be
performed and ECs seeded and confined in a section with a uniform WSS pattern
[165].

The most straightforward flow pattern that can be reproduced in these systems
is steady laminar flow. With no disruptions in an uncomplicated rectangular cross-
section geometry, the velocity profile (u) of the flow can be described as a parabolic
function of the height position (y) [166]:

u(y) = 1
2µ

dP

dz

[(
h

2

)2

− y2

]
, (3.1)

where µ is the viscosity of the fluid, dP
dz is the pressure gradient parallel to the plates

and h is the height of the channel. By integrating in the height of the channel, WSS
in the monolayer of cells, τmonolayer, can be obtained as a function of the flow rate
(Q) and the geometry of the cross section [166]:

τmonolayer = µ
∂u

∂y

∣∣∣
y=0

= 6µQ

wh2 , (3.2)

where w is the width of the channel. This equation is valid for a fully developed,
laminar, Newtonian fluid in a channel with a high aspect ratio (w/h) [156]. A high
aspect ratio ensures that most ECs in the monolayer are subjected to homogeneous
WSS [166]. As per (3.2), the WSS that ECs are subjected to in these devices can be
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easily modified by changing the dimensions of the cross-section of the channel or the
flow rate.

The flow rate is usually generated in these devices with peristaltic pumps [156].
Their mechanism of action is called peristalsis, which is the movement of fluid due
to traveling contracting waves [167]. They drive fluid by the rotation of a rotor
with several rollers over a flexible tubing that hosts the fluid [156]. By alternatively
compressing and releasing the tubing, the fluid is displaced. Due to this compression-
release pattern, peristaltic pumps generate pulsatile flow. In order to achieve a steady
flow with these pumps, a fluid damper can be placed between the pump and the device.

These pumps present several advantages for cell experiments, the main one be-
ing the fact that the fluid is never in contact with the pump itself, so they do not
compromise the sterility of the experiment. Moreover, they are relatively inexpensive
and their recirculation system allows the use of less volume of culture medium. They
provide versatility in the range of flow rates to generate, by changing the rotation
speed or the tubing diameter. And finally, they can rotate—and thus move the fluid—
in both directions, allowing the generation of oscillatory flow [156]. This feature is
interesting as steady laminar flow is not the only flow pattern that happens in vivo.
On the one hand, blood flow due to heart contraction has a pulsatile nature [155].
And on the other hand, sites with disturbed and oscillatory flow have been widely
correlated with the development of atherosclerosis [168]. However, to achieve a con-
trolled oscillatory or pulsatile flow, these pumps should be linked with a computer
software system, with a flow probe to feed information to the system [156], increasing
the overall price of the setup.

If a flow disturbance wants to be reproduced, the solution in PPFCs is as easy
as including a perturbation in the length of the channel, see Figure 3.2.a. PPFCs
including this disturbance are commonly called vertical-step flow systems [168]. In
these devices, a step is included to reproduce a recirculation area, similar to the
one generated after the plaque or in a bifurcation, sites prone to the development of
atherosclerosis [168], see Figure 3.2.b. By including this step, two areas of interest
are found in only one experiment: the recirculation area above mentioned and a fully
developed flow area, usually localised downstream the recirculation area.

3.1.1.2 Cone-and-plate devices

Another way of generating WSS on a monolayer of ECs are the cone-and-plate devices
(CPDs). They have the same functioning principle of a viscosity rheometer, where
an inverted conical piece rotates above a flat surface, forcing the fluid between them
to flow azimuthally in concentric circles and, thus, produce WSS on the bottom plate
where ECs are seeded [170, 171], see Figure 3.3. By computationally controlling the
rotation of the cone, pulsatile flow can also be reproduced with these devices [172].

These devices present some advantages over PPFCs [156]. Because of their geome-
try, they lack the effect of walls and inlets in WSS distribution. Also, small deviations
in their dimensions do not cause major changes in WSS values. The flow profile in
them is independent from hydrostatic pressure gradients. The volume of fluid they
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Figure 3.2. (a) Scheme of a vertical-flow step device (Figure 9 from ref. [168]). (b) Flow
pattern after a bifurcation of a vessel (adapted from Figure 3 from ref. [169]).

Figure 3.3. Outline of the cone-and-plate device (Figure 7 from ref. [156]). By regulating
the geometrical parameters of the device, the WSS applied at the bottom plate can be
uniform and modified as required.

require is small and therefore metabolite detection is easier. Moreover, ECs can be
more easily accessed to if some contact techniques are required, such as atomic force
microscopy [166]. They also present several disadvantages, such as the difficulty to
allow live imaging of the experiments, the significant evaporation of the fluid if it is
exposed to an open environment and the accumulation of secreted molecules that can
affect cell behaviour [156].

3.1.1.3 Orbital shakers

Orbital shakers (OSs) have long been used for mixing or agitating samples, but they
are increasingly being used as a way to generate multidirectional patterns of WSS
[152,173]. They basically consist of a flat platform that produces an in-plane circular
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movement. A monolayer of ECs is cultured in common lab equipment and placed on
this platform, thus a circular wave of culture medium is generated over the monolayer
of ECs, see Figure 3.4 [174]. WSS magnitude and directionality can be controlled by
adjusting the viscosity and depth of the fluid over the ECs, the well radius, the orbital
radius and the angular velocity [175, 176]. However, the calculation of this WSS
pattern is complex, in part due to the frequent apparition of a wave because of the
free surface of the fluid [176]. It is well established that ECs seeded in the centre of the
wells are exposed to a different WSS profile than ECs on the edges [177] (Figure 3.4.b),
and so different factors can be excreted by ECs in different areas, affecting their
behaviour [177, 178]. A way to avoid this problem is by segmenting the well and
seeding ECs exclusively in the area where the profile of WSS is homogeneous [178],
increasing the complexity of use of these devices. However, ECs in the centre of the
wells are exposed to multi-directional flow, a profile that is currently being related
to the apparition of atherosclerosis [179, 180] and that is difficult to reproduce with
other methods [174].

Figure 3.4. (a) Image of an orbital shaker with two 12-well plates on it (Figure 1 from
ref. [174]). (b) Pattern of WSS in the bottom of a cultured plate in an OS at one time
step. Arrows indicate WSS direction and colours represent its magnitude (Figure 1 from
ref. [173]).

3.1.1.4 Flow devices to reproduce cyclic stretch

Some groups have developed devices to study EC response to WSS and cyclic stretch
simultaneously. These devices are usually an adaptation of the systems described
above to include the possibility to stretch in a controlled way the substrate where
the monolayer of ECs is seeded. Several studies have developed channel devices in
which the substrate can be deformed following different methodologies [181–185], with
devices similar to PPFCs. Other studies have chosen to adapt CPDs and make the
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substrate plate a flexible membrane to allow cell stretch [186]. In addition, other
devices have been designed as compliant silicone tubes mimicking blood vessels that
deform with the pressure caused by the pulses of flow [187–190]. Most of these devices
allow the study of both stimuli coupled and uncoupled, allowing a more comprehensive
view of EC response.

3.1.2 EC response to WSS

All the devices detailed above are the main in vitro tools used to evaluate the response
that ECs show to different WSS patterns. ECs react to this stimulus by changing
their morphology, but also their phenotype, secreting different metabolites, changing
their molecule adhesion, etc. Due to the nature of our study, we will focus this review
on the current understanding of changes in morphology, but will also discuss slightly
about changes in EC phenotype.

When subjected to laminar, steady and unidirectional WSS, ECs elongate and
align with the direction of flow [149, 172, 191–196], see Figure 3.5.a. This has been
studied to be a time-dependent response [192, 193, 196]. In particular, bovine aortic
endothelial cells (BAECs) have shown to initially respond to this steady pattern of
WSS by enhancing their attachment to the substrate and surrounding ECs. After-
wards, they show characteristics of motility as they realign, to finally thicken their
intercellular junctions and increase their amount of microfilaments like actin when
they are disposed in their final configuration [192], see Figure 3.5.b. EC response
has also been shown to depend on WSS magnitude [196–199]. Low enough values of
WSS do not cause ECs to elongate and align with the direction of flow, and this WSS
threshold form which ECs start to modify their morphology and their time-dependent
response is suggested to differ according to cell type [196]. ECs that come from ar-
teries respond to WSS ranging from 1 to 8 Pa [192, 194, 195, 199–201], whereas vein
ECs (such as HUVECs) respond to WSS values an order of magnitude lower, 0.1-0.8
Pa [172, 202, 203]. The specific threshold for each cell line, however, is not firmly
determined, although the ranges are in line with their physiological environment in
the body.

Following a more physiological approach, when the pulsatility of the flow is in-
cluded, ECs show they can discriminate between different types of pulsatile flow envi-
ronments [193]. In particular, ECs subjected to always positive pulsatile WSS showed
a more elongated shape than when subjected to steady flow. For a low-amplitude type
of pulsatile flow that changes direction but maintains a positive average WSS, ECs
also elongated but to a lesser extent; whereas in a fully oscillatory flow with a mean
WSS of 0 Pa, ECs remained in a polygonal shape and did not exhibit alignment [193].
When reproducing more complex flow patterns calculated from in vivo environments,
ECs were observed to respond differently to flow patterns in areas less likely to develop
atherosclerosis, showing an elongation and coherent alignment, as well as secreting
proteins to reduce inflammation [205], than to flow patterns from areas prone to
develop this disease, where ECs maintained a cobblestone shape and developed a
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Figure 3.5. ECs response to flow. (a) BAECs in the static control (left) show a random
orientation and have a rounder shape than when subjected to steady flow (right), as BAECs
elongate and align with the direction of flow, shown with the white arrow (Figure 2 from
ref. [172]). (b) F-actin stained HUVECs after being exposed to different flow patterns.
HUVECs that were not subjected to flow show a cobblestone configuration and fewer actin
filaments. When exposed to athero-protective flow patterns, HUVECs elongate and align,
increasing their amount of microfilaments. When subjected to athero-prone flow conditions,
HUVECs keep a cobblestone shape with no preferred orientation, but they also increase
their amount of microfilaments (Figure 3 from ref. [204]).

proinflammatory phenotype [204], see Figure 3.5.b. On another note, studies showed
that ECs subjected to turbulent flow, caused by a disturbance, maintained a more
polygonal and disorganised shape [149,162,206], even compared to steady WSS with
the same average magnitude [191], suggesting that EC response to WSS depends on
its direction and not only on its magnitude.

Following this hypothesis, more recent studies have started to evaluate EC re-
sponse to multidirectional flow with OSs [173, 177]. This is an interesting approach
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as in areas predisposed to the development of cardiovascular pathology, blood flow
changes its main axis throughout the cardiac cycle, i.e., is multidirectional [179,207].
Dardik et al. [177] compared the behaviour of BAECs and HUVECs subjected to the
complex flow generated by an OS and to the more studied steady flow generated by
a PPFC. They found that ECs in the periphery of the wells in the OS, where WSS
is higher, steady and unidirectional, elongated and aligned with the direction of flow,
similarly to ECs in the PPFC. ECs in the centre of the OS presented a cobblestone
morphology with no preferred orientation, more similar to the ECs in the static con-
trol, see Figure 3.6. However, ECs in the OS exhibited a significant increase in cell
density when compared to PPFC and static control cells. When studying the two
main areas of the OS in detail, they found that ECs in the centre of the well showed
higher levels of proliferation and apoptosis, whereas ECs in the periphery showed
a decrease of cell density compared to the static controls. This study suggested
that ECs in the centre of the well were activated and prone to develop atheroscle-
rosis. Chakraborty et al. [202] found similar behavioural patterns in HUVECs on
OSs. Additionally, they defined a new flow metric to account for the directionality
of the oscillatory fluid that proved to correlate well with cell proliferation and shape
index, supporting the dependency of EC behaviour with WSS direction. Similarly,
Arshad et al. [173] performed a comprehensive analysis of the orientation of cell nu-
clei throughout the surface of an OS, as they computed the complex flow patterns
in their experiments with computational fluid dynamics (CFD). They observed that
human aortic endothelial cells (HAECs) nuclei alignment depended strongly not only
on WSS magnitude but also direction.

Figure 3.6. Shape of ECs (top) and F-actin (bottom) when subjected to flow in an OS and
a PPFC. ECs in static conditions (left) show a random orientation and cobblestone shape,
similar to those in the centre of an OS (centre left), where WSS is low and multidirectional.
In this area, ECs showed higher density and higher proliferation and apoptosis rates. ECs
in the periphery of the OS (centre right) elongate and align with flow, similarly to ECs
subjected to steady laminar flow in PPFCs (right) (Figure 2 from ref. [177]).
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3.1.3 Objectives of the study

As already discussed, alterations in the permeability of the endothelium are a prerequi-
site for the growth of an atheroma plaque. Therefore, it is crucial to fully understand
the mechanisms that trigger this dysfunction in the permeability, which is correlated
to EC shape and orientation. Although studies about EC morphology as a response
to different flow patterns are numerous, there are still gaps in this knowledge that
could help in the understanding of the triggering mechanisms of atherosclerosis. In
particular, flow experiments are usually performed with HUVECs or aortic ECs—
whether human, porcine, from rabbit—, whereas atherosclerosis happens mostly in
the coronary and the carotid arteries. More studies with different flow parameters in
cell types from these sites, such as human coronary artery endothelial cells (HCAECs),
would bring a closer insight into the actual behaviour of atherosclerotic sites. More-
over, ECs in the body are subjected to a myriad of stimuli combined, for example
cyclic stretch due to the pulsatile nature of blood flow. Studies that couple stress and
strain stimuli are still scarce and needed.

It is then the main objective of this work to start and develop a research line
destined to study how ECs change their shape and orientation—i.e., the permeability
of the monolayer—when subjected to different mechanical stimuli. To do so, four main
areas have been addressed in this work: i) the design of the flow chamber devices to
reproduce different flow conditions and different strain stimuli, ii) the tuning of the
flow system and experiment conditions, iii) some preliminary in vitro flow tests with
ECs (HUVEC and HCAEC) and iv) the image analysis tools developed to obtain
the desired information from the tests. The tasks and procedures were carried out in
the laboratories of the Applied Mechanics and Bioengineering (AMB) group of the
Aragon Institute of Engineering Research (I3A).

3.1.4 Research questions posed

• Can we design and manufacture a flow device capable of reproducing physiolog-
ical and pathological flow and strain conditions simultaneously?

• How do different types of endothelial cells respond to different flow parameters
in terms of shape and orientation?

• Do HCAECs respond to flow at different levels of WSS than HUVECs?

• Can phase-contrast images of ECs be segmented automatically?

• Can we objectively quantify the shape and orientation of ECs from microscope
images?
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3.2 Design of the flow chamber device

3.2.1 Requirements, initial device and modifications

Before addressing the design of the device, the conditions that it should reproduce
must be defined. The first requirement is that the design of the device must be
versatile enough to allow the integration of the strain stimulus with few modifications.
With the strain device in mind, the overall dimensions must be adequate for it to fit in
the biaxial testing machine (outer dimensions not exceed 60 mm) that is planned to
be used afterwards for the implementation of strain in the two main directions (axial
and transversal). In terms of the flow conditions, we want cells to be subjected to a
wide range of shear stresses, reaching values below and above the physiological level,
as well as the possibility to include different flow patterns in the channels. Regarding
the particular range of WSS values that we want to include in the study, the higher
level of WSS that we want to subject cells to is up to 1 Pa, as we will use HCAECs
and the physiological WSS in the human coronary arteries reaches 0.68 Pa [208].

For the design of the flow chamber device, we used as baseline a commercial device
that had been worked with before in the lab to culture monolayers of different ECs
and epithelial cells. It consists of three squared channels 2 mm wide, 2 mm high
and 35 mm long, with cylindrical inlets and outlets of 2.3 mm in diameter. The
overall dimensions of the device are 15 mm wide, 40 mm long and 6 mm high. It
is made of polydimethylsiloxane (PDMS), due to its studied biological properties
(non-cytotoxicity and transparency, mainly [209, 210]). The mould to generate these
PDMS devices is made of a biocompatible resin and manufactured with a 3D printer
using stereolitography by the company Beonchip. Finally, it is attached via plasma
treatment to a microscope slide, where cells will adhere and grow, see Figure 3.7.

