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Abstract

After percutaneous coronary interventions (PCI), vascular narrowing or blocking continue
to occur frequently. Since the extent of such complications increases with the severity of
the induced damage, stents and balloon catheters must be optimized to minimize vascular
injuries during PCI. The computer-aided finite element method (FEM) is a helpful tool,
which is capable of calculating and visualizing harmful stresses and deformations within
the arterial wall. The accuracy of FEM simulations can be increased considerably if de-
tailed geometries and suitable constitutive models are implemented, and prevailing contact
and boundary conditions taken into account.

Therefore, in the first study of this cumulative dissertation, preoperative processes, as well
as the expansion process of PCI, were modeled with realistic geometries of stents, balloon
catheters, and production tools with a FEM program. Induced stresses and deformations
could be successively calculated with an implicit time integration method and transferred
between the individual simulations. The results show that stents and balloon catheters are
already exposed to significant loads during production. Furthermore, a comparison with
experimental data demonstrates: if production induced residual stresses and deformations
are not taken into account, results from FEM simulations can differ significantly from
reality.

In the course of the second study, the material behavior of balloon catheter membranes
made of polyamide 12 (PA 12) was investigated experimentally and modeled subsequently.
For this purpose, special clamps have been developed which enable biaxial tensile tests
on tiny membrane samples. After analyzing the experimental data, the mechanical behav-
ior of PA 12 membranes can be described as semi-compliant, nonlinear, and viscoelastic.
Above the nominal load and with increasing strain rate, the membrane material pronounces
anisotropy. Mechanical data were fitted utilizing a model with a generalized polynomial-
type elasticity relation together with an extension for the anisotropic response.

The third study aims to answer the question of whether the material behavior of coronary
arteries changes during PCI and to what extent collagen-based damage mechanisms in the
collagen structure are responsible for these alterations. For this purpose, a testing device
was developed, which can simulate the multiaxial loading scenario of PCI in vitro. With
this device, the stress-strain behavior was determined before and after the indentation of
a stent strut. Besides, structural parameters of untreated and damaged samples could be
quantified using second-harmonic generation microscopy. The results reveal that damage
mechanisms such as tissue compression, softening, and changes in the fiber dispersion, but
also the extent of injuries are directional and vary considerably with alterations in stent
strut orientation, indentation pressure, and position.
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Zusammenfassung

Nach perkutanen Koronarinterventionen (Engl.: percutaneous coronary intervention (PCI))
kommt es nach wie vor häufig zu erneuten Gefäßverengungen oder -verschlüssen. Da
das Ausmaß solcher Komplikationen mit der Schwere der induzierten Schädigung steigt,
müssen Stents und Ballonkatheter dahingehend optimiert werden, vaskuläre Schädigung
während einer PCI gering zu halten. Dabei hilfreich ist die rechnergestützte Finite-Ele-
mente-Methode (FEM), mit welcher schadhafte Spannungen innerhalb des Gewebes und
Verformungen der arteriellen Wand berechnet und visualisiert werden können. Die Ge-
nauigkeit von FEM-Simulation lässt sich erheblich steigern, wenn detaillierte Geometrien
und passende konstitutive Modelle implementiert, sowie in der Realität vorherrschende
Kontakt- und Randbindungen berücksichtigt werden.

Daher wurden in der ersten Studie dieser kumulativen Dissertation preoperative Prozesse
als auch der Aufdehnvorgang einer PCI mit realistischen Geometrien von Stents, Ballonka-
thetern und Produktionswerkzeugen in einem FEM-Programm nachmodelliert. Sukzessive
konnten die induzierten Spannungen und Verformungen mit einem impliziten Zeitintegra-
tionsverfahren berechnet und zwischen den einzelnen Simulationen übernommen werden.
Die Ergebnisse belegen, dass Stents und Ballonkatheter bereits während der Produktion
signifikanten Belastungen ausgesetzt sind. Der Vergleich mit experimentellen Daten zeigt:
Werden die während der Produktion induzierten Eigenspannungen und Verformungen nicht
berücksichtigt, können Ergebnisse aus FEM-Simulationen signifikant von der Realität ab-
weichen.

In der zweiten Studie wurde das Materialverhalten von Polyamid 12-Ballonkathetermem-
branen experimentell untersucht und anschließend modelliert. Hierzu wurden spezielle
Klemmen entwickelt, welche biaxialle Zugversuche von winzigen Membranproben ermög-
lichen. Nach Analyse der experimentellen Daten kann das Materialverhalten der Membra-
nen als halbnachgiebig, nichtlinear und viskoelastisch beschrieben werden. Oberhalb der
Nominalbelastung ist das Spannungs-Dehnungsverhalten zudem stark anisotrop. Anhand
eines modifizierten polynominalen Materialmodells und einem angepassten Materialpa-
rametersatz, lässt sich die mechanische Reaktion der Membranen realistisch reproduzieren.

Die dritte Studie behandelt die Frage ob sich das Materialverhalten von Koronararterien
durch PCI verändert und inwiefern Schädigungsmechanismen in der Kollagenstruktur hi-
erfür verantwortlich sind. Dazu wurde ein Prüfstand gebaut, welcher den Lastfall einer PCI
in vitro nachbilden kann. Mit Hilfe dieser Apparatur wurde das Spannungs-Dehnungsver-
halten vor und nach dem Eindrücken einer Stent-Strebe bestimmt. Multiphotonenmikro-
skopie konnten zudem Strukturparameter von unbehandelten und durch PCI geschädigten
Proben quantifiziert werden. Die Ergebnisse zeigen, dass Schädigungsmechanismen, wie
Gewebekompression, Erweichung, Änderungen in der Faserverteilung, aber auch das Ver-
letzungsausmaß richtungsabhängig sind und mit Ausrichtung der Strebe, Einpressdruck
und Position stark variieren.
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1 Introduction

1.1 Motivation and Objectives
According to the latest global status report of the World Health Organization (WHO) in
2014 [1], the number of percutaneous coronary interventions (PCI) is rapidly increasing
worldwide, particularly in industrialized countries such as Austria, where the number of
implanted stents increased by 18% from 2009 to 2014 [2, 3]. The most challenging com-
plications after PCI are coronary events such as in-stent restenosis and in-stent thrombosis,
which still occur at rates as high as 20% despite improvements [4]. The extent of those
coronary events mainly correlates with the severity of vascular injuries [5–9]. As a result,
different types of stents and balloon catheters with pharmaceutical coatings have emerged
to prevent in-stent-restenosis and in-stent-thrombosis. However, these drugs may postpone
coronary events up to 40 months by inhibiting cell proliferation and migration [10]. With
a significantly higher risk of very late in-stent-restenosis and a constant risk of in-stent-
thrombosis due to delayed re-endothelialization, e.g., drug-coated stents have a similar
fatality rate as uncoated stents [4, 11–14].

To improve the fatality rate of PCI, scientists and manufacturers need to develop safer
stents or balloon catheters by significantly reducing the risk of vascular injuries. This may
be achieved by reducing the load on the artery applied by stents and catheters. Therefore,
engineers need to change geometries, materials, or both. Finite element analysis (FEA)
has become an essential tool for the optimization process of stents and catheters. The ac-
curacy of FEA highly depends on precise constitutive models. During the last years, several
models emerged, aiming to describe the anisotropic and nonlinear behavior of healthy and
atherosclerotic coronary arteries. However, no model is known, which considers stent-
induced vascular damage. Although many models can determine the nonlinear material
behavior of polymers, it is not clear which model is suitable for balloon catheter mem-
branes. The development of constitutive models for damaged arteries and balloon catheter
membranes requires a set of materials and structural parameters that needs to be obtained
in experiments first. Hence, this thesis focuses partly on the quantification of stent-induced
alterations of structural parameters and the identification of damage mechanisms inside
coronary arteries. The gained knowledge could be used to optimize existing models. An-
other focus is on the characterization of the mechanical behavior of polymeric balloon
catheter membranes, the quantification of respective material parameters, and the subse-
quent constitutive modeling. A constitutive model based on experimental data from poly-
mers processed in membranes rather than those from the raw material may significantly
improve the precision of future FEA.

The accuracy of FEA also benefits from realistic and detailed geometries. Nevertheless, it
is often neglected that stents and balloon catheters endure significant loads and deforma-
tions during production, especially during preoperative processes, namely balloon folding,
and pleating, as well as stent crimping. For this reason, only idealized geometries are
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1.2 Human Coronary Arteries 2

commonly implemented in FEA of PCI. Therefore, this thesis also covers the question of
whether stresses and strains induced by preoperative processes influence the geometries
and the expansion behavior of stents and balloon catheters even before PCI.

In the following, the author would like to provide a brief overview of human coronary
arteries and PCI to guide the reader to the proposed research topics of this cumulative
doctoral thesis and to provide the necessary knowledge for future investigations.

1.2 Human Coronary Arteries
The human heart needs to be supplied with blood to function. An undersupply of the mus-
cular tissue of the heart, the myocardium, is called ischemia and can result in necrosis and
fatal events such as infarction. The arteries responsible for the blood supply are the coro-
nary arteries, which further divide into subbranches and, thus, perfuse the myocardium.
The embryonic formation of coronary arteries includes three steps, namely vasculogenesis,
angiogenesis, and arteriogenesis [15]. During vasculogenesis, endothelial cells proliferate
and form a primitive vascular bed. Vascular beds of all coronary arteries are contained
in the epicardial adipose tissue (EAT), which is the visceral fat deposit of the heart [16].
Angiogenesis describes the development of microvessels by endothelial proliferation. And
finally, arteriogenesis denotes the remodeling of mature arteries by migrating smooth mus-
cle cells. Coronary arteries are the first vessels that originate from the ascending aorta.
Hence, blood passes coronary arteries first and reaches subsequently the aortic arch as well
as the brachiocephalic, carotid, and left subclavian arteries. The coronary artery system
consists of the left main coronary artery (LMCA) and the right coronary artery (RCA).
Both arteries arise from the aortic sinuses of the ascending aorta in the coronary ostia. The
LMCA bifurcates into the left anterior descending (LAD) and the left circumflex (LCx)
branches.

1.2.1 Distribution and function

All main branches can be further divided into segments (see Figure 1.1). In addition, Ta-
ble 1.1 lists the mean luminal diameters for adult men for proximal and distal segments
measured by Dodge et al. [17]. The main branches are described in the following para-
graphs.

The LMCA typically originates in the left posterior sinus. It travels between the pul-
monary artery and the left auricle for 9.7±4.3 mm [18] with a mean luminal diameter of
4.5±0.5 mm [17]. The LMCA does not pronounce significant branches of its own [19], but
soon bifurcates into the left anterior descending (LAD) and left circumflex (LCx) branches.

The LAD arises from the LMCA and travels caudally in the anterior interventricular sulcus
and extends around the apex of the heart. It supplies the basal half of the ventricular septum
and the anterior left ventricular free wall [20]. The LAD is divided into a proximal segment
that terminates at the first septal perforator, a middle segment that leads halfway to the left
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Figure 1.1 Coronary circulation: (a) simplified anterior view of the anatomy of the human coronary arteries
(redrawn and modified from [17]); (b) imaging data of a human heart obtained with multidetector computed
tomography (MDCT) (adapted and modified from [22] and reprinted with permission from Springer Nature).
RCA = right coronary artery; LMCA = left main coronary artery; LAD = left anterior descending: LCx =
left circumflex; R1–3, L1–3, C1–3 = proximal, medial, distal RCA, LAD, and LCx, respectively; A = acute
marginal arteries S = septal perforator branches; D = diagonal branches.

Table 1.1 Mean luminal diameters of the proximal and distal segments of the main coronary arteries in
right/left heart and co-dominance (adapted and modified from [17]).

Diameter (mm)
Location right heart dominant Co-dominant Left heart dominant
R1 3.9± 0.6 3.0± 0.5 2.8± 0.5
R3 3.1± 0.5 2.0± 0.6 1.1± 0.4
LMCA 4.5± 0.5 4.4± 0.4 4.6± 0.4
L1 3.6± 0.5 3.6± 0.4 3.7± 0.2
L3 1.7± 0.5 1.8± 0.4 2.0± 0.3
C1 3.4± 0.5 3.4± 0.5 4.2± 0.6
C3 1.6± 0.6 2.5± 0.5 3.2± 0.5

ventricular apex, and a distal segment that ends at the apex [19]. In healthy human adults of
mean age, the mean length of the LAD is 39±23 mm [21] and the mean luminal diameter
ranges between 3.6±0.5 mm at its origin and tapers to 1.7±0.5 mm [17].

The LCx bifurcates from the LMCA and follows the left atrioventricular groove around
the left auricle. It has a proximal and distal segment, which is separated by the first obtuse
marginal branch [19]. Generally, it perfuses the lateral wall of the left ventricle. The mean
length of the LCx is 11±10 mm [21], and its proximal and distal luminal diameter ranges
between 3.4±0.5 mm and 1.6±0.6 mm [17].

The RCA travels between the right auricle and the infundibulum to the right section of the
sulcus coronarius and the origin of the right marginal artery. It mainly supplies the anterior,
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lateral, and posterior aspects of the right ventricular myocardium and the basalmost por-
tion of the ventricular septum. The RCA has a proximal segment that terminates halfway
to the acute margin, a middle segment that ends at the acute margin, and a distal segment
that leads into the bifurcation of the atrial and ventricular septa [19]. The RCA shows
a mean length of 56±26 mm [21] and maintains a reasonably constant diameter between
3.9±0.6 mm and 2.8±0.5 mm [17], which makes the RCA an ideal target vessel for me-
chanical experiments.

As in other biological systems, coronary arteries can pronounce anomalies. These anoma-
lies affect approximately 1% of the population [19] and constitute the second most common
cause of sudden cardiac death. Coronary arteries are usually surrounded by epicardial fat.
However, in 26% of all patients, myocardial bridging occurs – an anomaly pronouncing
intramyocardial coronary arteries [23]. Dimensions of coronary arteries also scatter sig-
nificantly as 70 to 80% of the population is right heart dominant, i.e., the RCA is more
pronounced [24] and originates the posterior descending artery (PDA). Only 5 to 10% is
left heart dominant, i.e., the PDA originates in the LCx, and 10 to 20% is co-dominant.
Further coronary anomalies are associated with abnormal aortic origins, high take-off os-
tia, congenital absence of the LCMA, hypoplasia of the RCA and LCx, as well as coronary
fistulas and arteriovenous malformations [19, 25]. Coronary arteries may also pronounce
coronary collaterals that provide anastomotic connections, which might have a positive
effect on myocardial perfusion [26, 27].

1.2.2 Tissue compounds

On the micro-scale, mature coronary arteries are biological composites consisting of en-
dothelial cells, vascular smooth muscle cells (VSMC), fibroblasts, macrophages, and extra-
cellular matrix (ECM) with a high content of elastin as well as different types of collagen.

Human endothelial cells pronounce elongated shapes with a length of 50–70 µm, a width
of 10–30 µm, and a thickness of 0.1–10 µm [28]. They regulate among others the vasomo-
tor tone, which is essential to provide appropriate tissue level perfusion and blood pressure
fluctuation. These cells produce and react to locally active mediators, most importantly,
nitric oxide (NO), which is released in response to mechanical stimuli. NO diffuses into
the adjacent tissue and causes VSMC relaxation [29]. Known mediators are prostacyclin,
angiotensin II, endothelin, and endothelium-derived hyperpolarizing factors [30]. Besides,
the endothelium influences hemostasis by regulating enzymatic activities, especially of
thrombin, which is important for the conversion of fibrin [31]. In addition, endothelial
cells ensure other functions, namely permeability, leukocyte trafficking, angiogenesis, and
innate and acquired immunity. Endothelial cells have no direct influence on the mechanical
properties of an artery. For a broader overview of the phenotype of the healthy endothe-
lium, the reader is referred to the review articles [30, 32, 33].

VSMC are fusiform cells with dimensions of 50–200×5 µm in length and a width of
2–8×5 µm in the resting state [34, 35]. Their primary function is to alter the diameter
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of arteries by contraction or relaxation. Thus, they contribute to the regulation of the pul-
satile blood flow. While VSMC hardly contributes to the passive mechanical properties of
blood vessels [36–39], the active tissue response depends mostly on the VSMC contraction
[38, 40, 41]. In healthy arteries, most of the VSMC are in a contractile phenotype [42].
However, they can switch to a synthetic phenotype. In this state, VSMC regulate contrac-
tile proteins (actin, myosin, etc.), proliferate, and remodel the ECM in response to specific
growth factors triggered by vascular injuries.

Fibroblasts are adherent, flat, and spindle-like cells of varying size and shape. These cells
are the abundant cellular constituents of connective tissues in the body and, therefore, the
predominant cell type in the outer regions of the vascular wall. Fibroblasts are character-
ized by several complex phenotypes [43]. Thus, they produce, organize, and also degrade
structural elements of the ECM, in particular fibrillar collagen. Fibroblasts also secrete
growth factors and peptides, like cytokines. Furthermore, they interact with hematopoietic
stem, neural, and endothelial cells as well as neuropeptides.

Macrophages are immune cells, which can change their morphology according to their
function and surrounding ECM [44]. They consist of two classes: resident and blood-
born infiltrating macrophages [45]. Resident macrophages are heterogeneous components
of developing and mature arterial tissue. With diverse phenotypes, these cells are key
regulators of healthy tissue homeostasis. They deal with waste products and produce a
variety of factors that stimulate the activation, proliferation, and differentiation of other
resident cell types. Thus, resident macrophages are essential for tissue repair, regeneration,
and fibrosis [46]. Infiltrating macrophages have their origins from circulating monocytes,
which are recruited to injured tissue.

Elastin is an insoluble and hydrophobic structural protein that is formed through cross-
linking of the monomeric protein tropoelastin. Segregated by VSMC and fibroblasts, it
is the predominant constituent in the ECM [47]. Coronary arteries pronounce an in vivo
elastin content of 19% [48]. Elastin is also with 90% the largest constituent of elastic
fibers [49]. These elastic fibers consist of fibrillin microfibrils and an amorphous core of
elastin and pronounce relatively low stiffness. The high density of elastin allows arteries to
deform and to recoil under hemodynamic loading without permanent damage and energy
dissipation. Due to the elasticity of the arteries, the pulsatile blood flow gets damped
during systole and pumped distal by the diastolic recoil. Thus, almost constant perfusion
is reached. This vascular feature is known as the Windkessel effect.

Collagen, another structural protein, is synthesized by VSMC and fibroblasts inside arte-
rial tissue. Its content in coronary arteries is 54% [48]. It is composed of three polypeptide
chains, called α chains, in which every third amino acid is glycine – the smallest amino acid
[50]. These α chains differ in their amino acid compound and their length. However, all of
them are assembled in at least one triple helix that is stabilized by hydrogen bonds, water
bridges, and the amino acids proline and hydroxyproline. The α chains of a triple helix are
either similar or different in one ore two configurations [51]. The collagen family holds 28
members numbered with Roman numerals, which are classified according to their molec-
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ular assembly and pronounce 38 genetically distinct α chains [50–52]. Collagen types I, II,
III, V, XI, XXIV, and XXVII are fibrillar [53] and can form hierarchic structures, starting
on the amino acid level, continuing with tropocollagen molecules that form parallel fib-
rils which result in collagen fibers. The average thickness of fibrillar collagen in porcine
coronary arteries was found to be 3.63±0.61 µm, 1.29±0.47 µm, and 0.93±0.36 µm for the
no-load state, 30 mmHg distension, and 180 mmHg distension, respectively [54]. Collagen
types IV, VIII are sheet-forming, types XV, XVIII, XIX are fibril-associated, and type VI is
microfibrillar [55]. Collagen is the most abundant structural protein in the ECM, with the
fibrillar types I, III, and V collagen being predominant. Due to its stiffness and strength,
collagen counteracts deformations of the arterial wall due to excessive dilation and ensures
stability. Vascular collagen may also influence the phenotype of VSMC [56, 57].

1.2.3 Vascular structure

Similar to all arteries, the wall of coronary arteries is composed of three concentric layers,
including a luminal layer, the tunica intima, a middle layer, the tunica media, and an outer
layer, the tunica adventitia [58] (see Figure 1.2(a)). Cross sections of porcine coronary
walls are presented in Figures 1.2(b) and (c). The thickness ratio of the adventitia, media,
and intima in adult human coronary arteries was reported to be 0.4±0.03, 0.36±0.03 and
0.27±0.02, respectively [59]. The individual layers are briefly described in the following
paragraphs.

The tunica intima is the innermost arterial layer. As in other arteries, the coronary in-
tima serves as a barrier between the arterial wall and the lumen. It holds a single layer
of endothelial cells, which elongate and align in blood flow direction [62], and faces the
lumina of coronary arteries. The endothelium covers the subendothelial layer, which con-
sists of random oriented fibrillar collagen type V, also collagen types IV, XV, and XVIII,
laminin, fibronectin, and other compounds of the ECM [54, 58, 63–67]. The subendothe-
lial layer is connected via the internal elastic lamina to the media layer. In smaller animals,
the subendothelial layer is usually acellular. However, in humans or larger animals, some
VSMC might also be present in the intima, which are oriented in the longitudinal direction
[68–70]. While the intima of coronary arteries is very thin in young animals and human
newborns [54], it is generally significantly thicker in human adults [54, 59, 71].