Figure 3.7. (a) Initial device and tubing. The three squared channels are connected among
each other with the tubing system. These tubes come from the peristaltic pump, which will
provide the desired flow rate to generate a certain value of WSS. (b) The initial device, C,
with the tube montage required for the tests, B, and the fluid deposit of 5 ml, A. MesoEndo
Cell Growth Medium (Sigma-Aldrich) is already through the whole system.
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To supply the flow to the system, a peristaltic pump is available to be used in
the lab, an appropriate pumping system according to the advantages discussed in
Section 3.1.1.1. In particular, the pump available is a Watson-Marlow, model 323S,
with a 318MC pumphead, see Figure 3.8. The head’s maximum speed is 110 rpm.
The flow rate supplied with this speed depends on the diameter of the tube around
the head. With the widest available tubes, the maximum flow rate achievable is 10
ml/min.

Figure 3.8. Whole flow system. B and A are the peristaltic pump and the pumphead,
respectively. C is the initial flow device and D indicates the set of tubes and the fluid
deposit for the experiments.

Considering these initial conditions and equipment, several simulations were com-
puted to determine the possibilities to generate the desired flow parameters. These
simulations were run in the commercial software Comsol, following a fluid-structure
interaction (FSI) approach. This methodology considers the deformation that the
fluid causes in the solid due to the pressure it exerts on it. The calculus is then up-
dated with the deformed geometry of the solid and the whole system is recalculated,
until the equilibrium is reached. Therefore, for FSI simulations, both the PDMS and
the culture medium had to be fully characterised. Both material characterisations
are described below (Section 3.2.1.1 and Section 3.2.1.2). In parallel, several trials
were carried out in the laboratory to check the commercial device and some test
parameters (such as outlet pressure, needed for the simulations), see Figure 3.7.b.

With these FSI simulations, we obtained that the highest possible flow rate gen-
erated a WSS of only 0.9 Pa, see Figure 3.9. As the tests required higher levels of
WSS, this initial device would not be valid for the study.

Following these restrictions, the need for an updated design of the device emerged.
The goal is for it to be able to reproduce a wide range of WSS reaching up to 1 Pa.
The only geometrical restrictions are the diameter of the inlets and outlets, since it
coincides with that of the laboratory tubes, and that the overall dimension of the
device does not exceed 60 mm to fit the biaxial machine.
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Figure 3.9. Representation of the initial flow device in Comsol. Only half of the geometry
is simulated due to the symmetry of the device. Scale colour bar shows WSS (Pa) when it
is subjected to the maximum flow rate of 10 ml/min.

As per (3.2), WSS in PPFCs such as our device directly depends on flow rate
and is inversely affected by the cross-sectional area of the channel. Considering the
operational restriction to increase flow rate, WSS will be increased by reducing the
cross-sectional area. The width of the channels was decided to be maintained in order
not to reduce the area where cells are seeded and to ensure that the effect of the walls
is avoided in the central part of the channels. With the aim of generating two different
values of WSS per test, an inverse step was designed to reduce the cross-sectional area
in the final half of the channels, as shown in Figure 3.10. This inverse step reduces
the height of the last half of the channel to 1 mm. Moreover, the total length of
the channels and therefore the device was reduced to 30 and 35 mm respectively, to
allow better manipulation and less volume of PDMS. With these modifications, WSS
reaches 1 Pa with a flow rate of 4.5 ml/min in the area below the inverse step, see
Figure 3.10.b, a comfortable operation rate for the system.

3.2.1.1 PDMS characterisation

For the FSI simulations, the mechanical properties of the PDMS that conforms the
device are needed. The characterisation of the material was carried out following
the standard ASTM D638-14 Tensile Properties of Plastics [211], which defines the
procedure to determine the modulus of elasticity and Poisson’s ratio of plastics via
tensile testing. A total of 8 test specimens were machined according to the standard.
The tests were carried out in the Tissue Characterisation Laboratory, in the Aragon
Institute of Engineering Research (I3A), using the uniaxial testing machine Instron
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Figure 3.10. Representation of the final geometry of the device in Comsol. The geometry
remains symmetrical (a), so only half the device is simulated (b). There are two areas with
distinct WSS (Pa), shown in the colour bar. WSS of 1 Pa reached in the downstream area
with a flow rate of 4.5 ml/min. Flow direction is from left to right.

5848. A video-extensometer was used during the tests to measure both the axial
and transverse strain simultaneously. Figure 3.11 shows the specimen between both
clamps, with the four dots in the center that will be tracked by the video-extensometer
to calculate the axial and transverse strains.

Figure 3.11. Uniaxial test performed to the PDMS specimens, following ASTM D638-
14 [211]. (a) Disposition before the beginning of the test. (b) End of the uniaxial test.



3.2 Design of the flow chamber device 73

The procedure is as follows: a preload of 0.2 N is applied at a crosshead speed of 0.1
mm/min, according to the standard. Afterwards, the test speed is set to 5 mm/min,
with a working bench of 10 N to show precision at small strains. Once the tests
are finished, the data are imported and processed to obtain the desired information.
Due to the compliance of the material, the tests produced large deformations in
the specimens. Therefore, the initial linear portion had to be localised to calculate
Young’s modulus. Following the Spanish standard UNE-EN ISO 527-1 [212], the
strain interval between 0.05% and 0.25% was the portion chosen as the initial linear
segment, and thus, where the slope was calculated to obtain the elastic modulus, see
Figure 3.12.
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Figure 3.12. Postprocessed results of the uniaxial test of a representative specimen. (a)
Experimental data and numerical fit of the axial stress-strain curve. This linear fit at small
deformations allows the obtention of Young’s modulus. (b) Experimental data and numerical
fit of the axial and transversal strain represented vs the load. With these fits, Poisson’s ratio
is calculated.

After processing all data, a variability in the results was found. These differences
split the results into two groups, which matched two slightly different polymerization
processes. Two specimens were machined out of a material that was cured overnight
at 60◦C right after mixing the PDMS with the crosslinking agent. The remaining
mixture was kept at -20◦C and, once needed for the other batch of specimens, cured
at the same conditions as the initial batch. This intermediate freezing process sig-
nificantly affected the material properties. Considering this variation and in order
to homogenise the mechanical properties, the protocol of PDMS fabrication for the
devices was decided to include at least an overnight storage at -20◦C.

After the calculation of Young’s modulus and Poisson’s ratio, these are trans-
formed into the Lamé parameters, following (3.3) and (3.4). With these, the hy-
perelastic model used to reproduce PDMS behaviour was the Neo-Hookean model.
Table 3.1 shows the mechanical parameters that characterise PDMS.
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G = E

2 · (1 + ν)
(3.3)

λ = ν · E

(1 + ν) · (1 − 2 · ν)
(3.4)

Table 3.1. Young’s modulus, Poisson’s ratio and Lamé parameters that reproduce the
behaviour of PDMS.

E (kPa) ν (-) G (kPa) λ (kPa)
2585.08 0.39 927.16 3449.69

3.2.1.2 Culture medium characterisation – Addition of Dextran

Along with PDMS properties, the rheology of the culture medium is also needed
for the numerical study. The medium used for these tests is MesoEndo Cell Growth
Medium (212-500) from Sigma-Aldrich. It is suitable for most types of ECs, including
the more delicate HCAECs to be used in this study. The parameters of interest for
the simulations are the density and the dynamic viscosity of the fluid. Supplier
specifications of the product do not include these characteristics. Therefore, the
rheological analysis has to be performed separately.

On the one hand, the density of the product is easily measured in the laboratory by
precisely weighing a certain known volume. Its dynamic viscosity, on the other hand,
needs a viscosimeter or rheometer to be obtained. The viscosity measurements were
carried out in the Service of Rheological Characterisation of Fluids at the University
of Zaragoza. There, a rheometer with a cone-plate sensor that allows more accurate
measurements for low viscosity fluids (of around 1 mPa·s, the viscosity of water)
and less sample quantity is used. In particular, each measurement required 0.5 ml of
sample.

Initially, the culture medium with no alterations was measured. The fluid pre-
sented a dynamic viscosity of around 1 mPa·s (or 1 cPs), see Figure 3.13.a. This
value is way below blood’s viscosity, 4.5 mPa·s [213] and a higher viscosity can help
in the generation of higher WSS values (see (3.2)).

Therefore, the dynamic viscosity of the culture medium was increased. This was
achieved by the addition of Dextran D4876 (MW 150,000 by Sigma-Aldrich), a soluble
compound that has been broadly used for that purpose [173, 189, 214, 215]. It is
reported to not alter cell behaviour, specifically in the morphological parameters of
interest of this study [173, 216, 217]. The quantity of Dextran needed to obtain a
dilution with blood viscosity was estimated with values reported from literature [218]
and subsequently checked with the rheometer. The addition of Dextran cannot be
performed easily in sterile conditions, therefore the solution must be subsequently
filtered with a 0.2 µm Nylon filter to remove any possible contamination that may have
occurred during the mixing process. Although this step is crucial for the experimental
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tests, it was also performed in the study of rheological properties in case the filtering
affected the dynamic viscosity. The final solution includes 4.93% (w/v) of Dextran
and presented a dynamic viscosity of 3.9 mPa·s, as shown in Figure 3.13.b.
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Figure 3.13. Viscosity vs shear rate of MesoEndo Cell Growth Medium (a) and of the
prepared solution with 4.93 % of Dextran (b). Measurements of two different samples
are shown in both cases. The final flatness of the curves indicates that the fluids can be
considered Newtonian. The curves of the pure culture medium (a) show alterations at lower
shear rates, as the viscosity of this product was around the threshold sensitivity of the
rheometer.

3.2.2 Mould design and fabrication

With the final geometry of the device established, we moved to the design of the
mould. This step was performed in SolidWorks. All mould trials were manufactured
in a 3D printer using fused deposition modelling (FDM) technique, in the Design
Engineering and Manufacturing Department of the University of Zaragoza, as it pro-
vided more flexibility and promptness for the trials. Several prototypes were tried to
ensure the required dimensions of the flow device (anticipating moulding shrinkage),
as dimensional variations can be crucial in the performance of the device, see (3.2).
A draft angle of 15◦ to facilitate demoulding was included in the design of the mould
after checking in the FSI simulations that this angle did not imply any changes in
the test conditions. The design of the new mould is represented in Figure 3.14.a.

The possibility of manufacturing the final mould using FDM and acrylonitrile
butadiene styrene (ABS) as material was considered. However, the moulds fabricated
with this technique presented higher roughness, which translated to the device and
its channels, as can be seen in Figure 3.14.b. The effect of this roughness in EC
behaviour in the device was supposed to be negligible [219], but we found alterations
in cell behaviour. Therefore, the final mould geometry was sent to Beonchip to be
elaborated with the same resin as the initial moulds, Figure 3.15.
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Figure 3.14. (a) Final and assembled geometry of the mould in Solid Works. Female part
represented translucent to allow visualization of the channels. (b) ABS mould showing high
roughness. Sandpaper was used to reduce this roughness.

Figure 3.15. Final mould made of a biocompatible resin by stereolitography, used for the
fabrication of the final devices.

3.2.3 Fabrication of the device

The fabrication of the microfluidic device involved the preparation of the PDMS and
its curing in the mould. PDMS was supplied from Dowsil as a Silicone Elastomer
Kit. This kit included the silicone elastomer base and the curing agent. These two
components were mixed in proportion 10:1 in weight, following the manufacturer’s
instructions. The blend was then stirred and kept at -20◦C, as commented in Sec-
tion 3.2.1.1.

Once prepared, the PDMS was poured into the mould and the air bubbles were
removed in a vacuum chamber. Afterwards, it was left to cure at 60◦C overnight.
Finally, the device was removed from the mould and bonded to the microscope slide
using plasma treatment and a supportive overlay of PDMS. The final device is shown
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in Figure 3.16. This is the device that was used in the flow experiments with ECs. It
is mandatory to sterilise the devices once ready before any contact with living cells.
This sterilisation was carried out in the autoclave.

Figure 3.16. Final flow device. The cross-sectional area reduction can be seen in the right
part of the three channels. Culture medium will flow from left to right.

3.2.4 Modifications for the strain device
From this redesign of the flow device, the modifications needed to include a strain
stimulus that maintained the possibility to apply flow to ECs were studied. This
part of the work was performed with the help of a student developing her Bache-
lor’s thesis. Similar than with the flow device, the operational requirements were
initially defined. The strain values to be implemented vary from 2% to 10%, a range
that includes physiological—higher end—and pathological—lower end—strain condi-
tions [220,221]. Moreover, the strain must be achieved homogeneously in the base of
the channels, so that all ECs are subjected to the same mechanical environment. As
already commented, the strain will be applied with a biaxial machine, in particular
the Instron BioPuls™ low-force planar-biaxial Testing System, see Figure 3.17. This
system has four servo-electric actuators, two in the transverse direction and two in the
longitudinal direction, allowing both uniaxial and biaxial strains in the device. The
maximum applicable load on each axis is 50 N and the clamps provide a minimum
and maximum length of 15 and 60 mm, respectively. Its use ensures the mechani-
cal requirement on the one hand, as it can apply controlled displacements, and the
biological requirement on the other, as its configuration allows the placement of a
methacrylate cabinet covering the system to maintain the temperature and humidity
conditions for ECs during the experiments.

In the flow chamber, the substrate where ECs are cultured is a glass slide. How-
ever, for the study of deformations, a flexible membrane is needed. As ECs will be
cultured attached to it, the material chosen for the compliant membrane must be
bio-compatible. For simplicity and availability, PDMS will be tested as substrate. To
make this membrane, PDMS was poured into a cleaned and conditioned Petri dish,
carefully distributed and cured following the same procedure as the device. PDMS
contraction after curing (of around 1.1%) must be taken into account to obtain the
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Figure 3.17. Instron BioPuls™ low-force planar-biaxial Testing System that will apply the
strain in the flow device.

desired thickness. After curing, the substrate can be cut with the required shape and
the device mounted and attached using a thin layer of PDMS as adhesive.

3.2.4.1 Model validation via Digital Image Correlation

Before studying with FE models the dimensions of the substrate, the validation of
the computational model has to be performed, so as to make sure that the computa-
tional results match the real strains in the device. Using the flow device with a base
thickness of 1.6 mm, a uniaxial tensile test was carried out, applying a continuous dis-
placement of 5.6 mm/min in the longitudinal direction of the channels. The real time
deformation was recorded using a Digital Image Correlation (DIC) system, specifi-
cally the LaVision StrainMaster system. To do so, the bottom side of the PDMS
substrate was sprayed to create a pattern of random dots to be tracked by the system
and create the deformation maps. The images obtained were processed with the open
code Ncorr for Matlab. Subsequently, the test was reproduced by means of an FE
analysis with Comsol Multiphysics, developing a 3D model of the entire geometry of
the device. The mechanical analysis was considered stationary due to the low speed
of the application of the load.

In contrast with the previous FSI model, the deformations in this case were larger
and the accurate reproduction of the mechanical behaviour of PDMS was crucial for
the model. Therefore, a more complex hyperelastic material model was chosen to
reproduce PDMS behaviour in larger deformations. In particular, we chose the two-
parameter compressible Mooney-Rivlin approximation to fit the data of the uniaxial
tests obtained in Section 3.2.1.1, and the constants of the constitutive model are
shown in Table 3.2. For the device mesh, a fine mesh of 27,334 tetrahedral domain
elements, 6482 contour elements and 934 edge elements (Figure 3.18) was defined.
Due to the symmetry of the device, only half of the geometry was simulated.
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Table 3.2. Parameters of the Mooney Rivlin hyperelastic model to reproduce the behaviour
of PDMS.

C01 (kPa) C10 (kPa)
-105.31 414.97

Figure 3.18. Mesh of the FE model to reproduce the experimental uniaxial test.

A displacement of 5.725 mm was applied at both ends in accordance with the
experimental test, whereas the rest of the contours were allowed free displacement.
To validate the numerical simulation, the deformation field at the base of the FE
model is compared with the experimental measurements (DIC) at the end of the
test, see Figure 3.19. At first glance, both experimental and computational devices
showed higher strains near the grip ends and a more homogeneous distribution in
the centre. These sites, however, are subjected to edge singularities and will not be
studied or compared. As an initial check, a random selection of points was selected
and the deformations measured with the DIC obtained. In all cases examined, the
FE model achieved a relative error below 2% when compared to the experimental
results obtained at the central points. These findings suggested that the FE model
exhibits promise for accurately representing the system under consideration.

To validate the computational results, the analysis of the strain profile on a centre
line along the longitudinal axis, which matches the centre line of the centre channel,
was compared. This region showed a similar distribution in the experimental and
numerical results with a mean error of 4.3% (Figure 3.20), a low enough value to
consider the FE model validated.