The mechanical behavior of healthy coronary arteries under hemodynamic loadings de-
pends mostly on the muscular tunica media [69]. On the micro-scale, it is composed of
multiple concentric layers of circumferential oriented VSMC reinforced by an ECM of
collagen and elastic fibers. VSMC in the media (see Figure 1.2(d)) are oriented in circum-
ferential direction [72, 73]. Fibrillar collagen, preferentially oriented in the circumferential
direction, ensures stability and envelopes VSMC [49, 74]. In an unloaded configuration,
collagen fibers of the coronary media are wavy, while under in situ deformation collagen
fibers appeared to be straightened [75]. A detailed immunolocalization of predominant
collagen types in healthy human coronary arteries has yet not been performed. However,
a strong presence of collagen types I and III in the coronary media of rats could not be
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Figure 1.2 Structure and tissue compound of coronary arteries: (a) schematic of the arterial wall featuring
three concentric layers, the intima, media, and adventitia. The latter has two overlapping sublayers, the inner
adventitia (IA) and the exterior adventitia (EA) (redrawn and modified from [60]); (b) histological Elastica
van Gieson staining showing the media, inner and exterior adventitia; (c) merged second-harmonic generation
(SHG)/two-photon-excited fluorescence (TPFE) of a porcine coronary artery (red indicates collagen and
green indicates elastin fibers); (d) confocal images of VSMC in the coronary media with Alexa Fluor 488
Phalloidin (Green) and DAPI staining; (e,f): SHG/TPEF images of longitudinal-circumferential sections of
the inner adventitia. Figures (c)–(f) were reprinted from [61] with permission from Elsevier.

observed [76]. Collagen types IV and V were found to surround the basement membranes
of VSMC in smaller arteries [67]. Rod-like elastic fibers provide the elasticity of the artery.
They bond in thick continuous sheets to elastic lamella (EL), which is anchored on either
side to the VSMC [77, 78]. Clark et al. [74] described the radial transmural arrangement of
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the mentioned constituents as collagen bundles–elastin–VSMC–elastin–collagen bundles
disposition. Further investigations observed that coronary media EL of narrower and more
widely spaced elastic fibers form a thinner and more porous structure compared to aortas
[74]. Furthermore, the EL distributes the loading evenly onto collagen fibers throughout
the arterial wall [79]. The volume density of VSMC in the tissue of adult murine coronary
arteries was found to be 74%, with an ECM content of 17% [80]. The collagen to elastin
ratio was reported to be ∼3.7 in porcine RCA [81].

The tunica adventitia, the outermost arterial layer, is divided from the media by the exter-
nal elastic lamina. Its outer layers are in direct contact with the epicardial adipose tissue.
It resists against overstretching and rupture under extreme loads above the physiological
range. It also couples the surrounding tissue with the artery. And finally, it plays an im-
portant role in regulating the vascular tone under physiological and supraphysiological
loading. The in situ orientation angles of collagen and elastic fibers change significantly
between layers but tend to point towards the longitudinal direction of the artery [54]. In
contrast to human aortas, Chen et al. [72, 75] reported that the coronary adventitia shows
a different fiber structure in the inner adventitia than in its external counterpart, confirms
the finding of own preliminary histological investigations (see Figure 1.2(b) and (c)). On
the micro-scale, elastic and collagen fibers are organized in alternating packed layers with
transmurally changing geometrical features (see Figures 1.2(e) and (f)). Thus, while the
inner adventitia features thin collagen fibers, thick and randomly oriented collagen bundles
are present in the exterior adventitia. Elastic fibers align parallel to collagen fibers with
some elastin oriented in a secondary direction, organized in a reticular sublayer. In the
outer adventitia, elastic fibers were hardly found. The general volume density of adventi-
tial collagen in RCA was reported to be 34%, while the content of elastin was 22%, which
results in a collagen to elastin ratio of ∼1.5 [75]. In the coronary adventitia of rats, colla-
gen type III was reported to be predominant [76]. The coronary adventitia is interspersed
with fibroblasts and resident macrophages. The detailed collagen content of healthy human
coronary arteries has yet not been investigated. Furthermore, the adventitia is grained by
the vasa vasorum – small blood vessels defining the microvasculature of cells in the arterial
tissue [73] – and nerve endings.

1.2.4 Mechanical behavior in health

The heart has the highest oxygen consumption of any organ in the human body. To supply
the myocardium, 5% of the cardiac output needs to feed the coronary circulation [82]. The
resting coronary blood flow rate is approximately 250–300 ml min-1 [83]. The cardiac cy-
cle is divided into a myocardial contraction phase – the systole – and the refilling phase of
the ventricle – the diastole. Flow occurs predominantly with ∼80% of the cardiac demand
during diastole, and falls to zero or an even reversing flow in the systole [84, 85]. The
systolic arterial pressure (SAP), which ranges between 90–120 mmHg, equals the left ven-
tricular systolic pressure (LVSP), causing the left ventricle to compress the myocardium.
Hence, the capillaries of the coronary circulation are squeezed, after which no more blood
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can flow. Towards the end of the diastole, a pressure gradient between the diastolic arte-
rial pressure (DAP) in the ascending aorta and the left ventricular end-diastolic pressure
(LVEDP), the so-called coronary perfusion pressure (CPP), ensures the coronary blood
flow [86]. The DAP in the ascending aorta ranges between 60–80 mmHg. The mean arte-
rial pressure (MAP) inside human coronary arteries is approximately 100 mmHg.

As in other arteries, the coronary circulation performs active regulation of the vascular tone
to maintain a balanced blood pressure distribution and flow. Thus, it was reported that an
increased blood flow rate leads to an increased luminal diameter, while a decreasing flow
rate results in a decreased luminal diameter [87–90]. Increased or decreased flow rates
cause abnormal wall shear stresses. This stimulus triggers up- or downregulation, respec-
tively, of the endothelial NO production and, therefore, VSMC relaxation or contraction,
respectively [91]. The degree of the active coronary regulation depends on various physi-
ological and pathological processes, in particular on fluctuating CPP and metabolism, hy-
poxemia, anemia, and myocardial ischemia [86]. In muscular arteries, VSMC play a key
role in the active response of coronary tissue, but also in vasoconstriction and vasodilation.
Tissue contraction can alter the circumferential as well as longitudinal material response
due to VSMC arrangement and multi-axial vasoconstriction [92] (see Figure 1.3).

(a) (b)

(c) (d)

Circumferential stretch ratio Circumferential stretch ratio

Circumferential stretch ratio Circumferential stretch ratio

Figure 1.3 Second Piola-Kirchhoff total, passive, and active stresses of the coronary media [92]: (a) circum-
ferential stresses at λz = 1.2; (b) longitudinal stresses at λz = 1.2; (c) circumferential stresses at λz = 1.3;
(d) longitudinal stresses at λz = 1.3. Symbols present experimental measurements from distension tests,
and solid curves present predicted values from theoretical investigations. Reprinted with permission from
Elsevier.
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Interestingly, experiments of van Loon [93], Weizsacker et al. [94], Brossellet and Vito
[95], Schulze-Bauer et al. [96], and Sommer et al. [97] showed that the axial force, needed
to physiological stretch active arterial tissue, does not change with increasing luminal pres-
sure. However, this axial force changes significantly due to pressurization if the tissue gets
stretched below or above the physiological range. Furthermore, Fridez et al. [98] observed
that active VSMC contraction only affects the mechanical response of arterial tissue under
hypertension but not under physiological conditions. VSMC seem to not influence the ma-
terial properties of passive tissue [39], i.e., tissue which does not have its own contractile
ability anymore but still contains VSMC [99].

Under normal physiological conditions, coronary tissue exhibits intraparietal active stress,
called basal vascular tone [100]. In addition, residual tension within the vessel wall occurs
mainly due to intramural and durable elastin, less due to collagen [101]. The study of Zeller
and Skalak [102] exposes that collagen might be under residual compression and elastin
under residual tension. The basal vascular tone, together with vascular residual stresses and
the arterial blood flow-induced wall shear stresses, yield the loading scenario of a healthy
coronary artery. The quantification of resulting initial longitudinal and circumferential
stretches, as well as the radial compression, is essential for the experimental simulation
and computational modeling of physiological boundary conditions. Humphrey et al. [48]
introduce in their review article a theoretical approach to calculate the in situ longitudinal
stress. The experimental study of Holzapfel et al. [59] quantifies the in situ longitudinal
stretch of aged human coronary arteries with λz = 1.044. Liu et al. [103] found the lon-
gitudinal stretch for young porcine coronary arteries to be λz = 1.3. Recently, the group
of Wang et al. [104] developed a new experimental approach and, thereby, observe an in
situ longitudinal stretch of porcine LAD of λz = 1.28 (see Figures 1.4(a) and (b)). This
value was observed on specimens that were still embedded in the native perivascular envi-
ronment. The findings additionally reveal that the perivascular loading, as well as the axial
tethering, significantly influence the measured longitudinal stretch. The results of Wang et
al. [104] also include the pressure vs. outer diameter relationship (see Figure 1.4(c)) as
well as the compliance-diameter response (see Figure 1.4(d)). Arterial compliance is an
index for arterial elasticity and is defined by the division between the change of the luminal
volume and the change of the luminal pressure (C = ∆V/∆p). The curves in Figure 1.4(d)
imply that the compliance decreases significantly with increasing luminal pressure. Never-
theless, as the walls of low pressurized arteries start to collapse, the quantification of the in
situ circumferential stretch seems to remain an open task. Based on its high water content
of approximately 80%, passive tissue of coronary is mostly considered as incompressible
[105]. However, this assumption may not account for active VSMC interspersed tissue or
the high-pressure domain. Hence, the quantification of radial tissue compression at certain
pressure levels might be of great interest.

In general, active as well as passive coronary tissues of humans and animals pronounce a
highly nonlinear stress-strain behavior under uniaxial and biaxial testing conditions [41,
59, 75, 106–110]. Beside VSMC, elastic and collagen fibers in the ECM significantly in-
fluence the material response of the tissue. Thus, the relatively low stiffness but larger
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(a)

(b)

(d)(c)

Figure 1.4 Extracts of the study from Wang et al. [104]: (a) portion of the experimental setup for mea-
suring the pressure-diameter and longitudinal stretch response of coronary arteries in situ. Two pressure
transducers, P1 and P2, are cannulated and secured between the coronary artery segment of interest. Pres-
sure is provided by a syringe pump (not shown). An intravascular ultrasound (IVUS) transducer for luminal
diameter measurement is delivered into the arterial lumen through a one-way port (not shown) and rests in
the middle of the dissected segment. A series of ligatures and vascular clips are used to stop outflow from
peripheral branches; (b) local longitudinal stretch ratios along the length of the LAD (sample number n = 5);
(c) pressure-diameter response in the ex vivo, in situ, and partially dissected (without perivascular support)
configuration; (d) compliance-pressure response in the ex vivo, in situ, and partially dissected configuration.
Reprinted with permission from ASME.

deformability of elastic fibers promote the stability of the arterial wall at low pressure lev-
els. Whereas the much stiffer collagen fibers remain wavy and do not resist against loading
[61]. At higher pressure levels, and especially in the supraphysiological range, collagen
fibers take over, straighten, and bare most of the load [54, 74, 111]. This leads to sud-
den stiffening in the stress-strain response. The investigation of the layer-specific material
response of adult human coronary arteries reveals that the adventitia exhibit significant
stiffness in the supraphysiological domain [59] (see Figures 1.5(a) and (c)). The media
turned out to be the softest layers (see Figures 1.5(b) and (d)). Especially, the adventitia
stiffens remarkably at high-pressure domains and fulfills the role of a protective cover that
prevents the artery from overstretching and rupture.
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(a) (b)

(c) (d)

Figure 1.5 Uniaxial tensile stress-stretch response of adult coronary media samples I-XIII and adventitia
samples I-XIII from Holzapfel et al. [59]: (a),(b) in the circumferential and (c),(d) the longitudinal direction.
Reprinted with permission from Elsevier.

Coronary arteries under tension render a highly anisotropic mechanical behavior due to the
directional alignment of VSMC and fibers inside the ECM. The adult human intima shows
the tendency to be stiffer in the longitudinal direction [59, 112]. In the media collagen
and elastic fibers tend to align in the circumferential direction, resulting in softer material
response in a longitudinal direction. Huo et al. [41, 109] observed that VSMC contraction
of the media additionally provokes a significant increase in the longitudinal stresses and a
decrease in the outer diameter. Due to a counter alignment of ECM fibers, a comparatively
greater longitudinal stress is induced in the adventitia [59, 72].

Materials that are both, solid and fluid-like, and pronounce a stress-strain relationship that
is rate-dependent, are considered as viscoelastic materials [113]. Coronary arteries also be-
long to the group of materials [59, 114–117]. Viscoelasticity can be quantified by storage
and loss moduli that describe the ability to store and dissipate energy [118]. Thus, un-
der quasi-static tensile testing conditions, stress-strain curves show small hysteresis loops
during cyclic loading [59] (see Figure 1.5). The viscoelasticity of porcine LAD under dy-
namic loading conditions was analyzed by Burton et al. [117]. Their results demonstrate
that the storage modulus increases at higher loading frequencies. Furthermore, the storage
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modulus was much higher than the loss modulus. The reason for viscoelasticity could be
friction-related effects and local fluid exchanges inside the ECM.

It is important to note that the described mechanical and structural properties might change
with age. These age-related changes are either of physiological nature or of pathological
cause. For more information about mechanical and structural alterations in aged coronary
arteries, the author refers to the review article of Chen et al. [61].

1.3 Coronary Artery Disease
The following is a brief overview of coronary artery disease and its underlying patholog-
ical mechanisms. Cardiovascular diseases (CVD) denote the group of disorders of the
heart and blood vessels. They were the primary cause for death in 2017, resulting in an
estimated 17.8 million fatalities worldwide, of which approximately three quarters were
in low- and middle-income countries [119]. CVD include coronary heart, cerebrovas-
cular, peripheral arterial, rheumatic heart, and congenital heart diseases, as well as deep
vein thrombosis and pulmonary embolism. According to the American Heart Association
(AHA), coronary artery diseases (CAD) held the largest share on fatalities in CVD (43.8%)
in the United States in 2018, followed by stroke (16.8%), high blood pressure (9.4%), heart
failure (9.0%), diseases of the arteries (3.1%), and other cardiovascular diseases (17.9%)
[120]. CAD can manifest by acute and chronic coronary syndrome, myocardial infarction,
silent myocardial ischemia, or sudden cardiac death [121, 122]. Typical risk factors are
particularly obesity, diabetes mellitus, hyperlipidemia, hypertension, high cholesterol, ho-
mocystinuria, hyperuricemia, stress, and tobacco use [123]. The development of CAD is
a complex pathological process with a not fully understood etiology. In general, CAD can
be grouped into diseases with either atherosclerotic or non-atherosclerotic pathogenesis.
Examples for non-atherosclerotic CAD are coronary fistula, dissection, and vasculitis [25].

1.3.1 Endothelial dysfunction

Early experiments of Minick et al. [126, 127] showed that the absence of endothelium pro-
vokes pathological lipid accumulation. The results also reveal more considerable intimal
thickening in areas with regenerated endothelium in comparison to regions with complete
endothelial denudation. Therefore, endothelial dysfunction appears to be the causative pro-
cess of atherosclerosis in coronary arteries. Recently, Mundi et al. [125] published a review
article about structures involved in endothelial dysfunction. At first, they mention glyco-
calyx, a thick layer of glycoproteins, proteoglycans, and hyaluronan (glycosaminoglycan)
lining the luminal side of the endothelial monolayer. Glycocalyx enables anionic and pro-
tein molecules to access the endothelial membrane bilayer. It is screening the molecules
according to their size, charge, and structure and allows water and electrolytes to pass
freely [128]. Thus, the glycocalyx is important for the regulation of low-density lipopro-
tein (LDL) diffusion. LDL are spheroidal complexes in the blood. They transport lipids
coming from the liver to cells in the extrahepatic tissue. In a healthy state, it contains 22%
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Figure 1.6 Mechanisms inside the glycocalyx layer in endothelial dysfunction (adapted from [124] and
illustrated by [125]): (1A) in vessels with glycocalyx layers and endothelial cells (EC) (1B) entering low-
density lipoproteins (LDL) in the arterial intima are determined by (1B) endothelial vesicles and (1C) open
endothelial junctions; (2) LDL passes the internal elastic lamina (IEL); (3A),(3B) backward diffusion occurs,
however, LDL can be trapped by binding to the extracellular matrix (ECM). Reprinted with permission from
Oxford Academic.

of its only protein component, apolipoprotein B-100 (apoB-100), and fat molecules, to be
more specific 22% phospholipids, 8% cholesterol, 42% cholesteryl esters, and 6% triglyc-
erides [129]. Although the underlying mechanisms are still under investigation, a reduction
of the glycocalyx leads to exposure of the endothelial layer and, thus, to the release of en-
dothelial receptors, followed by accumulation of LDL [130–132] (see Figure 1.6). Studies
on different animal arteries, including coronary arteries of pigeons, show that the thickness
of the glycocalyx layer is significantly reduced in plaque and atherosclerotic regions [133–
135]. Mundi et al. [125] assume that the glycocalyx reduction in these diseased regions
might be the result of a discontinuous production of proteoglycans in the absence of direct
exposure to laminar blood flow. Also, an excessive generation of highly reactive oxygen
species (ROS), inflammatory activation of the endothelium, and the presence of oxidated
LDL could be a reason [136, 137]. Furthermore, turbulent or disturbed flow leads to the
shedding of proteoglycans by downregulating tissue inhibitor metalloproteinases (TIMP3)
[138].

The second structural group are caveolae, cup-shaped pits in the plasma membrane of
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the endothelium [139]. Under normal conditions, LDL complexes with diameters of 20–
30 nm cannot pass endothelial junctions of 3–6 nm [125]. However, open caveolae and
clathrin-coated vesicles can bind LDL via scavenger receptors [140]. Known receptors are
scavenger receptor class B member 1 (SBR1) and activin receptor-like kinase 1 receptors
[141]. The overall terminus for this process is endothelial transcytosis [142]. A patho-
logical configuration induced by the common risk factors of CAD is characterized by a
hyperactive endothelial transcytosis. The general mechanism known in the literature for
this process is the silencing of the protein caveolin-1 (Cav-1), the major component of the
caveolae plasma membrane, and an increased endothelial vascular cell adhesion molecule
(VCAM)-1 expression. Low-density lipoprotein receptor (LDLR) and SBR1 can also cause
an increased endothelial transcytosis, which underlines the importance of LDL and choles-
terol presence for an increased endothelial permeability [143].

The third structure involved is cell–cell junctions of the endothelial cells, more specific
tight junctions (TJ), adherens junctions (AJ), and gap junctions (GJ). These junctions are
composed of membrane proteins, bonded to the cytoskeleton, and controlled via an exten-
sive signaling network [144]. For a better illustration see Figure 1.7. According to Alberts
et al. [145], the different junction types can be described as follows: TJ are pathways
between the apical and basolateral domains of the endothelium that regulate the diffu-
sion of membrane proteins and lipids. They also seal neighboring cells together. Each of
their sealing strands is composed of several transmembrane adhesion proteins, especially
claudins, occludins, and zonula occludens. AJ form adhesion belts, which encircle the in-
teracting endothelial cells. In every endothelial cell, actin filaments, oriented parallel to
the plasma membrane, lie next to the adhesion belt. These actin filaments are attached to
the membrane through the anchor proteins catenins, vinculin, and α-actinin. Thus, they
hold cells together and bind them to the ECM. And finally, GJ are direct plasmatic con-
nections assembled from connexins, a family of 21 proteins in humans [146]. So-called
connexons (Cx), pore-forming complexes of six connexins, develop hexagonally arranged
compounds. These Cx can diffuse laterally and dock to another connexion from a neigh-
boring cell and, thus, forming intercellular channels for the transport of ions and small
water-soluble molecules. Therefore, GJ are important in the mediation of electrical and
chemical coupling of cells. The enzyme lipoprotein lipase (LPL) can hydrolyze circulat-
ing triglyceride-rich lipoproteins into remnants that might affect the proteins of AT and JT
significantly and, thus, increase the endothelial permeability [147]. It was reported, that in
advanced atherosclerosis, TJ open and enable plasma molecules and LDL to pass [148].
Furthermore, hypercholesterolemia and the presence of pro-inflammatory cytokines can
lead to destabilization of GJ channels due to altered connexins Cx37, Cx40, Cx43, and
assumably Cx45 expression [146, 149–152].