3.2.4.2 Modifications and final strain device

With the validated FE model, the shape and thickness of the substrate were studied to
obtain the optimum geometry for our requirements—achievement of certain strains
and homogeneity of the strain distribution along the channels (see Section 3.2.4).
The thickness of the membrane has the highest impact in this homogeneity, being
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Figure 3.19. Deformation fields: experimental (left) and numerical simulation (right). The
dashed line shows the same region of interest (ROI) to facilitate comparison.
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Figure 3.20. Deformations in the centre line of the device for the experimental and com-
putational device.

the higher thicknesses the ones that show a more homogeneous distribution of strain.
Moreover, lower thicknesses have a higher risk of rupture in the areas near the grips.
However, thickness is also limited by the load cell of the biaxial unit, as higher
thicknesses require higher loads to achieve the desired levels of strain. Accounting for
this compromise, the optimal thickness for the substrate was stated to be 1.6 mm.

Regarding the shape of the substrate, two different layouts that allow an easy
clamping for the application of biaxial deformations were studied, see Figure 3.21.
To test both geometries, the maximum displacement before rupture was applied and
the achieved strain in the channels in both directions obtained. With the second
geometry, the maximum deformation possible in the longitudinal direction could not
reach 10%, so the first shape was initially selected for the device.

With these two parameters of the system fixed, FSI simulations of the device
showed differences in strain among the central and the side channels. As ECs in all
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Figure 3.21. Two tested shapes of the PDMS base for the strain device. These shapes are
designed to allow an easy grip by the clamps.

channels are required to be subjected to the same stimuli, this issue was solved by
reducing the number of channels to two. This implied a reduction in the amount
of information per test, but the homogeneity of the mechanical stimuli is a critical
requirement. With only two channels, the overall dimensions of the device were
reduced and the same strains could be obtained with lower displacements. Therefore,
for simplicity in manufacturing, the second shape of the base was now valid and
finally selected for the device, see Figure 3.21. Moreover, the width of the channels
was increased to 2.3 mm (from the previous 2.0 mm), the size of the tubing and
entrances, in order to increase the area of cells to be studied. Finally, to enhance the
quality of the images obtained in the microscope, a material reduction was defined
in the area above the channels. The configuration of the final device is shown in
Figure 3.22 and the mould for it in Figure 3.23.

With the model of this final device, the application of the biaxial strains was
analysed and an acceptable homogeneity was observed throughout the channels, with
the highest deviation in strain being 1.3% for the case of applying 10% strain. The
maximum stresses reached in all cases were not near the rupture stress of PDMS,
observed in the lab to be around 6 MPa.

3.3 Flow tests

This section describes all the steps that were performed in the cell laboratory, includ-
ing the tuning of the flow system and all the protocols followed in the flow tests. It
is crucial to follow every procedure carefully, as sterility is easily compromised. It
should be noted that every operation here described that involves EC manipulation
and exposure must be conducted inside a laminar flow hood.
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Figure 3.22. Final configuration of the strain device. The 1.6 mm thick base shows flat
chamfers and the device now only has two channels.

Figure 3.23. Mould to fabricate the strain device. An extra piece is mounted in the system
to make the material reduction above the channels. This piece also includes a draft angle.



3.3 Flow tests 83

3.3.1 Setup of the experiments
The flow tests were tuned and carried out with the flow device described in Sec-
tion 3.2.3. As this line of research is new to the group, a careful design and tuning of
cell experiments had to be performed in advance. This initial setup was performed
with HUVECs, as their cost is lower and are less sensitive that other ECs such as
HCAECs. Some parts of the protocol were standard, mostly those related to cell
handling, so they did not have to be optimised. However, cell density when seeding,
the adhesion protein used in the substrate or the flow pump were the three main
factors to optimise for our flow tests. They will be discussed in detail below, along
with the protocol to handle ECs and prepare them for flow tests.

3.3.1.1 Cell handling and seeding density

Before use, HUVECs were previously cryopreserved in vials in liquid nitrogen, each
vial containing 1 ml of an aggregate of cells, usually between 500,000 and 1 million,
culture medium and dimethyl sulfoxide (DMSO). Once needed, a cryovial was sub-
merged in a 37◦C water bath. Right before the cells were completely thawed, it was
removed from the heat and its content was resuspended in fresh culture medium and
introduced in a flask. The flask was afterwards placed in the incubator, which main-
tains an atmosphere of 37◦C and 5% CO2, for cell growth. Whilst left to grow, cell
medium had to be refreshed every 24 to 48 hours. Once ECs reached high confluence,
they were seeded in the flow device.

To obtain the cells that were attached in the flask, they had to be trypsinized.
For this, it was first necessary to remove the medium by aspiration. Cells were
subsequently rinsed with phosphate-buffered saline (PBS) to remove any trace of
culture medium, as it can inhibit the action of trypsin. Subsequently, the solution of
trypsin and ethylenediaminetetraacetic acid (EDTA), from Lonza, was poured into
the flask, ensuring a full coverage of the surface of cells. The flask was afterwards
left for at least 2 minutes at room temperature to make ECs detach from the flask.
If ECs were not detaching properly, the flask could be placed in the incubator for a
minute to enhance the effect of trypsin. Once this detachment was verified by visual
checking in the optical microscope, the flask was filled with cell medium to prevent
further action of the trypsin that could irreversibly damage the cells. This solution
was placed in a Falcon tube and centrifuged for 5 minutes at 1200 rpm to generate a
pellet of cells in the bottom of the tube. The supernatant was later aspired and the
remaining pellet of cells was resuspended in culture medium by gently pipetting to
break up the clumps.

Once cells were resuspended, they could be counted in a haemocytometer. This
step is crucial in order to know the cell density injected in the channels of the device.
The procedure works as follows: 10 µl of the solution with the cells and the medium
was injected between the haemocytometer and the coverslip. The surface of the
device is patterned with a squared grid, as shown in Figure 3.24. Using the optical
microscope, ECs inside the grids marked with an L (Figure 3.24) were counted and
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averaged per L-marked grid. This number was afterwards multiplied by 10,000 and
the result was the number of cells per ml in the solution.

Figure 3.24. Overview of the haemocytometer (or Neubauer chamber), which allows count-
ing the number of cells in suspension. The glass slide is placed over the central part of the
device. The surface of the device has a grid that can be observed in the microscope. Cells
in the four lateral squares labeled ’L’ are counted to obtain cell number per ml.

Cell density injected in the flow chamber was crucial for the development of a
proper monolayer of ECs to cover all the surface without overlapping, see Figure 3.25.
The evaluation of the generation of a confluent monolayer started by trying a seeding
concentration of 100,000 cells per squared centimeter [149,193,222], or 180,000 cells for
all three channels—1.8 cm2 is the overall seeding surface in our device. After several
iterations, the optimum cell density was established at 200,000 cells per squared
centimeter or around 350,000 cells for all channels.

Figure 3.25. Examples of the different types of monolayers that can be obtained due
to appropriate or inappropriate cell density. (a) A confluent homogeneous monolayer of
HUVECs. (b) A monolayer of HUVECs that could not cover the entire surface (see sides of
the image). (c) An overlapped layer of HUVECs.

3.3.1.2 Adhesion protein

Before seeding, the substrate of the flow chamber had to be treated to enhance cell
adhesion, as glass is highly hydrophobic. This was done by initially giving the surface
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an oxygen plasma treatment for 60 seconds and subsequently incubating an adhesion
protein in the flow chamber, which enhanced the hydrophilicity of the surface. In this
adhesion study, three different commonly used proteins were tested with our device
and HUVECs. These adhesion proteins are collagen, fibronectin and Matrigel™. Col-
lagen and fibronectin are proteins usually found in the body, whereas Matrigel™ is
a solubilised basement membrane created by Corning™ that reproduces a physiologi-
cally relevant environment for cell culture [223]. Regarding the other two proteins, rat
tail type I collagen and human fibronectin also from Corning™ were used. The con-
centrations used of each protein are detailed in Table 3.3, and were selected following
available protocols or other studies from literature [177,224].

Table 3.3. Coating concentration of each of the three tested adhesion proteins.

Protein Collagen Fibronectin Matrigel
Concentration 100 µg/ml 50 µl/cm2 5 µg/cm2

After including the dilution of protein in the channels of the device, it was in-
cubated for 1h at 37 ◦C to enhance its effect. After this time, the solution in the
channels was aspired and the device was carefully washed with PBS to remove any
traces left. Afterwards, the defined amount of cells (Section 3.3.1.1) was pipetted into
the channels and the seeding was left to culture in the humidified incubator overnight.
The flow tests could be performed when a confluent monolayer of ECs in the channels
was formed.

For this adhesion study, the maximum flow rate for 24 hours, i.e., 4.5 ml/min,
implying 0.3 and 1 Pa of low and high WSS, was applied with the peristaltic pump
(Section 3.2.1) as these are the most aggressive conditions of our tests. Phase-contrast
images throughout all the channels were obtained right before applying flow, at 16
hours and at the end of the tests, 24 hours later. From these images, cell density
was obtained by counting the number of cells in each image and the best adhesion
treatment was determined as the one that caused the least cell reduction and where
the highest number of cells could be found at the end of the experiments. The results
regarding cell density are detailed in Figure 3.26.a. From these data, we can con-
clude that fibronectin showed to be the best adhesion treatment for our experiments,
agreeing with the qualitative observation of the images (Figure 3.26.c).

Apart from these three adhesion proteins, in this study we verified the adequacy
of the material of the substrate. Therefore, we also tested the adhesion of ECs using a
PDMS substrate and compared that to the glass slide (Figure 3.26.b). In this case, we
observed that PDMS was a better substrate for EC adhesion and fibronectin coating
than a glass slide, therefore we decided to change our flow device and provide it with
a PDMS base.
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16h 24h0h

Figure 3.26. Results of the adhesion study. (a) Cell count (cels/mm2) for the evaluation
of the three adhesion proteins. (b) Cell count (cels/mm2) for the evaluation of substrate
material. In this case, tests were performed with fibronectin as adhesion protein. (c) Rep-
resentative images of the results comparing adhesion protein, at the beginning (top) and at
the end (bottom) of the experiments.

3.3.1.3 Flow pump

The tuning of the peristaltic pump, see Figure 3.27.a., and some experimental tests
were performed with the help of a student, as part of her Bachelor thesis. Some
initial measurements were performed with the flow pump to obtain a coarse linear
relationship between pump speed and flow rate, see Figure 3.27.b. From this starting
point, a finer tuning was performed to obtain the specific pumphead speed needed to
get our required flow rates (2.5 ml/min, 3.5 ml/min and 4.5 ml/min). This tuning
was performed with plain PBS, PBS with 4.93% of Dextran as the culture medium
and this last solution at 37 ◦C, to ensure that these changes in fluid viscosity or
temperature did not affect the flow rate the pump provided. The results obtained for
this calibration are shown in Table 3.4.
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A

D
C

B

Figure 3.27. (a) Experimental setup of the G100-1J peristaltic pump. Culture medium
flows from the reservoir, A, to the pumphead of the peristaltic pump, B. Afterwards, we
include a damper, C, to avoid the pulsatility generated by the pump and make the flow in
the device, D, steady. (b) Coarse linear fit between the pumphead speed and the flow rate.

Table 3.4. Flow rates (ml/min) obtained with certain pumphead speeds (rpm) with differ-
ent fluid conditions.

Pumphead speed (rpm) PBS PBS + dextran PBS + dextran at 37ºC
41.7 2.4 2.5 2.6
58.3 3.5 3.5 3.6
75.0 4.5 4.4 4.5
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In parallel, we performed the setup of the pressure pump OB1 from Elveflow,
see Figure 3.28. This pump could be controlled with the computer, allowing the
generation of more complex flow patterns, like oscillatory or pulsatile flow, interesting
for further studies. Generally, pressure pumps move flow from one reservoir to another
by applying a pressure change. If recirculation of fluid is required, flow direction would
have to be reversed as it would flow from the second reservoir to the first. In our case,
we need flow to maintain the same direction to generate positive pulsatile patterns,
for example. However, due to the time length and the high demand of flow volume our
experiments require, we also need to include a recirculation of flow. The Mux Injection
system from Elveflow is a solution for this problem. It is an injection valve with six
inputs and two interchangeable configurations that allows, by a specific placement
of the tubing, to maintain flow direction in the devices while changing the reservoir
that is providing the system and with a fast switch time (100 ms). Additionally, a
flow sensor is required for the software to be able to control the setup guided by
flow rate. The system was assembled and several trials were performed with different
flow patterns set in the software. Due to the high dimensions of this entire system,
it does not fit an incubator, so the tests with cells would have to be performed in a
heating cabinet with a tampon solution to account for the lack of CO2 in the culturing
environment.

A

B

C D E

Figure 3.28. Calibration setup for the OB1 pressure pump. A pressure probe comes
from the pump, A, into the reservoir, B. When pressure is applied, culture medium leaves
the reservoir and flows through the flow sensor, C, and moves to the flow device, D. The
pressure pump and the flow sensor are connected to the computer, E, for a careful control
of the conditions of the setup.

3.3.2 Procedure of the flow tests
Before performing the flow tests, the tubing system was previously sterilised in the
autoclave and the confluent monolayer of ECs was cultured in the flow chamber
following the specifications detailed in Section 3.3.1.1 and Section 3.3.1.2. The entire
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system consisted of a peristaltic pump, a set of tubes, a 5 ml bottle filled with cell
medium, a fluid damper and the flow chamber device assembled on a PDMS base
(Section 3.3.1.2).

Firstly, control images of the cells along the three channels were taken in the
phase-contrast microscope to be later compared with the disposition of the cells once
subjected to flow. Afterwards, the tubes were connected to allow a progressive feeding
of the system. The flow rate was initially low to facilitate visual checking of any
possible leaks and to avoid ECs to be drastically pushed by a high shear. Once the
system was proven watertight, the flow rate was set to the test value and the kit
was kept in the humidified incubator for 24 hours, a sufficient time-frame for cells to
respond to flow [193]. Throughout this time, images of the cells were taken at 2-4-
8-16-24 hours to obtain their time dependent response. The time interval between
images was shorter at the beginning of the experiments as it is when ECs change
more evidently their morphology [193]. The flow rates selected for the experimental
tests due to the WSS values they generate are shown in Table 3.5.

Table 3.5. Flow rates (ml/min) used in the experimental tests and WSS generated in both
areas of the flow device.

Flow rate High WSS (Pa) Low WSS (Pa)
1.25 ml/min 0.28 0.08
2.5 ml/min 0.55 0.16
3.5 ml/min 0.77 0.23
4.5 ml/min 1 0.30

After the 24 hours, the system was moved again to the phase-contrast microscope
to obtain the final images of the cells under flow conditions. Finally, the kit was
carefully disassembled and the tubing system was thoroughly checked and set aside
for sterilisation and reutilisation. Cells were finally fixed for immunostaining. This
fixation consisted in emptying and washing the device after the tests, to afterwards
include a 4% paraformaldehyde (PFA) in PBS solution. It was then left at room
temperature for 15 minutes. Finally, the solution was removed and the fixed ECs
were kept submerged in PBS at 4◦C.

3.4 Image analysis
Once the flow test was finished, the grayscale microscope images of the cells through-
out the experiment had to be processed. From them, we wanted to study cell response
in terms of morphology, therefore the information that we extracted is the shape in-
dex (SI) of the cells and their orientation. The SI provides information about the
circularity of the cells. A value of SI of 1 means a perfect circle, while a value closer
to 0 implies a more elongated shape, as can be inferred from (3.5). These two fac-
tors were calculated with Matlab R2020a. However, the quality of the images was
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not optimal and cell contours could not be automatically segmented in the software.
Therefore, a preprocessing was needed, which was also carried out in Matlab. After
this step, the images were analysed and the results of the flow tests obtained.

SI = 4 · π · area

(perimeter)2 (3.5)

3.4.1 Image preprocessing

This section discusses the final preprocessing employed to improve the quality of the
images for the posterior cell morphology analysis. The whole process involved defining
multiple iterations and functions to arrive at this optimised solution, as the images
captured by each microscope varied and achieving uniformity across all images posed
a challenge.

First, a contrast enhancement was implemented to sharpen the edges with the
function imadjust. Afterwards, the images were inverted to achieve a darker back-
ground by using imcomplement. Subsequently, the background of the images was
estimated with the help of the function imopen and subtracted. This step is carried
out to mitigate differences in brightness between the centre and the borders of the im-
ages, see Figure 3.29.b and c. In order not to lose the information of one of these two
areas, this homogenisation in brightness is necessary. Figure 3.29 shows the initial
image and the ones resulting after this preprocessing.