1.3.2 Atherosclerosis and its classification

In healthy coronary arteries, the endothelium, as natural barrier, regulates the LDL uptake
(see Figure 1.8(a)). In disease, LDL freely pass the dysfunctional endothelium, deposit in
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Figure 1.7 Proteins involved and mechanisms of the endothelial junctions summarized by Mundi et al.
[125]: adherens junctions (AJ) are composed of cadherin-catenin and nectin-afadin complexes. Vascular
endothelial (VE) cadherin binds to β-catenin, plakoglobin, and p120. β-Catenin and plakoglobin again bind to
α-catenin, a filamentous (F) actin-binding protein, the primary link between the AJ and the actin cytoskeleton.
α-Catenin can bind vinculin and α-actinin, stabilizing the anchorage to F-actin microfilaments. When α-
catenin is stretched (upon tension on the junctions), a latent vinculin binding site becomes available and
initiates a second interaction of the cadherin–catenin complex with the F-actin cytoskeleton. Nectin links
to afadin, which in turn establish bonds with ponsin, connecting nectin to the F-actin cytoskeleton; Tight
junctions (TJ) are complexes of occludin, claudin, junctional adhesion molecules (JAM), and intracellular
components, such as ZO-1; Gap junctions (GJ) are in general composed by the connexins Cx37, Cx40, and
Cx43. Reprinted with permission from Oxford Academic.

the intimal layer, undergo oxidation, and transforms into oxidized LDL (ox-LDL). Oxida-
tion is a chemical chain reaction of loss of electrons that is usually inhibited by naturally
occurring antioxidant agents [153]. The process is regulated by several metabolic prod-
ucts, endothelial cells, VSMC, monocytes, macrophages, etc., and is believed to take place
in the absence of endogenous antioxidants and under oxidative stress (overproduction of
free highly reactive radicals, i.e., ROS). Ox-LDL induces endothelial cells to express in-
flammatory mediators and adhesion molecules [154]. Blood-borne monocytes attach to the
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individual endothelial cells, diffuse through the endothelial junctions, and immigrate into
the subendothelial layer [155] (see Figure 1.8(b)). Once monocytes become resident to the
subendothelial layer, they differentiate into macrophages affected by macrophage-colony
stimulating factors [156, 157]. These macrophages express cell surface receptors, or to
be more specific, scavenger receptors (reviewed in [158]), which attract unmodified LDL
as well as ox-LDL. These lipids accumulate within the cytoplasm of macrophages [159].
Now, as the oxidation of LDL amplifies itself, a chain reaction starts and more and more
lipids get accumulated. This moment is the birth of so-called lipid-laden macrophages or
foam cells. These foam cells secrete cell recruiting proteins, namely cytokines [160, 160],
which again attract cycling leukocytes such as lymphocytes, mast cells, and T cells [122].
Thus, plaque, also called atheroma, starts to develop (see Figure 1.8(c)). Furthermore, cy-
tokines recruit VSMC in the intima as well as the atheroma. These VSMC are from a syn-
thetic phenotype and produce collagen, proteoglycans, and elastin. This neo-ECM forms a
fibrous cap around the atheroma [161]. Platelet-derived growth factors (PDGF), which are
stored primarily by platelets but also other cells, including endothelium and VSMC, cause
VSMC to proliferate inside the atheroma [162]. Eventually, a lipid pool grows within the
intima, which is promoted by the apoptosis of foam cells and necrosis at the edge of the
core [163] (see Figure 1.8(d)). Finally, lipid and cell debris accumulate to a lipid-rich pool
[122].

In the progression of the lesion, calcification is also an important mechanism. Here, an
initial process is micro-calcification, potentially initiated by mineralization-competent ma-
trix vesicles (MV) secreted by VSMC [165, 166]. MV are small membrane-bound bodies
nucleating the mineral hydroxyapatite that crystallizes. Micro-calcifications originate from
the deeper regions of the lipid core, extend into the surrounding collagenous matrix, and
finally form calcified sheets or plates [167]. Calcification can also occur as a spotty pattern
in more extensive and diffuse atherosclerosis [168, 169]. These spotty calcifications are
assumed to intensify stresses in the circumferential direction and to cause plaque rupture
[170–172]. Smaller calcium deposits continue to form and grow to extensive calcifications.
As a hallmark of atherosclerosis, these investigations are still of high interest. The topic
was recently reviewed by Shioi and Ikari [173] and by Shi et al. [174].

A well-established classification scheme for atherosclerotic lesions based on pathological
studies was developed by Stary et al. [175–177] and recommended by the AHA Com-
mittee on Vascular Lesions. In their review, Virmani et al. [178] focused on vulnerable
plaques, i.e., plaque susceptible to rupture [179]. Accordingly, they modified the classifi-
cation scheme of the AHA by considering events like erosion, rupture, thinning of the fi-
brous cap, and development of pro coagulation and thrombotic environment. After review-
ing the new data, an updated classification scheme was adopted by the AHA [180, 181].
The updated classification scheme includes eight types of atherosclerotic lesion numbered
with Roman numerals. According to the summary of Akyildiz et al. [182], the severity
of atherosclerosis describes a range starting with early lesions of small accumulations of
foam cells (type I), multiple foam cells (type II), and by the formation of pre-atheroma
(type III). Inside the pre-atheroma, extracellular lipids are already present in the intima,
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Figure 1.8 Pathogenesis of atherosclerosis [164]: (a) In a healthy coronary artery, the intima is lined by a
monolayer of endothelial cells, which cover the subendothelial layer. On the micro-level, the media contains
VSMC embedded in an ECM of collagen and elastin. In the adventitia, resident macrophages, fibroblasts,
and mast cells are present; (b) early atherosclerosis include the adhesion of blood-cycling leukocytes to the
endothelium, leukocyte migration, and maturation of monocytes into macrophages with sequential uptake
of oxidized LDL, yielding foam cell formation; (c) an atheroma starts to develop due to intimal VSMC
migration and proliferation as well as ECM synthesis. Extracellular lipids from apoptotic cells accumulate,
forming a necrotic core. Advanced lesions contain cholesterol crystals; (d) a lipid core with a fibrous cap
has developed. After rupture, blood coagulation components come into contact with tissue factors, and a
thrombus starts to form. Reprinted with permission from Nature.

located between migrated VSMC. The migrated VSMC cause additionally intimal hyper-
plasia with decreasing arterial lumen. However, in the stage of pre-atheroma formation,
the media and the adventitia remain unaffected in the development of early lesions. The
first clinical important lesion (type IV) comprises atheroma formation by the presence of
a lipid core. These lesions might already cause significant narrowing of the arterial lumen,
i.e., stenosis formation. They are usually not visible to conventional imaging and screening
techniques and remain clinically silent [181]. Fibro-atheroma lesions (type V) increasingly
pronounce fibrous tissue, while ruptured lesions (type VI) include surface defects or intra-
plaque bleeding. In calcified lesions (type VII), the intima contains extensive calcifications
with lipid depositions. And finally, in fibrotic lesions (type VIII), no more lipid core is
present, but large amounts of fibrous tissue.
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1.3.3 Coronary syndromes

Angina pectoris or simply ‘angina’ is a type of thoracic or retrosternal pain, which may
radiate to the left of both arms, jaws, or back [183]. In general, angina results from under-
supply of the myocardium, either through obstructive stabilized plaque, also known as
stenosis, by plaque rupture, or by a combination of both. Chronic coronary syndrome
(CCS) is a new terminus for patients with stable angina. CCS is, by definition ‘stable’ if
angina episodes last for more than three to six months [184, 185]. The cause for CCS is a
progressive growth of atheroma.

Atheromas may rupture due to vasospasm-induced or hemodynamic shear stresses, circum-
ferential stress concentrations in the plaque cap – in particular at the plaque shoulders –
or smaller transmural pressures in the stenosis [186–190]. During rupture, receptor-driven
platelets attach onto the exposed subendothelial layer followed by further recruitment, acti-
vation, and stabilization of additional platelets [191–194]. Finally, a superimposed throm-
bus develops (see Figure 1.8(d)), which may critically reduce the blood flow on-site or in
distal arteries after separation. This sudden event is called unstable angina or acute coro-
nary syndrome (ACS). ACS with total coronary occlusion may cause reduced contractility
of the myocardium within seconds [195] followed by myocardial cell death or ST-elevation
myocardial infarction (STEMI). ‘ST’ in STEMI denotes the ST segment of sinus rhythm.
Non-occluding thrombi may result in non-ST-elevation myocardial infarction (NSTEMI).

1.3.4 Mechanical behavior in disease

While the investigation of the atherosclerotic pathogenesis in coronary arteries and re-
sulting structural changes has been the focus of numerous biological motivated studies,
the characterization of the mechanical behavior of sclerotic coronary arteries still ventures
into uncharted terrain. In general, atherosclerosis involves two mechanisms of vascular
alterations, which are essential for the mechanical behavior of diseased coronary arteries –
namely arterial thickening and mechanical stiffening [196]. However, in experimental in-
vestigations, it is difficult to distinguish whether the mechanical behavior is based on age-
or atherosclerosis-based alterations. Hence, the following will provide a short overview of
the main mechanisms of both cases.

Through an early investigation in 1985 published by Velican and Velican [197], it was
found that aged-based coronary intimal thickening refers to several arterial processes trig-
gered by physiological and pathological stimuli. Their results also confirm their previous
findings [198, 199], which state that intimal thickening is sex- and position-dependent.
Furthermore, the mean intimal thickenings in 932 subjects were found to be three times as
much as the ones in the media [197]. Age-dependent thickening of coronary arteries was
also observed in the comprehensive study of Ozolanta et al. [200]. They documented that
the mean wall thickness, as well as the outer diameter gradually increases with age. These
results are consistent with the findings of Holzapfel et al. [59], who detected significant
intimal thickening in aged coronary arteries. However, it was also reported that the wall-
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thickening process is non-uniform in proximal and distal parts of human LAD and LCx
[200]. And, finally, Ozolanta et al. [200] observed a decreasing vascular deformability in
the circumferential direction and, therefore, an increase of wall rigidity at a higher age.

Mechanical properties of coronary arteries can be quantified in vitro with uni- or multi-
axial rheology, tensile, and expansion tests. Jankowska et al. classified atherosclerotic
tissue into three stages, i.e., (i) thickening of the artery, (ii) visible plaque, and (iii) large
plaque [201]. After performing uniaxial tensile testing, the mechanical response exposes
pathological changes, in particular severe stiffening of the vascular wall. The highest val-
ues of the stiffness coefficients were obtained for tissues of stage (iii). In addition, their
experimental data show that tissue of diseased coronary arteries continues to pronounce
anisotropic behavior in every stage.

In vitro experimental data of aged and atherosclerotic human coronary arteries are hardly
available, as these arteries are difficult to test due to tiny sample sizes. Therefore, sev-
eral studies focused on in vivo approaches. Minimally invasive intravascular ultrasound
(IVUS) is a standard low-sensitivity imaging technique to visualize cross-sections of coro-
nary walls. With the help of intravascular ultrasound catheters and the echogenicity of
acoustic waves, this technique can provide dimensions of healthy and atherosclerotic parts
of arteries in real-time [202]. For some time, a combination of IVUS and elastography
is used to produce elastograms at different intraluminal pressures. Elastography allows
the determination of local strains by quasi-statically or dynamically deforming tissue and
measuring displacements between the reference and deformed configuration [203]. Using
IVUS elastography, different strain values between fibrous, fibro-fatty, and fatty plaques
could be detected [204]. In 2002, Korte et al. [205] reported significant lower strain values
in calcified tissue in comparison to healthy tissue. In general, higher shear strains were
found in diseased tissue with maximum amplitudes at the plaque shoulders [190, 206].
Furthermore, heterogeneous plaque morphology was associated with higher shear strains
and thicker lipid pools, while fibrous plaques resulted in lower strains. For a representative
example of IVUS derived displacement fields see Figure 1.9. The echograms show fibrous
plaque from 4 to 7 o’clock, while the rest of the cross-section is fibrofatty plaque.

1.3.5 Clinical evaluation, diagnosis, classification, and treatments

Before the actual diagnosis test, patient evaluation starts with a pre-test. In general, this
pre-test includes a patient interview, also known as anamnesis, that clarifies the under-
lying health conditions, prior test results, risk factors, characteristics of angina, possible
organizational and operative procedures, and potential risks [122]. Furthermore, the pa-
tient is assigned to CAD probability categories according to country-specific guidelines,
e.g., the Diamond and Forrester Chest Pain Prediction Rule, the Goldman Reilley crite-
ria, the Morise Score, Thrombolysis in Myocardial Infarction (TIMI) risk score, or lately
the 2012 ACCF/AHA guideline [207–211]. This step is followed by a physical examina-
tion, including the observation of symptoms, resting electrocardiography (ECG), and the
quantification of pulse, oximetry, blood pressure, as well as biomarkers (troponin, sodium,
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Figure 1.9 Intravascular ultrasound investigation of a diseased LAD [190]: image (a) shows the LAD site
at diastole and (b) at systole; (c) displacement field between the segmented lumen boundary and media-
adventitia interface (blue curves); (d) radial strain inside the arterial wall; (e) circumferential strain. Reprinted
with permission from Elsevier.

creatinine, etc.).

Based on the pre-test, clinicians choose diagnostic tests for further examinations. However,
they must decide whether non-invasive (not entering the body) or invasive diagnostic tests
(cutting and entering the body) should be performed. Following the 2012 ACCF/AHA
guidelines, patients at low pre-test risk should undergo non-invasive testing [211, 212]. At
intermediate risk, patients could also be tested with non-invasive methods combined with
treatments adapted to symptoms and risk factors. Finally, at high risk, non-invasive tests
are usually bypassed and invasive tests preferred. The first group of non-invasive tests
includes anatomical investigations such as coronary computed tomography angiography
(CCTA), as well as coronary artery calcium (CAC) scoring. The second group comprises
functional investigations like exercise ECG, stress echocardiography, positron emission
tomography (PET), single-photon emission computed tomography (SPECT), as well as
cardiac magnetic resonance (CMR) imaging [213]. In invasive tests, catheter-based X-ray
coronary angiography, in short, ‘invasive coronary angiography’ (ICA) has established as
a standard diagnostic test. It is the most utilized method to assess CAD and considered as
gold-standard. ICA can be combined with IVUS as well as fraction flow reserve (FFR),
and more recently with optical coherence tomography (OCT) imaging. As ICA and PCI
are usually performed within one clinical session one after another, both procedures will
be described in more detail in Section 1.4.
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The choice of the ideal treatment of the tested patient depends on the diagnosis, but also
on costs, availability, as well as skills of the clinician. Treatments for CAD are subdivided
into the categories of medical therapy and revascularization. Typical medical therapies
include the administration of drugs, like antiplatelets (mostly acetylsalicylic acid (ASA)
and clopidogrel), statins (mostly atorvastatin, fluvastatin, lovastatin, pravastatin, and sim-
vastatin), beta-blockers (bisoprolol and metoprolol), as well as ACE inhibitors and an-
giotensin II antagonists [214, 215]. However, medical therapies also involve the treatment
of secondary conditions as diabetes and hypertension [212]. Revascularization includes
two main techniques, namely, PCI and coronary artery bypass graft (CABG) surgery. PCI
describes a minimally invasive surgical technique that aims to restore the original diameter
of a stenotic or blocked coronary artery. For this purpose, a balloon catheter is deployed
and inflated at the narrowed part of the affected artery, and, if necessary, a stent implanted.
Other PCI-based approaches include high-pressure and super-high pressure non-compliant,
cutting/scoring/cryoplasty, atherectomy, excimer lasers, and lately intravascular lithotripsy
(IVL) balloon catheters [216, 217]. CABG is an extensive surgical technique that denotes
the bypassing of diseased coronary arteries with grafted arteries or veins.

In the case of finding an ideal treatment for CAD, decision-making is a complex and often
over-straining process with severe consequences for patients. While medical therapy seems
to be the cornerstone for CCS, specific guidelines can help to assess the need for revascu-
larization. An international widely used and by the AHA recommended grading system for
the complexity of CAD is based on the SYNTAX I, II, and III trials [218–220]. After the
examination of the clinical picture, this grading system aims to define a SYNTAX score,
which is based on the complexity of the prevailing CAD. Despite this decision-making
aid, there is a controversial discussion about whether and when PCI should be preferred
over CABG. Katritsis et al. recently summarized in their review article factors for the
correct choice between PCI and CABG [221]. Hence, CABG should be favored for mul-
tiple vessel disease (especially for three-vessel disease), left ventricular dysfunction, left
main coronary artery disease, chronic total occlusion of major vessels, and diffuse dis-
eases. However, PCI shows better outcomes for one- or two-vessel disease as well as for
patients in advanced age, with preserved left ventricular function, suitable anatomy, and
comorbidities. A detailed overview of recent trials and outcomes is given in references
[221–223].

1.4 Percutaneous Coronary Intervention
PCI, formerly known as balloon angioplasty or percutaneous transluminal coronary angio-
plasty (PTCA) with stenting, remains the prevailing technique for revascularization in the
USA. According to the 2020 update of the Heart Disease and Stroke Statistics of the AHA,
480,000 PCI and 371,000 CABG surgeries were counted in 2014 [224]. In Austria, 2,559
PCI per million people were carried out in 2014 [225] and 2,777 PCI per million people in
2017 [226], which represents a significant increase of 8.87 %. In 1977, Grüntzig performed
the first PTCA on an awake patient by dilating a stenotic LAD with a balloon catheter
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[227]. To overcome vascular recoil and restenosis formation, a structure was needed that
can provide intravascular support. Therefore, for the first time, a self-expanding, stainless
steel wire mesh was implanted in a human coronary artery by Sigwart et al. [228] in 1986.
These implantable wire-meshes or strut-structures became simply known as ‘stents’, as
similar structures for other medical applications were already denoted as such. In 1987, the
first balloon-expandable stent with FDA-approval, the Palmaz-Schatz® stent, was launched
[229]. Since then, PCI with stenting developed through much progress in the catheter,
stent, and manufacturing technologies. However, the general working principle of classic
PCI remains the same.

1.4.1 Intra-operative procedures

When ICA reveals disease pattern that confirms the need for immediate minimally inva-
sive revascularization, ICA and PCI are usually performed sequentially, as both techniques
are catheter-based. Before every standard ICA and PCI, the patient receives situation-
dependent medication. Typical drugs are dual antiplatelet therapy with aspirin, clopido-
grel, prasugrel, or ticagrelor, to prevent thrombosis. In addition, hydration can be ensured
with isotonic saline infusions. As the last step before PCI, the patient must be checked by
an anesthesiologist for former contrast medium allergy, chronic kidney disease, and dia-
betes [230]. Inside the cardiac catheterization laboratory, the patient lies on an adjustable
table. For radiological imaging during ICA and PCI, the region of interest is most com-
monly centered inside a C-arm system. A C-arm system is made of an X-ray source and
detector attached to a gimbal-mounted C-shaped frame and provides real-time X-ray imag-
ing. Orbital and angular movements of the C-arm system enable both 2D and 3D images
[231]. Monoplane devices provide one image, while biplane devices can manage to display
two spatial planes in real-time simultaneously. Thus, the biplane technology might reduce
complications, radiation exposure, and procedure time [232].

The initial step of primary ICA and PCI with stenting is the puncture of either the femoral,
radial or brachial artery. At first, adequate conscious sedation of the patient and a local
anesthetic of the skin and the subcutaneous tissue at the puncture site must be ensured.
For puncture, different techniques and needle systems are known [233]. In general, front
wall puncture is performed by piercing a cannulation or micropuncture needle into the
anterior wall of the artery until a pulsating blood flow starts to leak. After needle placement,
angiography of the femoral artery can be performed to check for correct puncture and
possible calcification. Here, contrast agents might be injected with a syringe. Contrast
agents are iodine and barium based solutions, which enhance the contrast between lumen
and tissue. Next, a guidewire with an atraumatic j-shaped tip is inserted, followed by the
removal of the needle. Guidewires are small-caliber (0.25–0.50 mm) steerable wires with
radio-opaque coating. After the needle is removed, a vascular introducer set is pushed
along the guidewire into the artery. An introducer set contains a sheath and a tapered
dilator. The internal dilator aims to guide the sheath through the entry into the artery.
After the dilator and the guidewire are removed, the port of the sheath gets flushed with a
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physiologic saline solution and sealed. The port diameter is usually given in French (1 F or
1 Fr = 0.333̄ mm) and ranges between 4–7 Fr for ICA and 5–9 Fr for PTA [233].

The ideal transluminal route for ICA and PCI is a controversial discussed matter. Re-
cently, several studies consider the transbrachial/radial (TB/TR) approach as superior with
respect to mortality risk, hospital stay, patient comfort, and complications such as bleeding,
hematoma formation, and ecchymosis [234–238]. Furthermore, TB/TR might be an attrac-
tive alternative in the presence of femoral stenosis, aortic dissection, and aortic aneurysms.
However, TB/TR is technically challenging and very difficult to perform in patients with
abnormal radial artery anatomy, small radial artery, or tortuous subclavian artery. Tech-
niques, such as ultrasound- or infrared light-guided punctures, may facilitate TB/TR. Tra-
ditionally, the transfemoral (TF) approach has been preferred due to better accessibility
and use of large size catheters.

The objective of ICA is the complete visual depiction of all coronary arteries, including
the collateral circulation, i.e., bypasses and veins, and gets usually combined with cardiac
ventriculography. ICA starts with the insertion of a diagnostic catheter in the size of 4–6 Fr
and a length of 100–125 cm [233]. Diagnostic catheters are pipes with a non-thrombogenic,
lubricious outer and inner layer. The inner layer sheaths a guidewire. The front end has
an atraumatic tip and is available in different shapes depending on the target artery (left-
/right judkins/amplatz, pigtail, cobra, hockey stick etc.) [239]. At the back end, a strain
relief support, a wire port, and a grip are mounted. The latter allows the clinician to turn
and steer the catheter inside the lumen. Once it is guided through the transluminal route
and intubated into the respective coronary ostium, the diagnostic catheter is freed from its
guidewire and flushed with saline solution. With a 2- or 4-way manifold, which is attached
to the wire port, the diagnostic catheter can be connected to a syringe with a contrast agent
and a manometer for arterial pressure monitoring. By analyzing the arterial pressure, the
clinician can already deduce the type and severity of the underlying disease. However, the
exact location of stenoses and thrombi can only be determined by injecting contrast agents.
Finally, after the satisfactory completion of a coronary angiogram, the diagnostic catheter
is removed.