From this processed image, the next step was the binarization with the function
imbinarize, which is essentially the transformation of a grayscale image into a black
and white one. For this, it was necessary to establish a threshold to determine the
level of gray that is black or white. However, only by establishing a threshold, these
images were still not properly binarized, as lighter areas represent background in
some places of the image and cells in others. Since this is quite a common problem,
certain methods include the so called adaptive threshold, which establishes a local
threshold in the neighbourhood of each pixel. With this method, the binarization of
the images was fairly accurate, see Figure 3.30.a. Afterwards, residual noise from the
images was erased establishing a minimum amount of pixels per item, with function
with bwareaopen.

The holes that can be seen in the particles were filled with function with imfill
and the cells that were in the border of the image and therefore not shown whole
were removed with function imclearborder. In order to make sure that two cells were
not overlapped and counted as one in the binarization, the function imerode was
used to separate the borders of the particles, avoiding undesired overlaps. Finally,
to overcome an over erosion, imdilate was used afterwards to expand the borders of
the cells but making sure that single cells were still visible as unique particles, see
Figure 3.30.b.
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Figure 3.29. (a) Initial phase-contrast image. Note the differences in brightness in the
entire image. (b) The inverted image, showing ECs in a lighter shade than the background.
The differences in background brightness are carried to this step. (c) The inverted image after
removing the background. Note that the brightness of the image is now quite homogeneous.

Figure 3.30. Both steps in binarization. (a) Initial binarized image after applying the
adaptative threshold. (b) Final binarized image.
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3.4.2 Particle analysis and measurement

The binarized and processed images were then analysed to obtain cell contours. In
order not to count the extra residual noise of the images, a minimum area limit was
set, so that all the small white dots that can be seen in Figure 3.30.b were not analysed
as cells. Despite our efforts in the previous step, some cells were still overlapped in the
images and the binarized result was a bigger white particle. As the known watershed
function did not prove good effect in our images to separate the two objects, we set
an upper area limit to block the detection of these overlapped cells. In Figure 3.31,
a representative example of the cell contour detection is shown.

Figure 3.31. Representative image of the cell contours detection. The detected contours
are drawn over the initial image, before any processing.

With the initial analyses, we consistently observed fairly low values of SI, even for
the apparently rounded cells. It was observed to happen due to the high number of
small spikes that are drawn in the detected contours. These spikes caused a higher
perimeter value that did not involve a higher area, artificially reducing the values of
SI (see (3.5)). Therefore, we chose to analyse the roundness of the particles, see (3.6).
This measurement considers the area and the length of the mayor axis of the ellipse
that best fits that cell, therefore avoiding the over-measurement of the perimeter.
This parameter also takes the value of 1 for a perfect circle and 0 for a line.

Roundness = 4 · area

π · (major axis)2 (3.6)
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3.4.3 Nuclei segmentation

Due to the image processing protocol causing some loss of information with some cells
not being properly detected, we evaluated, as an alternative procedure, the possibility
of obtaining cell shape and orientation from staining the nuclei of ECs. Therefore,
two flow tests (n=6) with the highest flow rate of 4.5 ml/min (see Table 3.5) were
performed on HUVECs stained with Hoechst. Hoechst dyes stain the DNA inside cell
nuclei and, thanks to its high cell membrane permeability, it can be used on living
cells. Images were taken at the beginning of the test, at 16 hours and at the end, both
phase-contrast and fluorescence, see Figure 3.32. The purpose of this analysis was to
compare the changes in shape and orientation observed in both types of images and
thereby validate the use of stained nuclei and fluorescence images.

Figure 3.32. Phase-contrast (a) and fluorescence (b) images of the same spot in the device
at the beginning of the test.

The image processing for the fluorescence images required less steps than the
one detailed previously (Section 3.4.1). In particular, the fluorescence images were
merely contrast enhanced (imadjust) before binarization. After binarizing the images
(imbinarize), the remaining holes were filled (imfill) and the nuclei in the borders of
the images erased (imclearborder). Afterwards, particle analysis was performed in
the open software Fiji [225], differing from the phase-contrast images (Section 3.4.2),
in which this analysis was performed in Matlab. Due to the clearer contours in these
images, a watershed algorithm could be directly applied to separate the overlapped
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particles. Similarly than with phase-contrast images, a pixel size limit was set to
ensure that only the nuclei were being segmented.

Some significant elongation in terms of a reduction of the roundness factor was
observed in the first time interval when analysing both, cell and nuclei contour, and
in both areas of high and low WSS, see Figure 3.33. In the last time interval, from 16
hours to the end of the experiment, the roundness of both, cells and nuclei increased
significantly. This is probably due to cell loss, but this effect will be discussed in the
following section. In these tests, two different WSS levels were applied to cells, see
Table 3.5. The roundness at the beginning of the experiments was similar in both WSS
areas for cells and nuclei. However, the roundness in both cases showed significant
differences in the area subjected to low and high WSS. In particular, cells subjected to
a lower value of WSS elongated more (lower value of roundness) than those subjected
to the higher WSS, and this can be observed in both, cell shape and nuclei. This
difference can also be due to more cell loss in this aggressive environment. In terms
of orientation, the results between whole cells and nuclei differed in some cases, see
Figure 3.34. A change in cell orientation was observed in whole cells, in both levels
of WSS (Figure 3.34.a). Cell nuclei, however, did not reproduce this cell orientation
(Figure 3.34.b). The possibility to observe the orientation of the whole cells only by
observing the nuclei was expected, as Ghim et al. [226] observed a reorientation of
nuclei. However, they found a consistent discrepancy of 10-20◦ between the direction
of the nuclei and the overall direction of porcine aortic endothelial cells.
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Figure 3.33. Roundness of cells (a) and nuclei (b) for the two different levels of WSS
studied. * indicates a statistically significant difference (p<0.05).
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Figure 3.34. Histograms of cell (a) and nuclei (b) orientation for the two different levels
of WSS studied.

3.5 Preliminary results of the flow tests
Following all the protocols that have been described above, flow tests with steady
laminar flow were performed on HUVECs (passages 3-6) and on HCAECs (passages
3-7). The objective of these initial tests was to obtain the WSS threshold from which
ECs start to respond to flow, and to observe whether it varied with cell type. These
tests could give us valuable insight into the need to use the specific cell type of the
area to be studied, as well as giving a clearer differentiation on the response threshold.
Due to their different origin, the flow ranges studied for HUVECs were smaller, as
ECs from vein are physiologically subjected to low values of WSS [227]. Therefore, for
the experiments with HUVECs and steady flow, flow rates of 1.25, 2.5 and 3.5 ml/min
were studied, generating WSS values ranging from 0.08 to 0.77 Pa (see Table 3.5). On
the other hand, on the experiments with HCAECs, the flow rates studied were 2.5,
3.5 and 4.5 ml/min, causing a WSS that ranged between 0.16 and 1 Pa (Table 3.5),
in order to include the higher ranges of WSS that happen in coronary arteries [208].

3.5.1 HUVECs subjected to steady flow
Figure 3.35 shows the results of HUVEC roundness for the different values of WSS.
HUVECs in static conditions show a relative randomness and no clear conclusions
can be extracted from them. In these conditions, HUVECs showed an already elon-
gated shape at the beginning of the experiments, observed in the low initial value of
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Figure 3.35. Median and standard deviation of the roundness of HUVECs (passages 3-
6) throughout different levels of WSS (n=6 for all conditions). * indicates a statistically
significant difference (p<0.05). Median instead of mean is represented in an attempt to
reduce the skewness that apoptotic round cells cause in the data.

roundness. After this moment, HUVECs show changes in their roundness throughout
the experiment without a clear tendency. We can observe, however, that the changes
in the values of roundness are small, and so are in all the tested conditions. Other
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studies in literature studying HUVECs and measuring their SI or roundness reported
higher initial values [172], indicating a more circular starting shape which allows ECs
to change their shape more notably throughout the tests. Despite this initial already
elongated shape, further elongation can be seen consistently as a reduction in the
roundness value in the first 8 hours of most levels of WSS studied (from 0.08 Pa to
0.55 Pa). Therefore, the WSS threshold from which HUVECs start to elongate seems
to be below 0.08 Pa. Further flow tests with lower flow rates could be performed
in order to obtain the WSS to which HUVECs do not change their shape. In the
highest level of WSS, 0.77 Pa, HUVECs started more elongated than other cases and
no further elongation was observed during the experiment.

Figure 3.36. Monolayer of HUVECs at the beginning (a) and 20 hours into the flow test
(b). The initial confluent monolayer is lost in that time span and HUVECs recover their
initial cobblestone configuration, rendering the results invalid from this point in time.

In almost all cases, HUVEC roundness increases at 20 hours of flow. By qualita-
tively observing the images, this increase corresponds to a moment of relevant cell loss
and the monolayer being compromised, see Figure 3.36. In this new distribution in
the channels, the monolayer is no longer confluent and some HUVECs regain a more
cobblestone shape. Apart from that, other HUVECs become apoptotic, resulting in
rounding before finally detaching. Due to this two factors, the results are considered
invalid once the monolayer is compromised, normally around 16 hours after the be-
ginning of the tests. The median of the roundness factor is evaluated instead of the
mean (Figure 3.35) as the data distribution is somewhat skewed towards the higher
end (the rounder shapes) due to these outliers. This disruption of the monolayer also
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happens in the highest levels of WSS studied (0.77 Pa), where HUVECs are not able
to withstand such high shear rate and some cells detach almost at the beginning of
the tests, translating into an increase of the overall roundness of ECs. The generation
and preservation of a confluent monolayer of ECs throughout flow studies is one of
the main challenges of these experiments. Davies et al. [191] also reported cell loss
when ECs were subjected to flow for over 8 hours.
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Figure 3.37. Normalised histogram of orientations of HUVECs (passages 3-6) in the
different levels of WSS (n=6 for all conditions). The 90◦ angle is the direction of flow.



3.5 Preliminary results of the flow tests 99

Figure 3.37 shows the normalised histograms of HUVEC orientation in all tested
conditions and throughout the time lapse of the experiments. An angle of 90◦ repre-
sents alignment with flow. When HUVEC were not subjected to flow, Figure 3.37.a,
the histogram shows a flat distribution of the different angles, which represents a
random orientation of HUVEC. However, when subjected to even the smallest val-
ues of WSS, HUVEC reorient with the direction of flow (90◦) throughout the tests.
In the case of the three lowest WSS values, Figure 3.37.b–d, HUVECs showed an
initial preferred orientation of 90◦. As they became subject to flow, this preferred
direction coinciding with the direction of flow became more pronounced, i.e., more
cells were aligned with this direction. In the case of the three highest WSS values,
Figure 3.37.e–g, the orientation of HUVEC at the beginning of the experiment was
around 50-60◦. By the end of the experiments, this orientation shifted to an alignment
with flow (90◦). Therefore, although cells were lost halfway through the experiment,
the remaining ones maintained their orientation with flow.

3.5.2 HCAECs subjected to steady flow

Following the same protocol than with HUVECs, steady flow tests were performed
on HCAECs. Since these ECs come from arteries, the physiological WSS they are
subjected to in vivo is higher [208], therefore the tests were designed to reproduce
higher levels of WSS by applying flow rates of 2.5, 3.5 and 4.5 ml/min or WSS values
from 0.16 to 1 Pa, see Table 3.5. These tests were carried to 32 hours of flow, as other
studies on ECs coming from arteries measured cell shape throughout the experiments
and observed that EC response did not change from this timepoint [193].

Figure 3.38 shows the results of HCAEC roundness for the static conditions and
all the levels of WSS studied. In some cases, the images from the first hours of flow are
missing due to microscope unavailability. Similar to what happened with HUVECs,
HCAEC response in static conditions in terms of roundness shows a randomness from
which other conclusions cannot be obtained. In the four lowest levels of WSS—0.16,
0.23, 0.30 and 0.55 Pa—, a significant elongation can be observed in the first 8 to 16
hours of the study. However, this elongation is lost afterwards due to the loss of the
confluent monolayer, see Figure 3.39. When subjected to a WSS of 0.77 Pa, HCAECs
show an elongation in the first 8 hours although it cannot be considered statistically
significant. In the highest level of WSS—1 Pa—, it was very complicated to maintain
a confluent monolayer when such a high flow rate was applied and HCAECs detached
more easily since the beginning of the experiments, invalidating the results obtained,
Therefore, we observed how HCAECs elongated with lower values of WSS than ex-
pected. This threshold that we were expecting to find, thus, could not be determined
with these experiments.

When compared to the results obtained with HUVECs, HCAECs have an overall
more elongated shape which can be observed in their lower values of roundness, at
the beginning and throughout the tests (Figure 3.38). However, HCAECs have also
responded to the lower values of WSS, like HUVECs, which is not consistent with
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Figure 3.38. Median and standard deviation of the roundness of HCAECs (passages 3-
7) throughout different levels of WSS (n=6 for all conditions, except for the 3.5 ml/min
test—0.23 Pa and 0.77 Pa—, in which n=3). * indicates a statistically significant difference
(p<0.05). Median instead of mean is represented in an attempt to reduce the skewness that
apoptotic round cells cause in the data. Overall values of roundness of HCAECs are lower
than those of HUVECs.
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Figure 3.39. Monolayer of HCAECs at the beginning (a) and 16 hours into the flow test
(b). The initial confluent monolayer is lost, invalidating the results from this point in time.

their stress stimulus under in vivo conditions. These results suggest the possibility
that any type of EC could provide similar results in flow tests.

In terms of cell orientation, Figure 3.40 shows the normalised histograms of the
orientations throughout the experiments and in the different conditions. Similarly
than with HUVECs, the orientation of HCAECs was random in the static conditions
and in all levels of WSS, they tend to align with the direction of flow with time. This
alignment is clearer in the three lower levels of WSS were the monolayer is mostly
maintained. However, in the higher levels of WSS, although most HCAECs are finally
lost, the remaining ECs tend to maintain their orientation with flow, similar to what
happens with HUVECs.

3.6 Key findings
• We have been able to develop a flow chamber device to study the behaviour of

ECs subjected to flow that is easily adaptable to apply a combined stimulus
of WSS and cyclic stretch. Several experiments have been performed with the
flow device and ECs. However, no tests have been performed yet with ECs and
the strain device.

• The optimum protocol for flow tests on HUVECs was clearly defined. In partic-
ular fibronectin over a PDMS substrate was shown to provide the best adhesion
characteristics for a monolayer of HUVECs.

• A computer controlled pressure pump was set up to reproduce more complex
flow patterns, including flow pulsatility.
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Figure 3.40. Normalised histogram of orientations of HCAECs (passages 3-7) in the dif-
ferent levels of WSS (n=6 for all conditions, except for the 3.5 ml/min test—0.23 Pa and
0.77 Pa—, in which n=3). The 90◦ angle is the direction of flow.

• EC nuclei showed elongation when cells were subjected to flow, showing good
agreement with the response of whole cell morphology. The orientation of nuclei,
however, did not replicate the orientation of cells.
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• Phase-contrast images were automatically segmented succesfully with an image
processing in-house code developed in Matlab.

• HUVECs and HCAECs showed response to flow in terms of morphology at low
values of WSS. In particular, both types of ECs elongated during the first hours
of the experiments and oriented with the direction of flow in all cases.

• No clear evidence of different levels of response was found between HUVECs and
HCAECs, suggesting that any type of EC would be valid to obtain generalised
results in flow tests.

• The critical factor of flow tests is the preservation of a confluent monolayer
throughout the entire experiments. ECs are delicate and a monolayer can be
easily compromised when the shear rates of the flow are relatively high.

• The preliminary findings obtained from the cell experiments represent the first
step towards future work in this area aimed at achieving more conclusive results.
The optimisation process carried out in this study will serve as a basis for these
future investigations.
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CHAPTER4
Damage caused by

stent indentation
In this chapter, we explore a novel approach to understand and quantify the me-
chanical damage caused by stents in arteries that can lead to in-stent restenosis.
Specifically, we use collagen hybridizing peptides, which are synthetic and fluores-
cent strands of peptide similar to collagen that can bind to damaged and denatured
collagen in vascular tissue. To simulate the effect of stent struts on arteries when
expanded, we have devised an indentation test that mimics a single repeating unit
of indentation. By observing and quantifying any damage to the collagen caused by
this indentation, we intend to gain deeper insights into the underlying mechanisms
of damage that trigger in-stent restenosis.