When the clinician decides to proceed with revascularization performed with PCI and stent
placement, a guiding catheter, together with a coronary guidewire, is inserted. Guiding
catheters like diagnostic catheters have lubricious and non-thrombogenic inner and outer
layers, but additionally, a middle layer made of stainless-steel mesh. The size of the guiding
catheter strongly depends on the selected stent and balloon catheter and ranges between
4–9 Fr [233]. After the intubation of the guiding catheter into the coronary ostium, the
guidewire is removed. This is the moment either pre-dilatation of the diseased site with
a balloon catheter or direct stent implantation is performed. For pre-dilatation, a slightly
smaller balloon catheter without stent is positioned at the center of the stenosis via the
guiding catheter and a special coronary guidewire and subsequently inflated.

At the distal end of these catheters, a folded cylindrical balloon is attached. The prox-
imal and distal ends of this balloon are usually labeled with X-ray markers. For stent
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implantation, a stent is crimped onto the center of the balloon membrane. Two types of
balloon catheters dominate the market, namely over-the-wire (OTW) and rapid exchange
balloon catheters. OTW catheters are 145–155 cm long, and have two lumens, one for
the guidewire and another for balloon pressurization [233]. Furthermore, these catheters
have an inflation and wire port. The main advantage is a fast exchange of the guidewire.
However, additional personnel is needed as the guidewires for this catheter type are usually
very long (300 cm). Rapid-exchange (Rx) catheters, with a length of 150–180 cm, are the
standard catheters for PCI [240]. These Rx catheters have only one continuous lumen since
the wire lumen does not go through the entire catheter but only 17–40 cm at the distal end
of the catheter. Thus short guidewires can be used, and sudden balloon catheter exchanges
are more straightforward. Balloon membranes of both systems are available in diameters
of 2–5.5 mm and in lengths of 10–40 mm. The diameter of the stent must be chosen ac-
cording to the luminal diameter of the healthy part of the artery. Standard coronary stents
are available for arterial diameters of 2–5.5 mm and in lengths of 8–25 mm [241]. Stents
in 4.5 and 5.5 mm sizes are ideal for large vessels, such as RCA, LDA, LCx. Stent sizes of
2.0 mm are suitable for extra-small branches and tight lesions. In an optimal PCI, the stent
should cover the entire length of the stenosis but must not block bifurcations.

Once placed in the center of the stenosis, the balloon catheter gets pressurized with an infla-
tion device and expanded together with the stent. Depending on the brand and the balloon
catheter size, nominal pressures of 5–15 bar are common. With increasing pressurization,
the tapers of the balloon catheter start to expand. This causes the outer segments of the
stent to deform first. This effect is called ‘dogboning’. When reaching the nominal pres-
sure for the first time, the balloon pressure might decays initially due to the semi-compliant
mechanical behavior of the balloon material [239]. Therefore, the clinician has to reinflate
the balloon as long as the pressure stabilizes. At a certain pressure, further central stent
segments, as well as the folded balloon membrane, suddenly expand and eventually touch
the arterial wall. In an optimal PCI, the stent is fully expanded if all struts are in contact
with the arterial wall. If the stent is not ideally expanded, over-pressurization is sometimes
necessary. It is also common practice to post-dilate the stent with a second, less compli-
ant balloon catheter that is slightly shorter as the stent [242]. With these special balloon
catheters, individual stent segments that are not fully expanded can be reshaped. This step
reduces the risk of stent malapposition, i.e., the lack of contact between stent struts and the
arterial wall, and thrombus formation [243]. As soon as the balloon catheter is inflated, the
diameter of the stent slightly decreases due to elastic recoil.

After the stent implantation, the balloon catheter, the guidewire, the guiding catheter, and
the sheath are removed. There are two options to close the arterial access site: manual
compression or insertion of a vascular closing device. According to several studies, modern
closure devices can reduce post-operative complications like bleeding and hematoma [244–
246].
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1.4.2 Evolution of balloon catheters and stents

After few years of successful treatment, the use of PCI with uncoated balloons marked
the beginning of a race between cardiology and a new enemy: The reduction of the renewed
lumen of more than 50% after PCI, better known as ‘restenosis’. Restenosis is associated
with PCI-induced vascular damage and correlates with the severity of the injury [5–9]. The
pathogenesis of restenosis is a continual process, starting with the overstretching of the ar-
terial wall. Excessive overstretching causes stresses and strains in the supraphysiological
range. Supraphysiological loadings lead to barotrauma, laminar dissection, and subsequent
recoil of the arterial wall [247]. Large-scale endothelial denudation and injuries in the in-
tima and media lead to sudden inflammatory reactions, VSMC proliferation as well as
rapid intimal migration, excessive ECM deposition, and, eventually, to neointimal hyper-
plasia [248–251]. The underlying biochemical mechanisms coincide with those of initial
atherosclerosis but are significantly accelerated by a mechanical stimulus of greater mag-
nitude. Thus, PCI with balloon angioplasty show very high restenosis rates of 32–55%
[252, 253].

Uncoated balloons

Bare-metal stents (BMS) Drug-eluting stents (DES)

Durable polymer-
coated DES

Uncoated
BMS

Biodegradable
DES

Biodegradable
polymer-coated

DES

Biodegradable
polymer-coated

DES with reservoirs
Polymer-free

DES
Ultra-thin

DES

Drug-coated balloons (DCB)

~140 – 130
µm

strut thickness
~120 – 80

µm
~120 – 80 

µm
~90 – 70 

µm
~90 – 70 

µm
~140 – 70

µm
<70
µm

First-generation DES Second-generation DES Newest-generation DES

Combined

Figure 1.10 Evolution of percutaneous coronary intervention (PCI) from treatments with uncoated and
drug-coated balloons (DCB) to bare-metal stent (BMS) and drug-eluting sent placements.

First PCI with stent placement incorporated non-coated stainless steel implants, so-called
bare-metal stents (BMS) (see Figure 1.10) to prevent recoil and dissection. The use of
BMS improved the restenosis rate to 17–41% [254, 255]. However, the problem of resteno-
sis formation inside BMS, now denoted as ’in-stent restenosis’ (ISR), remained. It was
observed that ISR lead to focal lesions in 42% of all analyzed restenosis patients, in 21%
lesions were found along the entire stent, in 5% the artery was occluded, and in 30%
lesions developed outside the stent. During the first two month, cell proliferation and af-
terward accumulations of ECM contributes most to ISR formation [256]. ISR growth finds
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Figure 1.11 Pathological response after PCI illustrated with histological sections: (a) three days after PCI,
first mononuclear cells start to attach to the internal elastic lamina (black arrow); (b) two weeks after PCI,
robust neointimal hyperplasia separates the lumen from the internal elastic lamina (black arrow); (c) acute
and subacute thrombi attached to the internal elastic lamina (black arrow) can be observed; (d) detailed
view of a thrombus. (a)–(d) are reprinted from [247] with permission from Elsevier. The implantation
of a Palmaz-Schatz stent (struts marked by black arrows) into porcine coronary arteries lead to (e) slight
neointimal response if antiproliferating drugs were applied, and (f) to sever neointimal hyperplasia and ISR
formation [261]. (e),(f) are reprinted with permission from AHA.

its peak after approximately six months, stabilizes after one year, and may even regress
[247, 257, 258]. In addition to ISR, acute in-stent thrombosis (IST) due to fibrin, platelet,
and leukocyte aggregation may develop during the first two weeks of BMS implantation
[259, 260]. Figures 1.11(a)–(d) illustrate early and advanced stages of ISR and IST.

As a further evolution step, stents became drug delivery systems to impede cell prolifera-
tion and inflammation after PCI. First generation drug-eluting stents (DES) usually have
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a polymer coating and carry pharmacologic anti-proliferative and/or anti-inflammatory
agents on their surface. Depending on the agent, these drugs are either very rapidly or
very slowly released to the vascular wall [262]. First-generation DES use sirolimus and
paclitaxel to prevent VSMC proliferation [263]. Sirolimus deactivates the protein mTOR,
which leads to the prevention of the progression of the G1 phase of the cell cycle [264].
Paclitaxel interrupts the VSMC cycle by stabilizing microtubules, highly dynamic cellular
polymers, and thereby interfere mitosis [265]. Both drugs are lipophilic, which guarantees
rapid cellular uptake. With the launch of DES, the ISR rate was successfully reduced to
10% [266, 267]. Figures 1.11(e)–(f) demonstrate the impact of DES on neointimal hy-
perplasia. However, sirolimus and paclitaxel also retard endothelial regeneration up to 40
months after DES implantation, resulting in an increased risk of early as well as very late
IST [10, 268].

For second-generation DES a lot of effort was put into the manufacture of chromium-
based stents, but also into the improvement of polymer platforms and stent geometries.
New materials enabled thinner struts with approximately 80 µm, which has been associ-
ated with a significant reduction of ISR [269, 270]. Struts with textured surfaces, reser-
voirs or cavities for extended drug release also brought meaningful improvements [271].
To overcome inflammatory reactions, polymer-free or bioabsorbable polymer DES were
launched to the market. Polymer-free stents avoid the risk of injuries caused by polymer
fragments during and after PCI. Having no or degrading polymers on stents also improves
the healing process and reduces the duration of dual antiplatelet therapy [272]. In ad-
dition, zotarolimus, a derivative of sirolimus, and everolimus, a further mTOR inhibitor,
replaced previous drugs. The occurrence of earlier (<6 months) and later (<1 year) IST
could be reduced in comparison to BMS and the first-generation DES [273–275]. How-
ever, a very comprehensive study with more than 9000 subjects reveals that patients with
second-generation DES have a significantly higher risk of very late (> 1 year) ISR and IST.
According to this study by Bønaa et al. [4] (see Figure 1.12), there is no significant effect
on the rates of death or spontaneous myocardial infarction as well as in the quality of life
for patients receiving BMS or first-/second-generation DES, which was approved by the
results of further groups [11, 12, 276].