4.1 State of the art
In-stent restenosis is a complex phenomenon that involves a range of biological and
mechanical factors, including inflammation, thrombosis and mechanical injury caused
by the stent itself. In an attempt to understand the mechanical environment that
stents cause after expansion, several computational models have reproduced the ex-
pansion of a stent and analysed the stresses in the tissue [228–232]. More recently,
mechanobiological models have emerged to relate mechanics to the generation and
progression of in-stent restenosis. These are divided in agent-based models [233,234],
cellular automata methods [235,236] and continuum models [95,237–239]. Computa-
tional models such as these, however, need experimental data to validate and refine
their assumptions and predictions.

In the search for experimental ways to understand the mechanical damage that
occurs in stented vessels, collagen hybridizing peptides (CHPs) have emerged as a
new potential tool for its assessment. Essentially, CHPs are synthetic peptides that
can bind to places where collagen is damaged and fluoresce, allowing observation
of these sites in the microscope [96, 240]. The actual mechanism of these peptides
relies on the triple helix structure of collagen in the vessels. With damage or tissue
remodelling, this structure of the collagen can be denatured, unfolding the triple
helical chains. CHPs are able to bind to these denatured helices of collagen through
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hydrogen bonding [241], see Figure 4.1.a. In simple terms, CHP is a single strand
that can bind to collagen helices that lack some of the three strands, thus it has
negligible affinity to intact collagen [242]. Due to its neutral and hydrophilic nature,
CHP is also inert towards non-specific binding [243]. Considering the abundancy
of collagen in arteries, CHP has already been successfully used in these vessels to
detect chemical or heat-induced damage in their collagen [240, 244, 245], as well as
mechanical damage induced by over-stretching the tissue [96], see Figure 4.1.b. These
earlier studies using CHP support the possibility that, provided that stent induced
damage involves damage in collagen, CHP could be a good marker to detect and
quantify damaged areas in stenting and offer the possibility to link these areas to
in-stent restenosis, moving one step forward towards a better understanding of the
specific damage stimulus driving in-stent restenosis.

4.1.1 Objectives of the study

Considering the potential of this novel peptide for localising damaged areas, it is
the objective of this study to determine whether CHP is capable of detecting and
quantifying the mechanical damage that stents cause in vessels. To achieve this aim,
indentation tests have been performed in porcine aortic tissue, which has subsequently
been treated and evaluated with CHP. In these tests, three factors have been studied:
(1) the effect of indentation level, or strain to which the tissue is stretched; (2) the
effect of stent design by using two different size indenters; and (3) the effect of recoil
or whether this damage is reversible in any way. The indentation tests have been
reproduced numerically to give further insight into the mechanical stimuli present in
the vessels and to link these with CHP results.

4.1.2 Research questions posed

• Is CHP a good marker for the type of damage that stenting causes in arteries?

• Can we quantify with CHP different levels of damage in indented tissue?

• What are the mechanical stimuli that favour the apparition of collagen damage
in an indented tissue?

• Is there a threshold level of indentation that does not cause damage to the
collagen in the tissue?

• Is collagen damage caused in vessels by an indentation reversible?
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Figure 4.1. (a) Schematic of the mechanism of CHP binding with denatured collagen
(Figure 1 from ref. [242]). (b) CHP marking damaged over-stretched middle cerebral arteries
(top) and control samples (bottom) from sheep (Figure 4 from ref. [96]).
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4.2 Materials and methods

4.2.1 Study design
The damage caused in the vessels by stenting was reproduced in vitro with indentation
tests. These tests represent one of the repeating units or struts of the stent, as can be
seen in Figure 4.2. The in vitro indentation consisted in the controlled displacement
of a round-shaped nitinol wire (Fort Wayne Metals) towards the tissue, see Figure 4.2.
In these tests, three different conditions were studied: i) the effect of indentation level,
by displacing the indenter three different distances defined to assure some damage
[68, 97, 246], ii) the effect of stent design or indentation pressure, by indenting the
tissue the same amount with wires of two different diameters and iii) the effect of
recoil, by allowing the tissue to recover after the indentation. Each of these conditions
was tested in different vessels, with a minimum of three successful samples each. One
same condition—the maximum level of indentation with the biggest wire and no
recoil—was tested in the three different vessels to account for possible individual
variations. The overview of the tests is displayed in Table 4.1.

Figure 4.2. Outline of the indentation that occurs in vivo when stenting (left) and its
replication with the indentation tests in vitro (right). A repeating unit of the stent (circled
in light green) is represented by the indentation tests in vitro, by displacing a certain distance
an indenter towards the tissue, with the intimal side on top.
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Table 4.1. Testing conditions of each of the tested aortas. Aorta 1 was used to evaluate
the effect of indentation level; aorta 2 the effect of stent design; and aorta 3 the effect of
recoil.

Indentation level
(% of tissue strain)

Strut
diameter

Allow tissue
relaxation

40% 80% 120% 203 µm 305 µm Yes No

Aorta 1 x
(n=4)

x
(n=3)

x
(n=4) x x

Aorta 2 x x
(n=6)

x
(n=5) x

Aorta 3 x x x
(n=6)

x
(n=6)

4.2.2 Design and fabrication of the indentation system
An indentation system was designed with SolidWorks based on a previous system [247]
and 3D printed in polylactic acid (PLA). Briefly, the benchtop device consisted of
a holder where the samples were gripped with the help of clamps and screws, and
an indenter piece with three guides to place the nitinol wire, according to the three
levels of indentation to test. The indenter piece, and subsequently the wire, was
kept tightened and prevented from bending during the indentation with the aid of a
supporting stainless steel jig that gave rigidity to the system, see Figure 4.3.

4.2.3 Experimental tests

4.2.3.1 Obtention and preprocessing of samples

3 porcine aortas were obtained from a local abattoir. The aortas were stored in tissue-
freezing medium (TFM; RPMI-60 Media, 1.8 M DMSO and 0.1 M Sucrose) for proper
preservation [248], placed in a Mr. Frosty supplier cryosystem (containing isopropyl
alcohol; VWR) and cryopreserved at - 80°C. Before testing, the descending thoracic
aortas were thawed and TFM was washed from the vessels with PBS. Rectangular
samples in the circumferential direction were obtained, 4 mm wide and around 20
mm in length (10 mm for the distance between grips + 5 mm extra per side to grip
the sample). Thickness of the samples was subsequently measured.

4.2.3.2 Indentation tests

Control samples in each vessel were separated (n=6 per vessel). For the samples to
be tested (n=6 per condition, final number of successful tests shown in Table 4.1),
three specimens were gripped in each indentation system, with the intimal side on top,
mimicking the orientation of stenting in vivo. The wire was placed in the desired level
and tightened, and the samples were indented at a controlled and slow pace to ensure
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Figure 4.3. Design of the indentation system, set of three samples gripped to the base of
the PLA device and indentation test with the support of a stainless steel jig, to prevent the
bending of the wire.

a quasi-static indentation. Samples were left indented for 1h in 37°C PBS, and were
subsequently fixed with 10% formalin (while maintaining the indentation) for 24h at
room temperature. When studying the effect of recoil, the indenter was removed after
1h and the sample was left to recover for another hour before fixing. Samples were
kept in 50% ethanol at 4°C after fixation and before histological processing.

4.2.3.3 Histological processing and CHP

Samples were cut after fixation to check two planes of interest with histology. In
particular, the radial-circumferential (R-C) plane and the longitudinal-circumferential
(L-C) plane were separated, see Figure 4.4. The R-C plane would give interesting
information mostly in the indenter area throughout the thickness, whereas the L-C
plane would show the change in collagen fibres on the same layer and their response
in the area along the indenter. Next, control and tested samples were dehydrated,
embedded and sliced at 7 µm, following standard histology protocols. Hematoxylin
and eosin (H&E) and picrosirius red (PSR) stains were performed on the samples.
H&E stain was chosen to observe the overall structure of the vessel, as it stains cell
nuclei in dark purple and connective tissue (collagen and elastin) in pink. PSR stains
collagen in red and allows for a careful observation of its orientation with polarised
light microscopy (PLM), as it enhances the intrinsic birefringence of collagen. H&E
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and PSR stained samples were observed in the brightfield microscope. Additionally,
PSR stained samples were analysed with PLM, using two angles of incidence 45°
apart, enough to cover all orientations, see Figure 4.5.

Figure 4.4. Planes of interest for histological studies in the tested samples. After fixing,
the indenter was removed and the samples were cut in half following the green dashed
line. One half was kept as is and was used to study the radial-circumferential (R-C) plane.
The other half was again cut along the indentation site, following the pink dashed line.
The two remaining pieces were carefully flattened and were used to study the longitudinal-
circumferential (L-C) plane. Control samples were only cut once in half, following the light
green line, obtaining one piece for each plane of interest.

CHP (3Helix) was also used in histological preparations of the tissue. In detail,
0.3 mg of CHP were dissolved in 5mL of PBS to obtain a 20 µM concentration of
the peptide, vortexed and centrifuged to assure a homogeneous solution, following
the suggested protocol. The solution was heated at 80°C for 5 minutes to denature
the strands of CHP that had bound together, and subsequently brought to room
temperature with the help of an ice bucket to avoid CHP from damaging the collagen
in the tissue due to an overheating. The solution was immediately pipetted onto
the histological preparations to ensure minimal deadtime. The slides with CHP were
incubated overnight at 4°C, gently washed with PBS afterwards and coverslipped
using Pertex as mounting solution. The washing step was critical as the tissue would
easily detach from the glass slide after several hours of incubation and float away or
fold in itself, losing the sample. CHP slides were then imaged with a fluorescence
microscope, maintaining the same exposure time for all samples. It was determined
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Figure 4.5. Images of PLM obtained with two angles of incidence 45◦ apart and multiple
angles of incidence. The obtained images show the same brightness and no families of
collagen fibres are missing in the two-angle image, therefore the two-angle approach is enough
to obtain all the information from the PLM images.

that only one slice per condition was sufficient to observe damage with CHP, as the
brightness of the images was observed to not vary throughout the thickness of the
samples, see Figure 4.6.

4.2.3.4 Quantification of CHP

CHP images of the tissue were collected focusing on three areas of interest: the area
right below the indenter or strut area, the area right next to the indenter or mid
area and the area away from the indenter where the tissue has been homogeneously
over-stretched or stretch area (see outline of the areas in Figure 4.9.a). A qualitative
analysis was performed in these images to locate the highly affected areas, mostly
by comparison within other areas in the same sample. Moreover, a quantification
methodology was developed and performed to evaluate collagen damage avoiding
subjective measurements, following the steps proposed by Converse et al. [96]. The
quantification was performed in the R-C plane images. The quantification process
consisted in averaging the brightness of all the control samples and defining that
averaged value as a non-damaged brightness level. To evaluate the images of the
tested samples, tissue was considered damaged when a pixel value was 1.75 times the
non-damage brightness level. This factor was obtained as the smallest factor with
which control images showed no damage (<1% damaged pixels). Quantification areas
were defined and measured homogeneously across all samples. For the strut area, a
square of 185 µm of side right below the indenter was evaluated; for the mid area, the
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Figure 4.6. CHP images of the same samples throughout the thickness of the tissue
(columns), in the L-C plane (top) and the R-C plane (bottom) and in different areas of the
tissue (rows). The levels of brightness are constant, therefore one slice per sample is enough
to observe collagen damage detected by CHP.

last portion of tissue in direct contact with the indenter was identified and a rectangle
of 185 x 370 µm was placed from that point and away from the indenter, with the
short side placed through the thickness; for the stretch area, a square of 325 µm
of side was centrally placed in the over-stretched sample. The percentage of damage
was finally quantified as the number of pixels in those regions with brightness over
the established threshold in relation to the total number of pixels in those regions. In
all cases, only evident artefacts such as folds or clear overstains were avoided when
selecting the areas to quantify.



114 4 Damage caused by stent indentation

4.2.4 Computational model
An FE model of the experimental tests was developed in Abaqus/Standard v6.14 to
assess the mechanical stimuli present in the samples during the experiments. The
test was simulated as plane strain with one-element thickness. The displacement of
the indenter was applied as a boundary condition and the gripped ends of the sample
were fixed, as in the in vitro indentation. The three layers of the vessel were included
and the anisotropic hyperelastic material model used was the GOH model [127], see
Section 2.5.1. The preferred fibre directions were included manually in the input files.
The material parameters of each layer were obtained from literature [34] and are
shown in Table 4.2. Full incompressibility was assumed and the model was meshed
with hybrid eight-node linear bricks (C3D8H).

Table 4.2. Parameters of the GOH material model used, differentiating per layer. θ is the
preferred angle of orientation of the fibres with respect to the longitudinal direction of the
vessel. The distribution of thickness of the different layers is also included [34].

Layer % thickness µ (kPa) k1 (kPa) k2 (-) θ (º) κ (-)
Intima 18 10 168 2.609 54.0 0.188
Media 49 15 85 1.376 72.3 0.156

Adventitia 33 5 128 4.285 66.1 0.181

4.3 Results

4.3.1 H&E and PSR – Collagen reorientation
Figure 4.7 shows the representative images of the samples stained with H&E and
PSR for all tested conditions and the control, for both the R-C plane (a) and the
L-C plane (b). PSR stained images are shown in brightfield on the left and PLM
on the right, allowing a better observation of collagen fibres and their orientation.
From these images, the orientation was analysed with OrientationJ [249], a plugin
for the open access software Fiji [225]. From this analysis, a colour map in HSB
(hue-saturation-brightness) mode was obtained, where the different orientations are
displayed in different colours. The data regarding the angles of orientation were
collected and represented in a histogram, shown on the right. An angle of 0° indicates
the horizontal direction of the images. Regarding the R-C plane, Figure 4.7.a, the
samples that were fixed while indented are quite self-explanatory. In their histograms,
the angles shown represent the orientation of the sample due to the indentation,
meaning that most fibres are aligned in the circumferential direction (the direction
along the sample). Conversely, the indented sample allowed to recover (bottom)
appears more similar to the control sample (top). In the histogram, in both control
and relaxed samples, the main orientation is 0° or the circumferential direction of the
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vessel. It is interesting to note how angles other than 0° are less frequent in the relaxed
sample, implying fibres were recruited during the indentation and did not recover
their original direction during relaxation. Regarding the L-C plane, Figure 4.7.b, a
change in orientation in the area near the indenter (right side of the images) can
be observed in the images and the histogram of all the tested samples. The fibers,
which originally ran predominantly in the circumferential direction (0°), as can be
seen in the control sample and in the area away from the indenter, were observed to
reorient themselves towards the indenter. As they approached the indentation site,
their alignment shifted to angles closer to 90°.

The realignment of fibres in the direction of the indenter in the L-C plane is
further displayed in Figure 4.8. The main direction of fibres with respect to the
circumferential (horizontal) direction is included in the area near the indenter (250
µm from the end, on the right) and in an area away from the strut (1.5 mm from the
same end, on the left), as well as the coherence of this direction. This evaluation shows
a consistent reorientation of the collagen fibres near the strut towards the longitudinal
direction (90°), or the direction of the indenter, with angles that range from around



116 4 Damage caused by stent indentation

Figure 4.7. Representative images of control and tested samples stained with H&E and
PSR, in the R-C plane (a) and in L-C plane (b), showing the indentation site on the right.
PSR images are shown in brightfield (second column) and in PLM (third column). From
these polarised light images, the study of orientation was carried out with OrientationJ
(ImageJ), and a colour map representing the different orientations in different colours is
shown in the fourth column. On the right, the histogram with the angles of orientation of
the images is displayed. Images were acquired at 4x and the scale bar is 500 µm.

39° to over 89°; as opposed to the original orientation of the fibres (angles closer to 0°
or the circumferential direction) observed away from the indenter and in the control
samples, which range from a little over 0° to around 15°. In between these areas,
there is a transition area in which the fibres are progressively changing its orientation
towards the indenter direction. The coherence of alignment is higher in the areas
away from the indenter.
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Figure 4.8. Measurements in the L-C plane of the preferred fibre direction and coherence
of this orientation (the amount of fibres that are actually aligned in that direction, a ratio
that ranges from 0 to 1, where 1 represents full alignment). The area near the indenter
was measured up to 250 µm from the indented end, and the information is displayed on
the right. In addition, an area away from the indenter, in particular 1.5 mm away from the
indented end, was also evaluated and is displayed on the left. The main orientation angle
and coherence of the control sample was evaluated for the whole image. Scale bar: 500 µm.
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4.3.2 CHP – Collagen damage

Figure 4.9 shows the representative images of the CHP treated samples of the inden-
tation tests and control, in both planes, the R-C (a) and the L-C (b). Brightness in
the images represents sites where CHP joined damaged strands of collagen.
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Figure 4.9. Representative fluorescence images of control and tested samples treated with
CHP, in the R-C plane (a) and in L-C plane (b). The different areas are specified in the
outline below the images. All images were obtained at the same exposure time and have
been enhanced with the same parameters. Images were acquired at 10x and the scale bar is
250 µm.
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In the R-C plane, Figure 4.9.a, the strut area, mid area and stretch area were
imaged. Right under the indenter, in the strut area, the samples seem to be less
damaged, whereas the most brightness appears in the mid area, next to the indenter.
Moreover, the sample with the lowest indentation level shows the least brightness
in general. In the sample allowed to recover after indentation, the sites of damage
are not differentiated as clearly, as the brightness throughout the sample is quite
homogeneous. In the L-C plane, Figure 4.9.b, the difficulty to flatten the samples
and get clean slices for histology led to fewer images and of only two areas, the strut
area and the stretch area. The layer analysed is mostly the inner media, but due to the
difficulty in handling these samples, control in depth and different layers could not be
performed. In the sample of indentation at 80% strain, only two images were obtained
from the stretch area, therefore one could not be assumed as representative for the
condition and both images are shown. In this plane, the strut area is consistently
brighter and thus more damaged that the stretch area. In the stretch area, over-
stretched and damaged fibres of collagen can be observed. All images have been
brightness and contrast enhanced the same amount for displaying purposes. The
subsequent quantification was performed on the raw images.

Notably high variability within samples was found, and the trends discussed above
were observed more dramatically in some images of tested samples that could not be
labelled as representative. Figure 4.10 shows some of these cases in which damage
in certain sites is easier to differentiate. In particular, the R-C plane image shows
that the region directly below the indenter appears to be less damaged or darker
compared to other parts of the tissue. In contrast, the surrounding area is brighter,
indicating notable collagen damage, which is more pronounced in the inner layers of
the vessel. In the L-C plane, the damaged fibres of collagen can be clearly seen in the
stretch area of the tissue, whereas the strut area is distinctly brighter and the fibres
of collagen can be clearly seen in alignment with the indenter direction.

Table 4.3 shows the results of the damage quantification in the tested images.
Damage percentage below 1% is considered non-damaged tissue, as per the definition
of the methodology (Section 4.2.3.4). This quantification supports the qualitative
observation that the mid area suffers in general more collagen damage than the strut
area and sometimes the stretch area. Moreover, the quantification gives further insight
in the apparent recovery of certain amount of damage when the tissue is left to
relax after the indentation. Furthermore, the smallest level of indentation caused
no damage in the stretch area of the tissue, suggesting the existence of a threshold
of strain from which the collagen in the tissue starts to damage. The results were
verified to confirm that the high variability was caused by variations in the images
and not due to any inconsistency in the methodology.
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Figure 4.10. Fluorescence images of tested samples treated with CHP in both planes. All
images come from samples indented at 120% strain level. In the L-C plane, the orientation of
the sample in the images is the one shown in the outline below them. Images were obtained
at the same exposure time and have been enhanced with the same parameters. Images were
acquired at 10x and the scale bar is 250 µm.

Table 4.3. Results of the damage quantification in the tested images treated with CHP,
in the R-C plane and including the three areas of interest. Mean and standard deviation of
the damage quantification of all images is displayed.

Strut area Mid area Stretch area
Indentation at 40% strain 1.28 ± 1.61% 9.89 ± 23.35% 0.04 ± 0.07%
Indentation at 80% strain 23.98 ± 32.44% 20.87 ± 40.30% 25.57 ± 41.90%

Indentation at 120% strain 4.70 ± 17.00% 4.88 ± 9.78% 9.93 ± 19.15%
Indentation at 120% strain

with smaller strut 5.01 ± 7.83% 23.34 ± 38.57% 11.13 ± 23.28%

Indentation at 120% strain
allowing relaxation before fixing 5.09 ± 11.12% 1.35 ± 3.04% 0.21 ± 0.25%

4.3.3 Numerical estimation of the mechanical stimuli in the
indentation tests

The mechanical stimuli that the tissue is subjected to during the indentation tests
are shown in Figure 4.11. In particular, maximum principal stress (Figure 4.11.a)
and strain (Figure 4.11.b) values are shown for the case of highest indentation level
(120% of tissue strain). Stress levels shown in the entire sample highlight the load
that the adventitia bears, whereas the values of strain shown in a close-up view of
the indenter show the higher levels of strain that the tissue is subjected to in the mid
area.
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Figure 4.11. Plots of maximum principal stress (a) and strain (b) in the sample indented
at 120% strain of the tissue.

4.4 Discussion

This study aimed to be an assessment of the validity of CHP to detect the type of
damage that stents cause in blood vessels. With the results presented, the viability
and potential of these peptides for this purpose has been shown. CHP fluorescence is
higher in specific areas of the tissue subjected to indentation, supporting its specificity
in the detection of damaged tissue in this type of injury.

The most damaged area during an indentation was observed to be the section right
next to the indenter (see Table 4.3, Figure 4.9.a and Figure 4.10), which is an area
where higher levels of strain are localised by comparison to the results obtained in
the computational model (Figure 4.11). This points to strain as the most significant
mechanical marker to correlate with tissue damage and restenosis-prone sites, in addi-
tion to the highly explored stresses [92,231,232,237,250]. In contrast, the compressed
area right below the indenter showed qualitatively less collagen damage. However,
this less aggressive damage due to compression seemed not to be reversible (Table 4.3).
The sites that show notable damage correlate well with the areas which preferentially
develop in-stent restenosis, as remodelled tissue that grows over the stent struts is
postulated to come from areas that surround them and not from below [81,237,250].
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Regarding the impact of the conditions examined in this study, in terms of the dif-
ferent levels of indentation, the results suggest that there is a threshold in indentation
depth from which the collagen in the tissue starts to be injured, as the lowest level
of indentation here tested showed little to no damage (see Table 4.3). The number of
tests and levels of indentation, however, has not been enough in this study to deter-
mine this threshold. In terms of strut size, no clear difference was found, possibly due
to the mechanical stimuli in the tissue being similar in both cases. Zahedmanesh and
Lally [94] also observed in their computational studies that no differences in long-term
stresses were found when the same stent with two different thicknesses were used to
achieve the same final vessel diameter. In terms of recoil, collagen damage was found
to be somewhat reversible (Table 4.3). This supports the assumption that the initial
over-expansion of the stent in a vessel would not be the most critical stage for in-stent
restenosis, but the final diameter to which the vessel remains expanded. This premise
agrees with the clinical observation that for the same stent design but with different
strut sizes and, thus, different recoil and final diameter, stents with thinner struts
and more recoil cause less restenosis [94,251].

The reorientation of collagen fibres with the indentation was also an interesting
output of this study. Collagen fibres aligned along the length of the indenter at all
levels of indentation, and this reorientation was also found to be permanent to some
extent (Figure 4.8). In particular, the samples with the highest level of indentation
visually presented the biggest area of reoriented fibres along the indenter, again show-
ing the correlation between indentation depth and tissue response. Supporting these
results, Ghazanfari et al. [252] studied collagen orientation after stenting pulmonary
arteries and observed that collagen aligned with the stent struts in the areas right
below the stents and appeared disorganised between struts. The fibres aligned with
the indenter would not bear the indentation load, causing the tissue to soften. Geith
et al. [253] also performed some indentation tests on porcine coronary arteries and
they observed changes in collagen and tissue relaxation after the indentation.

Significant variability was found in the results of damage in the tests. The use
of CHP in histology samples inherently brings some variability due to the challenges
in applying the exact same amount of peptide over the same area of each sample.
Consequently, some samples were clearly over or under-stained. This effect could
be minimised by submerging full samples in a solution of these peptides instead of
covering histological samples [96]. With this methodology, the difficulty of handling
the samples that happened mostly in the L-C plane would also be reduced. Finally,
as the vessels were obtained from an abattoir. Tissue could not be tracked prior to
harvesting and diet or environment could have altered the tissues from one animal to
another.

Collagen damage after stenting is yet to be linked to the development of in-stent
restenosis. Other mechanical factors, such as penetration injury or the rupture of
internal layers of the vessel, have been correlated with the proliferation of neo-intimal
tissue [68]. Although this aggressive stenting injury is a strong stimulus for this
proliferation, over-stretched tissue with no penetration injury also showed growth
of neo-intimal tissue [68]. This supports the possibility that other types of tissue
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constituent damage, such as collagen damage, could also trigger the development of
in-stent restenosis.

Despite these limitations, this work serves as baseline for damage quantification
after stenting. CHP has shown potential in the detection and quantification of damage
due to indentation. In order to verify that this translates to stent induced damage,
the authors consider that the next step would include the in vitro over-expansion of
a stent in an artery, to assess the pattern of CHP with respect to stent placement.
With favourable results, it would be interesting to move to animal models to link
collagen damage with actual sites of in-stent restenosis. From there, the final step
would be to obtain a curve that relates mechanical stimuli with potential to develop
in-stent restenosis. Achieving this would support the design of patient-specific stents
that would prevent or drastically reduce the development of in-stent restenosis.

4.5 Key findings
• We have proved that CHP can detect the type of damage caused by an indenta-

tion in an artery. This is the first step to understand the damage mechanisms
in stenting. The final outcome of this line of research would be to link damaged
sites due to indentation with the development of in-stent restenosis.

• In our indentation tests, we observed that strain played a greater role than
stress in the generation of collagen damage. Specifically, the region immediately
adjacent to the indenter consistently exhibited greater damage compared to
other areas within the indented tissue. Our FE models indicated that these
sites experienced localised higher strains.

• The fibres of collagen of the vessel reorient in the direction of the indenter, and
they maintain their reorientation once the indentation is removed.

• Collagen damage due to indentation is reversible. This finding supports the
hypothesis that the final opening diameter once the stent is stable is more
critical in injury development compared to the momentary higher diameter to
which the stent is initially over-expanded.



CHAPTER5
Conclusions

Following the style of the entire document, the conclusions and future lines will be
detailed according to the three pathologies studied. The conclusions here presented
are general, since more specific findings were detailed at the end of every chapter.

5.1 General conclusions
Chapter 2: Damage caused by dissection

• Overall, we have defined a methodology that includes experimental tests and
their reproduction with finite element models to obtain the dissection properties
of vessels. This methodology can be applied to all types of vessels and all
directions and interfaces within them. It is necessary to ensure homogeneous
testing conditions so that a general cohesive zone model can replicate multiple
scenarios.

• A series of computational models have been developed to reproduce the mech-
anism of dissection in the various layers of the aorta. These models can be
used to computationally investigate dissection phenomena in clinically relevant
problems.

• We could observe that the dissection behaviour of porcine aorta varies through-
out different locations. Therefore, the dissection properties of vessels appear to
be reliant on the microstructure of the vessel, as these sites exhibit variations
in their microstructure.

• The intima-media interface was generally found to be the easier to dissect of
the three studied interfaces. With the help of computational models, we could
observe that this likely comes from the inherent microstructure of the interface
and not from the different thicknesses of the layers.

• Our computational models suggest that the elastic properties of vessels do not
affect the force needed to dissect them.

• Despite the fact that the porcine and human aorta exhibit comparable mi-
crostructure and mechanical behaviour, it is not feasible to extrapolate the
results obtained in this study to human vessels due to the influence of age and
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the potential existence of an intrinsic pathology in the dissection properties of
the vessels.

• A more complex damage model including anisotropic cohesive behaviour or the
viscosity of the cohesive contact would better reproduce the experimental results
of the mixed-mode peel tests.

Chapter 3: Damage caused by haemodynamics

• We have been able to observe endothelial cell response to steady laminar flow in
terms of elongation and alignment. Even when subjected to the lowest values of
wall shear stress, endothelial cells showed a significant elongation and changes
in their orientation, from random to preferentially aligned with the direction of
flow, in the first hours of the experiment.

• We have developed an image analysis program that is able to extract cell con-
tours from phase-contrast images of endothelial cells. This program can be
further used in many applications that obtain this type of images from endothe-
lial cells, by simply adjusting a few parameters in the code.

• A strain device was designed and tested as a way of applying strain stimuli cou-
pled with flow. With a PDMS substrate, which is biocompatible and pliant, a
two-channel device was computationally studied to be able to reproduce homo-
geneus strain stimuli in its channels. The computational model was validated
with experimental testing and a digital image correlation system.

• No apparent difference in morphological changes was found between HUVECs
and HCAECs, although their haemodynamic environment in vivo is completely
different.

• Cell adhesion was found to be the most challenging part of the flow tests on
endothelial cells. Although we performed an adhesion study to optimise this
feature, in some experiments, after 16 hours of exposure to flow, the monolayer
of endothelial cells became non-confluent. Despite this, some conclusions could
still be drawn from cell response to flow during the first hours of the experiment.

Chapter 4: Damage caused by stent indentation

• We have developed indentation tests for arterial tissue that reproduce one re-
peating unit of the stent struts when it is expanded in vivo. From these exper-
iments, we have been able to asses the validity of collagen hybridizing peptide
as marker for the type of damage that stents cause in vessels.

• The level of indentation that the tissue is subjected to directly affects the gen-
eration of collagen damage in the tissue. In particular, we studied three levels
of indentation, which were related to the levels of strain the tissue underwent
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(40%-80%-120%), and little to no damage was found in the lowest level of in-
dentation.

• The damage in collagen caused by indentation is somewhat reversible. This find-
ing supports the hypothesis that the stimulus that causes this collagen damage
in the vessel is not the initial over-expansion of the stent, but rather the final
diameter of the stent after it is deployed.

• It seems that collagen damage is primarily induced by strain rather than stress
in our indentation tests. This could be observed from the computational repro-
duction of the indentation tests. With these models, we could observe that the
area right next to the indenter, which was usually the most damaged area in
our tests, was subjected to higher local strains.

• Collagen fibres in indented tissue align with the indenter, and this realignment
of fibres is maintained after the indentation is removed. These aligned fibres
do not bear the indentation load, which overall results in the softening of the
tissue.

5.2 Future lines of work
Chapter 2: Damage caused by dissection

• Reproduction of the mixed-mode peel test with a cohesive elements finite ele-
ment model. The first trials have been performed already and, unlike in the
cohesive surfaces models, the damage properties in the tangential directions
affect the final results of the simulations. With these models, the normal dis-
section properties could be fitted with the T-peel test and validated with the
mixed-mode peel test, by keeping them fixed and only calibrating the tangential
properties.

• Perform histologies of the mixed-mode peel test to observe if some conclusions
about the mode of the propagation of the tear can be obtained from the analysis
of the dissected surfaces.

• With the dissection properties fitted in all the sets of experimental data, a neural
network that predicts the dissection properties by inputting the experimental
curve from a peel test could be developed. This tool would allow researchers
that perform experimental peel tests to skip the step of developing cohesive zone
models, which can be a complex and hindering task, and give them directly the
dissection properties of vessels from their experimental results.
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Chapter 3: Damage caused by haemodynamics

• Different flow stimuli could be applied to the monolayer of endothelial cells,
like pulsatile flow or the addition of a perturbation in the flow to generate
disrupted flow downstream, similar to the flow patterns when an atheroma
plaque is starting to be developed in vivo.

• The study of the effect of physiological and pathological strain stimuli in the
morphology of endothelial cells, initially uncoupled with the flow, to observe the
isolated response of the monolayer, and subsequently coupled with flow, which
would resemble the in vivo environment.

• Convolutional neural networks to automatically segment the phase-contrast im-
ages could be developed as a next improvement on the image analysis phase.
Doing this segmentation with neural networks would allow to not include the
apoptotic cells and other artefacts that could be distorting the results. A signif-
icant amount of images should be manually segmented to be used as training
data of the neural networks.

Chapter 4: Damage caused by stent indentation

• In order to link collagen damage with stenting, an over-expansion of a stent in
a vessel in vitro that assures tissue injury could be performed to observe and
correlate collagen hybridizing peptide highlighted areas with stent placement.

• Provided that the previous experiment gave successful results, stent implan-
tation in animal models and subsequent evaluation with collagen hybridizing
peptide could help in the correlation of collagen damaged areas after stent-
ing with areas prone to start developing in-stent restenosis, bringing research
one step closer to designing patient-specific stents that drastically reduced the
propensity to develop in-stent restenosis.

• Development of a computational model of the damage process calibrated with
the results obtained in this experimental study. Such model would help in
the understanding of the damage process that occurs in the vessel when it is
indented.

5.3 Original contributions
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CHAPTER6
Conclusiones

Siguiendo el estilo de todo el documento, se detallarán las conclusiones y líneas futuras
según las tres patologías estudiadas. Las conclusiones aquí presentadas son generales,
puesto que los hallazgos más concretos se detallaron al final de cada capítulo.

6.1 Conclusiones generales
Capítulo 2: Daño causado por disección

• En general, hemos definido una metodología que incluye ensayos experimentales
y su reproducción con modelos de elementos finitos para obtener las propiedades
de disección de los vasos. Esta metodología puede aplicarse a todo tipo de
vasos y a todas sus direcciones e interfaces. Es necesario asegurar condiciones
de ensayo homogéneas para que un modelo cohesivo general pueda replicar
múltiples escenarios.

• Se han desarrollado una serie de modelos computacionales para reproducir el
mecanismo de disección en las diversas capas de la aorta. Estos modelos pueden
utilizarse para investigar computacionalmente los fenómenos de disección en
problemas clínicamente relevantes.

• Pudimos observar que el comportamiento de la disección de la aorta porcina
varía en función de la localización. Por lo tanto, parece que las propiedades
de disección de los vasos dependen de la microestructura del vaso, ya que estas
localizaciones muestran diferencias en su microestructura.

• La interfaz íntima-media fue generalmente la más fácil de diseccionar de las
tres interfaces estudiadas. Con la ayuda de modelos computacionales, pudimos
observar que esto probablemente se debe a la microestructura inherente de la
interfaz y no a los diferentes espesores de las capas.

• Nuestros modelos computacionales sugieren que las propiedades elásticas de los
vasos no afectan a la fuerza necesaria para diseccionarlos.

• A pesar de que la aorta porcina y humana presentan microestructura y com-
portamiento mecánico comparables, no es factible extrapolar los resultados
obtenidos en este estudio a los vasos humanos debido a la influencia de la edad
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y de la posible existencia de una patología en las propiedades de disección de
los vasos.

• Un modelo de daño más complejo que incluya un comportamiento cohesivo
anisótropo o la viscosidad del contacto cohesivo reproduciría mejor los resulta-
dos experimentales de las pruebas de delaminación en modo mixto.

Capítulo 3: Daño causado por hemodinámica

• Hemos podido observar la respuesta de las células endoteliales al flujo laminar
constante, en términos de elongación y alineación. Incluso al ser sometidas a
los valores más bajos de tensión cortante, las células endoteliales mostraron una
elongación significativa y cambios en su orientación, pasando, en las primeras
horas del experimento, de aleatoria a preferentemente alineada con la dirección
del flujo.

• Hemos desarrollado un programa de análisis de imágenes que es capaz de extraer
los contornos celulares a partir de imágenes de contraste de fase de células
endoteliales. Este programa, con un simple ajuste de algunos parámetros en
el código, se puede utilizar en muchas aplicaciones que obtengan este tipo de
imágenes de células endoteliales.

• Se diseñó y probó un dispositivo de deformación para aplicar estímulos de defor-
mación acoplados con flujo. Con un sustrato de PDMS, que es biocompatible y
flexible, se estudió computacionalmente un dispositivo de dos canales para poder
reproducir estímulos de deformación homogéneos en sus canales. El modelo com-
putacional se validó con pruebas experimentales y un sistema de correlación de
imágenes digitales.

• No se encontraron diferencias aparentes en los cambios morfológicos entre las
células endoteliales HUVECs y HCAECs, aunque su entorno hemodinámico in
vivo es completamente diferente.

• La adhesión celular resultó ser la parte más delicada de los ensayos de flujo en
células endoteliales. Aunque realizamos un estudio de adhesión para optimizar
esta característica, en algunos experimentos, después de 16 horas de exposición
al flujo, la monocapa de células endoteliales perdió su integridad. A pesar de
esto, se pudieron obtener algunas conclusiones de la respuesta celular al flujo
durante las primeras horas del experimento.

Capítulo 4: Daño causado por la indentación de stents

• Hemos desarrollado ensayos de indentación en tejido arterial que reproducen
la expansión de una varilla del stent in vivo. A partir de estos experimentos,
hemos podido evaluar la validez del collagen hybridizing peptide como marcador
del tipo de daño que los stents causan en los vasos sanguíneos.
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• El nivel de indentación al que se somete el tejido afecta directamente a la ge-
neración de daño en el colágeno del tejido. En particular, estudiamos tres niveles
de indentación, relacionados con los niveles de deformación que experimentó el
tejido (40% - 80% - 120%), y observamos poco o ningún daño en el nivel más
bajo de indentación.

• El daño en el colágeno causado por la indentación es reversible. Este hallazgo
apoya la hipótesis de que el estímulo que causa este daño en el colágeno del vaso
es el diámetro final del stent después de su colocación y no la sobredilatación
inicial del stent.

• En nuestras pruebas de indentación, parece que el daño en el colágeno es prin-
cipalmente inducido por la deformación en lugar de por la tensión. Esto se
pudo observar a partir de la reproducción computacional de los ensayos de
indentación. Con estos modelos, pudimos observar que el área justo al lado
del indentador, que suele ser la zona más dañada en nuestras pruebas, estaba
sometida a mayores deformaciones locales.

• Las fibras de colágeno en el tejido indentado se alinean con el indentador, y
esta realineación de fibras se mantiene después de retirar la indentación. Estas
fibras alineadas no soportan la carga de indentación, lo que en general provoca
el ablandamiento del tejido.

6.2 Líneas futuras
Capítulo 2: Daño causado por disección

• Reproducir el ensayo de delaminación en modo mixto mediante un modelo de
elementos finitos con elementos cohesivos. Las primeras pruebas ya se han rea-
lizado y, a diferencia de los modelos de superficies cohesivas, las propiedades
de daño en las direcciones tangenciales afectan a los resultados finales de las si-
mulaciones. Con estos modelos, se podrían ajustar las propiedades de disección
normales con el ensayo en T y validarlas con el ensayo en modo mixto, mante-
niendo fijas las propiedades normales en este último caso y solo calibrando las
tangenciales.

• Realizar histologías de los ensayos de delaminación en modo mixto para observar
si se pueden obtener algunas conclusiones sobre el modo de propagación de la
disección a partir del análisis de las superficies separadas.

• Con las propiedades de disección ajustadas en todos los conjuntos de datos ex-
perimentales, se podría desarrollar una red neuronal que predijera las propieda-
des de disección, dando como entrada la curva experimental de ensayo de dela-
minación. Esta herramienta permitiría a los investigadores que realizan estos
ensayos experimentales omitir el paso de desarrollar modelos computacionales,
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que pueden ser complejos y limitantes, y darles directamente las propiedades
de disección de los vasos a partir de sus resultados experimentales.

Capítulo 3: Daño causado por la hemodinámica

• Se podrían aplicar diferentes estímulos de flujo a la monocapa de células en-
doteliales, como flujo pulsátil o la adición de una perturbación en el flujo para
generar un flujo turbulento aguas abajo, similar a los patrones de flujo que se
dan en una placa de ateroma in vivo.

• Realizar el estudio del efecto de los estímulos de deformación fisiológicos y pa-
tológicos en la morfología de las células endoteliales, inicialmente desacoplados
del flujo, para observar la respuesta aislada de la monocapa, y posteriormente
acoplados con el flujo, lo que se asemejaría al entorno in vivo.

• Se podrían desarrollar redes neuronales convolucionales para segmentar auto-
máticamente las imágenes de contraste de fase. Hacer esta segmentación con re-
des neuronales permitiría no incluir las células apoptóticas y otros artefactos que
podrían distorsionar los resultados. Se deberían segmentar manualmente una
cantidad significativa de imágenes para usarlas como datos de entrenamiento
de las redes neuronales.

Capítulo 4: Daño causado por la indentación del stent

• Realizar la sobreexpansión de un stent en una arteria in vitro para asegurar el
daño en el tejido y observar y correlacionar las áreas marcadas por el collagen
hybridizing peptide con la localización del stent, para relacionar el daño del
colágeno con el uso de stents.

• En caso de que el experimento anterior fuera exitoso, se podría realizar la im-
plantación de stents en animales y posteriormente evaluar el daño del colágeno
con el collagen hybridizing peptide, lo que ayudaría a correlacionar las áreas de
daño tras la implantación del stent con áreas propensas a desarrollar restenosis
intrastent, acercando la investigación a la posibilidad de diseñar stents per-
sonalizados que reduzcan drásticamente la propensión a desarrollar restenosis
intrastent.

• Desarrollar un modelo computacional del proceso de daño calibrado con los
resultados obtenidos en este estudio experimental. Este modelo ayudaría a
comprender el proceso de daño que ocurre en la arteria cuando se indenta con
un stent.
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APPENDIXA
A brief introduction to
continuum mechanics

This appendix presents brief information about the fundamental kinematics used in
this thesis. There are a significant amount of numerical models in literature defined
to reproduce the nonlinear mechanical behavior of the arteries. In this thesis, we have
mainly used the Gasser-Ogden-Holzapfel (GOH) model [140]. This model defines a
new strain energy function (SEF) within the general framework of hyperelasticity and
is grounded in the fundamental principles of continuum mechanics.

A.1 Deformation gradient tensor

Let Ω be the body of interest, with initial and deformed configurations at time t
denoted by Ω0 and Ωt, respectively, as shown in Figure A.1. The motion of a point P
∈ Ω is given by a trajectory denoted by φ. Thus, point P in the reference position is
transformed into p due to φ. Then, φ transforms the reference position of a material
point X ∈ Ω0 to a spatial position x ∈ Ωt, where x = φ(X, t). Likewise, it is possible
to go back from the spatial position of p to P using the inverse of φ, denoted by
φ−1(x, t), since it is assumed that φ has a unique inverse function and continuous
derivative with respect to time and space.

Now, assuming that P and Q ∈ Ω0 (material configuration) are very close points
with an initial infinitesimal length of dL = ||Q − P||, and form the unit direction
a0 = P Q

||Q−P|| , the relative vector of Q with respect to P is calculated as dX = dL · a0.
Having a motion φ, the motion dx is obtained with their corresponding p and q ∈ Ωt

(spatial configuration), following:

dx = F · dX, (A.1)

where F is the deformation gradient tensor which defines the motion map φ and is
defined as

F(X, t) = ∂φ(X, t)
∂X = ∂x

∂X . (A.2)
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Figure A.1. Schematic of the deformation of a solid that includes the representation of a
length element from the material configuration (Ω0) to the spatial configuration (Ωt).

Similarly, the vector a in the spatial configuration that comes from the vector a0
in the material configuration at time t is defined as the push-forward of a0:

a(X, t) = F(X, t) · a0, (A.3)

with λ = ||a|| =
√

a · a being the stretch in the direction of a, we have:

λ2 = F · a0 · F · a0 = a0 · FT · F · a0 = a0 · C · a0. (A.4)

The so-called right Cauchy-Green tensor C = FT · F is defined, where its eigen-
values correspond to the square of the principal stretches.

In order to define the volumetric transformation, the Jacobian determinant is
introduced:

J = det(F) = (det(C)) 1
2 . (A.5)

It is important to note that J must always be positive, since every infinitesimal volume
is positive by definition.

In order to model the mechanical response under deformations that cause volume
variations as well as purely shear deformations, the deformation gradient tensor can
be decomposed multiplicatively as follows:

F = J
1
3 I · F. (A.6)

The volumetric part is represented by J
1
3 I, where I is the second-order identity tensor,

and F represents the isochoric contribution, such that det(F) = 1. Similarly to what
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was previously mentioned for a body Ω, the isochoric part of the right Cauchy-Green
deformation tensor can be defined as follows:

C = FT · F = J− 2
3 C. (A.7)

As a result, the isochoric part of vector a and its corresponding isochoric stretch
can be expressed as follows:

a = F · a0 = J− 1
3 a, (A.8)

λ = ||a|| = J− 1
3 ||a||. (A.9)

A.2 Stress
Considering the body Ω under the influence of external and internal forces, Figure A.2
illustrates a cut plane passing through the previously mentioned point X in the ref-
erence configuration Ω0 and point x in the spatial configuration Ωt at time t.

Figure A.2. Traction vectors associated to an infinitesimal surface.

Taking an infinitesimal surface in both configurations, denoted as dS ∈ Ω0 and
ds ∈ Ωt, around the point of interest and within the cut plane, the resultant force
acting on the point can be defined as df = tds, where t represents the Cauchy traction
vector. Alternatively, df can be defined in terms of the reference configuration by using
vector T and dS instead of t and ds, resulting in df = tds = TdS, where T is the
first Piola-Kirchhoff traction vector.

To determine the values of the Cauchy traction vector t and the first Piola-
Kirchhoff traction vector T with respect to a cut plane having a normal vector N ∈ Ω0
and n ∈ Ωt , Cauchy’s theorem is applied in each configuration.

t = σ · n, (A.10)



140 Appendix A A brief introduction to continuum mechanics

T = P · N. (A.11)

The symmetric spatial tensor σ is called the Cauchy stress tensor, and the tensor
P is called the first Piola-Kirchhoff stress tensor. (A.11) relates the spatial values to
the material configuration.

Thus, a relation between the Cauchy stress tensor and the first Piola-Kirchhoff
stress tensor can be obtained, following

σ · nds = TdS = P · NdS. (A.12)

Therefore, it is possible to express P as a function of σ by using Nanson’s formula
ds = JF−T dV to introduce the volumetric ratio J to define ds. This leads to the
expression P = JσF−T .

Subsequently, the second Piola-Kirchhoff stress tensor, which is commonly used,
can be defined as a function of the Cauchy stress tensor:

S = JF−1 · σ · F−T , (A.13)

σ = J−1F · S · FT . (A.14)

The above equation is obtained by expressing the Kirchhoff stress tensor in terms
of the Cauchy stress tensor as τ = F · S · FT (push-forward of S) and using the fact
that τ = Jσ. Therefore, it is possible to express the first Piola-Kirchhoff stress tensor
in terms of the second Piola-Kirchhoff stress tensor as P = F · S.

A.3 Hyperelasticity for fibrous soft tissues

In order to develop constitutive laws for mechanical behaviour, SEFs (Ψ) are defined
as functions of the deformation (F). These SEFs can be expressed as functions of
the right Cauchy-Green tensor or the stretch invariants. Using this approach, stress
values can be obtained in terms of the aforementioned tensors, such as P, S, or σ.
For hyperelastic models, specifically,

P = ∂Ψ(F)
∂F = 2F · ∂Ψ(C)

∂C , (A.15)

and applying the correlations to obtain S and σ:

S = 2∂Ψ(C)
∂C , (A.16)

σ = J−12 · F∂Ψ(C)
∂C · FT . (A.17)
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A.3.1 Tangent operator
The nonlinear behaviour of hyperelastic materials necessitates the calculation of the
elasticity tensor or tangent operator C to linearise the mechanical response. This
enables the use of iterative methods to approximate the nonlinear solution of the
original problem. The tangent operator C is the derivative of the stress with respect
to the strain in the reference configuration:

C = 2∂S(C)
∂C . (A.18)

Assuming the presence of a scalar-valued strain energy function Ψ, and according
to (A.16), we can obtain:

C = 4∂2Ψ(C)
∂C∂C , (A.19)

which corresponds to a fourth-order tensor with 81 components, but due to the sym-
metries of the stress tensor S and elasticity tensor C, the number of independent
components can be reduced to 36.

A.3.2 Decoupling formulation
If we assume quasi-incompressibility of the tissue, we can express the SEF in a decou-
pled form. This involves dividing the SEF into two parts: the volumetric part Ψvol

and the isochoric part Ψich. Additionally, assuming anisotropy of the tissue, we can
define a0i of (A.4) as the preferential directions of the fibers. As a result, Ψich must
be split into two terms: the isotropic part Ψiso and the anisotropic part Ψani. The
anisotropic partdepends on the fiber directions a0i and is a summation of n terms for
n preferential fiber directions. Therefore:

Ψ = Ψvol(J) + Ψich(C) = Ψvol(J) + Ψiso(C) + Ψani(C, a0i). (A.20)

By using the decoupled form of the SEF given in (A.20), and considering (A.16),
the second Piola-Kirchhoff stress tensor can be decomposed into purely volumetric
and purely isochoric parts as follows:

S = 2∂Ψvol(C)
∂C + 2∂Ψich(C)

∂C = Svol + Sich. (A.21)

By decomposing the deformation gradient tensor according to (A.6) and using
(A.20) and (A.21), we can express the elasticity tensor in a decoupled form as follows:

C = 4∂2Ψ(C)
∂C∂C = 2∂S(C)

∂C = Cvol + Cich. (A.22)
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APPENDIXB
Effect of the radial
component in the

mechanical integrity
of the healthy aorta

Understanding the physiological behavior of arteries in the radial direction is essential
for establishing a baseline against which pathological changes can be identified and
analysed. Pathological conditions, such as arterial stiffening due to aging, atheroscle-
rosis, or other diseases, can alter the radial behaviour of arteries, leading to impaired
arterial function and increased cardiovascular risk. Therefore, investigating the radial
behaviour of arteries is critical for comprehending their healthy mechanical proper-
ties and how they may be altered in various pathological conditions. In this thesis,
the study of the influence of the radial component of the aorta will be carried out
by performing experimental tests on porcine aortic tissue in the three main direc-
tions of the aorta—circumferential, longitudinal and radial—, in order to analyse and
compare the results obtained in all directions and contribute to the comprehensive
understanding of the healthy behaviour of the vessel.

B.1 State of the art

As commented in Section 1.3, the mechanical behaviour of arteries in the longitudinal
and circumferential direction is well studied and established. However, little work
has been done on studying the radial tensile strength of arteries. Previous studies
had analysed the radial elastic properties of arteries, either under compression in dog
aorta [254], rabbit aorta [255], porcine aorta [256] or dog carotid [257] or under tensile
in porcine aorta [258]. When performing inflation tests in dog aorta, Vaishnav et
al. [254] observed that the stress in the radial direction increased proportionally with
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the intravascular pressure. However, Chuong et al. [255] and Dobrin et al. [257] made
an interesting observation in their research on the behaviour of the aorta and carotid
arteries during compression tests. Contrary to linear behaviour, they found that these
arteries stiffened with increased compression pressure in the radial direction, which is
similar to the stiffening observed during tensile testing of porcine aortas in the same
direction [258]. Furthermore, Dobrin et al. [257] studied the compression response
of healthy and elastase and collagenase treated canine carotid. They observed that
the response to compression of these vessels is affected mostly by elastin and not by
collagen. Moreover, Walraevens et al. [256] performed compression tests on healthy
and calcified porcine aorta, obtaining that calcified tissue has a higher stiffness than
healthy tissue at a certain strain level. When studying the tensile response of porcine
aortas, MacLean et al. [258] determined the Young’s modulus in the radial direction
and it was notably different from the modulus in the circumferential and longitudinal
directions. In neither case were stress vs. strain curves in the radial direction reported
and compared with those in the other directions, nor in different locations of the
vessels to account for the heterogeneity of the microstructure of vessels. Therefore,
a comprehensive study that evaluates the importance of the radial component on its
own and in contrast with the other directions throughout different locations is still
lacking.

In terms of the in vitro testing, the unconfined compression test is the most
commonly used method to determine the mechanical behaviour of materials subjected
to compression, such as arterial tissue in the radial direction. Moreover, given the
nature of the arteries, which have a small thickness in the radial direction compared to
the other two, the unconfined compression test is a good candidate for the mechanical
characterisation of the radial component [256]. In this test, specimens are mounted
between two metal plates of the same size as the specimen. It is a relatively simple test
that allows for both static and dynamic loading conditions and allows characterisation
in the radial direction of the artery under both compression and tension if a suitable
restraint is used, e.g., glue.

B.1.1 Objectives of the study

Arterial tissue in vivo experiences longitudinal and circumferential stretching during
blood pressure, and this stretch generates a radial compression of the tissue. There-
fore, compression tests in this direction would be physiologically relevant to fully
determine the mechanical behaviour of arteries. Moreover, the mechanical behaviour
in the radial direction of vessels is a key factor in some vascular diseases. For exam-
ple, aortic dissection is an intramedial splitting caused by a radial tear across part
of the vessel wall connecting the lumen to the middle layers of the wall [50]. The
compression of the lipid core in an atheromatous plaque due to radial deformation of
the fibrous cap substantially increases the risk of rupture of the plaque and thus the
occurrence of an ischaemic event [259]. Therefore, knowledge of the properties in the
radial direction should also be determined. A proper and full characterisation of the
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mechanical behaviour of the arteries is the best starting point to further understand
the different mechanisms that take place in the diseased state.

The objective of this study is to investigate the mechanical behaviour of the aorta
in the radial direction under tension and compression tests, and to determine the
impact of the aortic region on the radial properties of the artery. Our hypothesis
is that the radial response of the aorta is more complex than previously described,
exhibiting a non-linear behavior in response to both compression and tension. We will
demonstrate that conventional models such as the Neo-Hookean model are insufficient
to accurately replicate the observed behaviour of the aorta in the radial direction.
Given that porcine aortas are commonly used as animal models in cardiovascular
studies, our investigation will focus on analysing the mechanical behaviour of porcine
aortas.

B.1.2 Research question posed
• Is the mechanical response of the aorta in tensile and compression in the radial

direction linear or non-linear?

• Does location in the aorta have an influence in the radial mechanical properties
of the vessel?

• Can the radial component be disregarded in favour of the mechanical strength
in the longitudinal and circumferential directions?

B.2 Materials and methods

B.2.1 Sample preparation and experimental procedure
9 porcine aortas were harvested postmortem from approximately 3.5 ± 0.5 months-
old female pigs, sacrificed for other studies that did not interfere with the aorta
or the circulatory system. The experiments on these swines were approved by the
Ethical Committee for Animal Research of the University of Zaragoza and all pro-
cedures were carried out in accordance with the “Principles of Laboratory Animal
Care” (86/609/EEC Norm). After artery harvesting and cleaning by removing excess
connective tissue, they were kept frozen at -80°C until testing. Once defrosted, sam-
ples were preserved in Krebs-Ringer at 4°C until preparation of testing samples was
carried out. Each aorta was subdivided into three parts: ascending thoracic (ATA),
descending thoracic aorta (DTA) and infrarenal abdominal aorta (IAA). From each
location, at least one circumferential and longitudinal rectangular strip of 5x25 mm
and one cylindrical disc of 8 mm of diameter were cut with a scalpel and a cylindrical
punch with the appropriate dimensions, see Figure B.1.a. The stress free dimensions
(length, with, thickness and diameter) were measured using an electronic Mitutoyo
Digimatic micrometer.
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Simple tension tests of the circumferential and axial rectangular strips (5x25 mm)
were performed in an Instron Microtester 5548 system using a 10 N load cell with a
minimal resolution of 0.005 N. A non-contact Instron 2663-281 video-extensometer
was used to measure the strain during the tests. To avoid specimen drying, the strips
were immersed in Krebs–Ringer solution. Three loading and unloading stress cycle
levels were applied corresponding to approximately 60, 120 and 240 kPa of uniaxial
stress at 30%/min of strain rate [34] under load control. Five preliminary cycles at
all load levels were applied in order to precondition the samples.

For radial tests, the cylindrical discs were fixed between two plates using a cyanoacry-
late adhesive (Loctite, Dusseldorf, Germany). The plates were attached to a uniaxial
mechanical testing machine (Instron Microtester 5548), see Figure B.1.b. The lower
plate was fixed and the upper plate was displaced in the radial direction. The exper-
iment involved applying three levels of tension and compression, with the first level
being 5% strain in tensile and -5% strain in compression, the second 10% in tensile
and -10% in compression and the third 20% in tensile and -20% in compression at a
rate of 30%/min of strain under displacement control. Five preliminary cycles at all
load levels were also applied in order to precondition the samples.

Figure B.1. Disk radial samples for the compression test from one artery (a) and setup of
a sample in the uniaxial testing machine (b), where the adhesive can be appreciated as the
plates are separated after the compression test.

B.2.2 Data processing
Force and displacement data was obtained from each test and processed using Matlab
R2020a and transformed into stress-stretch curves. The engineering stress (first Piola
Kirchhoff stress tensor P) in the direction of the stretch was computed as Pθθ,zz =

Fθ,z

tθ,zwθ,z
and Prr = Fr

πr2 , where F is the load registered by the Instron machine, tθ,z and
wθ,z are the initial thickness and width in circumferential and longitudinal directions
respectively and r is the radius of the cylindrical disc. Mean and standard deviation
of the curves in each direction was calculated for all locations (ATA, DTA and IAA)
and directions. Only cases where the impact of glue was visibly affecting the results
were excluded from the analysis of the radial component, see Figure B.2.
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Figure B.2. Representation of some curves of the compression test in the radial direction.
The dark red line comes from a sample in which the glue has affected the results. It can
be especially appreciated in the tensile response of the tissue, as the effect of glue strongly
stiffens the tissue response.

B.3 Results

Figure B.3 shows the complete tensile-compression test in the radial direction of a
representative sample for each location of the aorta. Each strain level has 5 cycles of
loading-unloading. Higher stresses are reached in the ATA for tensile and compres-
sion in all three levels of strain. However, the curves in compression appear more
exponential in the other two locations of the aorta, implying a higher non-linear be-
haviour in these locations. Hysteresis can also be notably observed in the 20% strain
cycles of the DTA and IAA.
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Figure B.3. Results of a representative sample of the complete tensile-compression tests
in the radial direction in all three locations of the aorta, ATA, DTA and IAA. Blue markers
represent the data from the first 5% strain cycle, pink markers from the 10% strain cycle
and black markers from the 20% strain cycle.

In order to get a clearer comparison between areas, Figure B.4 shows three repre-
sentative loading curves of the three studied locations of the aorta. The 20% strain
cycle was chosen to better observe differences and tendencies.
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Figure B.4. Representative loading cycle in tensile and compression in the radial direction
in all three locations of the aorta, ATA (blue), DTA (pink) and IAA (black).

Figure B.5.a shows the last loading cycle of representative samples in the three
directions and in each location of the aorta. The increased anisotropy when moving
distally can be observed in the circumferential and longitudinal curves of the IAA.
Figure B.5.b zooms on the tensile response of the aorta in the first 20% strain in the
three studied directions.
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Figure B.5. (a) Results of representative samples of the last loading cycle in all directions—
longitudinal (pink), circumferential (green) and radial (blue)—in the three locations of the
aorta, ATA, DTA and IAA. (b) Zoom of the same results in the first 20% strain in tensile.
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Figure B.6 shows all the curves of the last loading cycle of the 120 kPa (cir-
cumferential and longitudinal directions) or 20% strain cycles (radial direction) and
their mean and standard deviation, differentiating between directions (columns) and
locations (rows).
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Figure B.6. Mean and standard deviation of the last loading curve of the 120 kPa or 20%
strain cycles of all tested samples in the three directions and three locations of the aorta,
ATA, DTA and IAA. n=14 for ATA C, n=13 for ATA L, n=21 for ATA R, n=18 for DTA
C, n=16 for DTA L, n=22 for DTA R, n=10 for IAA C, n=10 for IAA L, n=12 for IAA R.

Table B.1 shows the Young’s modulus calculated from the last cycle of the tensile-
compression test in the radial direction. Because the stress-strain curves were non-
linear in all directions of testing, the slopes of these curves were calculated at strain
increments of 0.8% for comparison between different directions of testing.

Table B.1. Young’s modulus (kPa) for different levels of tensile and compression strain.

Location Compression strain Tensile strain
-17% -10% -1% 1% 10% 17%

ATA 249.38 168.02 48.78 37.01 32.75 78.75
DTA 298.77 172.84 45.56 34.98 25.38 49.00
IAA 387.72 171.11 43.96 34.50 29.13 74.38
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B.4 Discussion of the experimental results

In this study, we have performed tensile-compression tests in the radial direction of
porcine aortas, in addition to the more common uniaxial tensile tests in the circumfer-
ential and longitudinal directions. The purpose of these experiments is to shed light
on the mechanical behaviour of healthy arteries in the radial direction, as this aspect
has been relatively understudied. Knowledge of this physiological behaviour can help
in understanding other pathological mechanisms that arise in several cardiovascular
diseases [258].

The first observation we have made from our compression-tensile tests is that the
mechanical response in the radial direction is non-linear. This non-linearity is more
apparent in compression than in tensile, see Figure B.3, Figure B.4 and Table B.1.
This difference can be explained by the fact that the compression stiffness of vessels in
the radial plane is affected by their fibres in the circumferential-longitudinal plane due
to the Poisson effect, whereas in tensile stress, the mechanical response is primarily
attributed to the isotropic matrix and the limited number of collagen and elastin
fibers oriented radially [260]. The non-linear behaviour in compression [255, 257]
and in tensile [258] in the radial direction of arteries had already been observed in
literature. In particular, MacLean et al. [258] calculated the Young’s modulus of
the upper and lower thoracic porcine aorta throughout the tensile test, up to 50%
strain. The ranges of Young’s modulus we obtain (Table B.1) are in accordance with
their data, although they lay in the lower range of their results, which show a high
variability. Moreover, they report a higher increase and generally higher Young’s
moduli in the DTA when increasing the strain level than in the IAA, whereas we
have found generally higher moduli in the IAA than in the DTA. Furthermore, we
have observed that the tensile stiffness in the ATA is greater than in either of the
two other areas under study, see Table B.1 and Figure B.4. When observing the
compression behaviour, however, it is the IAA where a higher increase in stiffness is
found when increasing compression strain, see Table B.1. Moreover, the dispersion
of results was also higher in this location, see Figure B.6. These differences highlight
that there is a location-dependent behaviour in the radial direction of the aorta in
both compression and tensile, adding to the location-dependent behaviour previously
studied in the other two directions.

Upon examining the full characterisation of the tissue, as shown in Figure B.5,
we have noted that the response in the radial component is not as insignificant as
previously assumed, particularly in the initial levels of strain. In fact, as shown in
Figure B.5, the initial 1% of tensile strain exhibits a consistent slope across all three
directions, indicating that they possess similar stiffnesses. This finding suggests that
for low levels of tensile strain, the elastic modulus of vessels in the longitudinal and
circumferential directions could serve as an estimate of the modulus in the radial
direction. These comparable values of tensile stiffness in the three directions at lower
levels of strain were also found by MacLean et al. [258]. It should be noted that this
relationship does not extend to the compression modulus, as the stiffness in the radial



Appendix B.5 Key findings 151

direction changes even at lower levels of strain during compression (Table B.1).
Our experimental data of the compression tests can be compared with the results

obtained by Walraevens et al. [256], who performed compression tests on abdominal
aortic tissue. We have observed lower levels of stress in our experiments. In particu-
lar, they report a compression engineering stress of around 30 kPa when compressing
the tissue 10%, whereas in our study we have obtained a mean compression stress of
around 10 kPa, with the highest value of a specific sample reaching 20 kPa. Never-
theless, they report a Young’s modulus of around 150 kPa at 10% compression strain,
whereas we obtain a Young’s modulus of 171.11 kPa. Our findings are consistent
with previous studies in the literature. However, further research is warranted to
more thoroughly characterise and comprehensively understand this behaviour.

Through this study, we have demonstrated that the radial response of arterial
tissue is multifaceted, dependent on location, and distinct in compression and tension.
These findings highlight the need for more advanced hyperelastic material models
in material characterisation, using the experimental data obtained, to gain deeper
insights into the mechanical properties of blood vessels. Until now, the mechanical
properties of vessels in the radial direction were largely overlooked, and since vessel
incompressibility is commonly assumed [261], they were approximated based on the
mechanical behaviour of vessels in the other two directions. However, given the
findings of this study and recent research proposing that vessel compressibility is
more significant than previously thought [262], further research is required to assess
and incorporate the radial properties of vessels.

B.5 Key findings
• The aorta exhibits a non-linear behaviour in the radial direction when subjected

to compression and tensile.

• The progressive stiffening of the tissue happens more predominantly when com-
pressed than in tensile.

• Compressed tissue stiffens more in the IAA than in the other studied locations
of the aorta, and the dispersion of results was higher in this area.

• When subjected to tensile stress, samples from the ATA show higher stiffness
than from other locations.

• Higher hysteresis can be observed in the tested samples in the DTA and the
IAA than in the ATA.

• The mechanical response of the vessel in the three directions is similar in the
first 1% tensile strain.
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