Rigid metal stents, permanently eliminate physiologic vasomotion in the stented arterial
segment and induce a continuous mechanical stimulus for ISR and IST [277]. To over-
come this problem, new approaches are being pursued with biodegradable stents (BDS)
made out of biopolymers or magnesium. While the idea seems to be clinically feasible,
this new approach is still not very well established. The primary issue for biopolymeric
BDS are bulky designs. For example, large stent struts cause flow disruption, limited
distensibility, and slow degradation rates. Further issues concern inorganic degradation
substances and material-related inflammatory responses [278–280]. Up until now, BES,
when compared to second-generation DES, show no significant improved clinical outcome
[281–283]. Nevertheless, it can be assumed that due to new manufacturing methods and
improved materials, BDS will become the stents of choice in the future. In the mean-
while, a meaningful approach for reducing ISR and IST are BMS or DES with ultra-thin
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Figure 1.12 Clinical outcomes from 9013 patients comparing bare-metal stents (BMS) and second gen-
eration drug-eluting stents (DES) [4]. The diagrams show Kaplan-Maier curves for patients with (a) any
coronary events, (b) fatal outcomes, (c) revascularization after PCI, and (d) with in-stent thrombosis (IST).
CI = confidence interval. Reprinted with permission from Elsevier.

struts. While strut thicknesses of early-generation BMS or DES were ∼140–130 µm and
in newer-generations ∼140–80 µm, strut thicknesses of <70 µm have been achieved with
ultra-thin stents [284–286]. With ultra-thin struts, only small lesions are created, and lit-
tle endothelium is removed or covered. An increased number of stent struts also ensures
a reduction in harmful stress peaks inside the tissue. However, there is a lack of robust
long-term studies for ultra-thin stents as well as for BDS. In a recent review article of Jeger
et al. [287] the latest development in PCI was discussed – the treatment with drug-coated
balloons (DCB). In combination with DES placement, DCB has been established as a tech-
nique, which guarantees a homogeneous and fast transfer of antiproliferative drugs into the
vessel wall. In addition, Jeger et al. [287] consider PCI without stenting and DCB only as
a potential and robust treatment of CAD.

1.4.3 Manufacture and preoperative processes of catheters and stents

Balloon catheter membranes and stents are ideally the only components of the whole stent-
delivery system that are in direct contact with the arterial wall during PCI. From a technical
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point of view, inflation mechanisms are of high interest for the improvement of the clinical
outcome. The mechanical behavior of balloon catheter membranes and stents, as well
as their interplay, however, depend strongly on the factors material, manufacturing, and
preoperative processes. These factors are briefly examined in the following paragraphs.

Membranes of coronary balloon catheters are commonly made from polyethylene (PE),
polytetrafluoroethylene (PTFE), polyurethane (PUR), or polyamides (PA). Such synthet-
ics are hydrophobic, chemically resistant, and, thanks to their high strength, enable the
production of balloon membranes with very thin walls (20–30 µm). Furthermore, these
materials ensure a semi-compliant material character, i.e., a limited increase of the diam-
eter past the nominal pressure. The geometry of balloon catheter membranes consists of
a long cylindrical part and two tapered shoulders. This typical shape pronounces during
the manufacturing procedure of balloon-forming, a specific blow-molding technique. The
main production steps, in detail described by Sauerteig and Giese [288], Garramone [289],
and Fu et al. [290], can be summarized as follows: during extrusion, the dried granular
raw material is fed into a screw-driven and heated extruder. With a shaping dye, the molten
mass is extruded into tubes. While necking, chilled and cropped tubes get stretched into
parisons with necked ends. And, finally, in the actual balloon forming process, the parison
is inserted into a hollow glass mold and heated up to the specific glass-transition temper-
ature while being pressurized. After the balloon-forming, the membrane is welded onto
the shaft of the balloon catheter. From a mechanical point of view, the assembled balloon
catheter now passes two more important procedures, which are from now on referred to
as ‘preoperative processes’: in the folding process, three or more wings of the balloon are
formed with curved folding blades, and during the pleating process, the balloon is wrapped
around the catheter. The number of wings depends on the diameter of the balloon and the
folding technique.

Balloon-expandable coronary stents are available in a wide variety of different materi-
als. In early times, nondegradable stents were made of 316 stainless steel. Nowadays,
316 stainless steel is still used for BMS. However, the shift to cobalt-chromium and pla-
tinum-chromium alloys is nearly completed [271]. These alloys have provided better ra-
diopacity, but above all, a higher strength, and thus, enable thinner stent struts. For fully
degradable stents, magnesium, poly-L-lactide acid (PLLA), and polycaprolactone (PCL)
is used. While the design of the first stents showed coil-/spiral-like or woven structures,
modern stents feature sequential rings with cells [271]. Here, a distinction is made between
closed-cell and open-cell design. Closed-cell stents have small cell areas between struts,
whereas open-cell stents have larger gaps with bridge elements [291]. Traditional manu-
facturing processes for metallic stents include etching, micro-electro discharge machining
(EDM), electroforming, and die-casting. However, the standard technique for metal stents
is laser cutting, in which a 2D pattern is cut into a tube that turns around its longitudinal
axis. However, the laser beam causes thermal damage, i.e., unwanted hardening effects,
which make further thermal post-processing necessary. In addition, laser-produced stents
have struts with a prism-like cross-section. This cross-section results from the laser beam,
which is always focused on the longitudinal axis of the tube. Thus, during the cutting



31 1 Introduction

process, the struts are tapered towards the tube center. New promising techniques for the
production of metal and polymer stents such as stereolithography, selective laser sinter-
ing, fused deposition modeling, and electrospinning may overcome these problems [292].
With most of these 3D-printing techniques, complex multi-directional structures can be
manufactured, including fluid dynamically optimized struts and cavities for extended drug
release. Stents might also be adapted to the patient’s arterial anatomy in this way. After the
stent is manufactured, it needs to be crimped on the balloon catheter. In this third preoper-
ative procedure, a smaller outer diameter can be reached to access small lumina of guiding
catheter and arteries. In addition, crimping ensures a tight fit between the stent and the
balloon membrane and, thus, holds the stent in position until it is expanded.

During the last years, several mechanical tests emerged, intending to observe the material
properties as well as the inflation mechanisms of stents ready for PCI. Those tests include
bend and torsion testing of whole stents, but also tensile testing of stent struts. Some of
these tests are even mandatory for the market launch of new stents and, therefore, precisely
defined in technical standards (see, e.g., ASTM F2394, F2477, F2606, F2516, and F3067).
Similar standards exist for the accreditation of balloon catheters (see, e.g., ISO 10555-4).
However, none of these standardized tests or research studies describe the experimental
observation of the stress-strain behavior of balloon membranes under multiaxial loading.
Motivated by the lack of experimental data, the study described in Chapter 3 was carried
out.

1.4.4 Computational and theoretical investigations

For manufacturers and scientists, computational investigations have been for years a useful
tool for the optimization of balloon catheter and stent prototypes. However, most research
efforts in this field have been pursued in the investigation of the intra-operative process of
PCI, i.e., the balloon driven inflation of a stent inside a stenotic vessel. With FEA, rele-
vant information can be gathered, such as local strain-stress distributions, inflation mech-
anisms, longitudinal extension/shortening, dogboning, compliance, and recoil of catheters
and stents as well as balloon-stent-artery interactions, and even atherosclerotic growth. For
representative literature, see, e.g., the references [293–299]. The increasing computing
power provides the opportunity to implement and analyze even complex and detailed ge-
ometries without simplification. Thus, in several studies, geometries of balloon catheters
membranes are often not considered at all [300–305] or modeled as simplified structures.
These simplifications include rigid cylindrical shells with displacement controlled defor-
mation [306–309], pressurized hyperelastic cylindrical shells [310, 311] or curved shells
with open ends [294]. Detailed membrane geometries might be derived from imaging
data, e.g., through micro-CT scans [294], and also by applying mathematical transforma-
tion techniques [312–315]. However, it is entirely unknown how preoperative processes,
mentioned in Section 1.4.3, affect the inflation behavior of stents and balloon catheters.
The magnitude of the effect of work hardening due to balloon folding and pleating, as
well as stent crimping, has not yet been observed. To close this knowledge gap, the study
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in Chapter 2 was carried out. Besides FEA, further computational investigations such as
computational fluid dynamics (CFD) and fluid-structure interaction (FSI) have been ap-
plied to investigate and solve PCI-related problems. For a broader overview of state-of-
the-art research works in these fields, the reader is referred to reference [66]. In the first
preliminary efforts of this doctorate, the author tried to combine FEA with FSI to analyze
the membrane diameter vs. flow rate of the expansion medium during PCI. These results
are depicted in Figure 1.13 and show that balloon expansion in PCI simulations can be
initiated by proximally injected expansion medium.
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Figure 1.13 Fluid-structure interaction (FSI) of an expanding balloon catheter membrane [316]: (a) mod-
eled and mesh balloon catheter membrane with inlet for the injection of the expansion medium; (b) cross-
section of the membrane showing the adaptive remeshing of the fluid mesh during expansion; (c) von Mises
stress distribution during expansion; (d) velocity pattern of the injecting expansion medium.

During the last years, computational investigations have benefited from the rapid devel-
opment of more precise constitutive models for stents, arterial layers, plaque, and blood.
Recent overviews, e.g., about suitable models for healthy and diseased coronary arter-
ies has been provided in review articles by Chen and Kassab [61], Holzapfel and Ogden
[317], as well as Charpenter et al. [66]. Latter also provides a collection of fluid models
for blood. For reproducing the material behavior of metallic stents, elasto-plastic mod-
els with isotropic and kinematic hardening are frequently used [318]. For years, a wide
variety of such models are implemented in commercial FEA programs (see, e.g., the refer-
ences [319, 320]). Several microstructure-based constitutive models have been developed
to mimic the nonlinear stress-strain behavior of passive coronary arterial tissue in health
and disease [61]. These microstructural models can be divided into two groups with dis-
senting assumptions for cells and ground substance. The first ones assume a fluid-like ECM
in which a composite of elastin and collagen is embedded [92, 321–326]. The second ones
consider the arterial wall as a fiber-reinforced composite, of which the non-collagenous
or non-fibrous ECM is a load-bearing solid [60, 327–329]. No matter from which group,
every microstructural model relies on material and structural parameters. While material
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parameters must be quantified with uni- or multiaxial tensile tests, structural parameters can
be obtained by imaging analysis, e.g., fluorescence, second-harmonic generation (SHG),
and diffusion tensor imaging. The determination of material and structural parameters of
healthy and diseased arteries, including those of coronary arteries, has already been car-
ried out several times (see Sections 1.2.4 and 1.3.4). Nonetheless, it is not known whether
and how these parameters alter due to the indentations of stent struts. Hence, for the in-
vestigation of stent-induced damage mechanisms, the study described in Chapter 4 was
initiated.

Surprisingly, the implementation of precise material models for balloon catheter mem-
branes is widely neglected. And this although the loading scenario during PCI is not only
influenced by the stent and the arterial wall, but primarily by the balloon catheter. Thus,
almost all state-of-the-art FEA of PCI only consider simple isotropic constitutive models
for balloon membranes that are based on material parameters provided by the manufactur-
ers of the raw materials [313, 315, 330, 331]. However, when processed, polymers usually
render anisotropic material behavior [332]. Only Gasser and Holzapfel [333] presented a
phenomenological approach in which they mimic the anisotropic material response of bal-
loon membranes by fitting structural parameters according to the peculiar inflation charac-
teristic of the analyzed balloon catheter. Nevertheless, no experimental data of multiaxial
tensile tests of balloon catheter membranes for parameter estimation of phenomenologi-
cal or microstructure-based models are yet available in the literature. Thus, in Chapter
3, a material model for coronary balloon catheter membranes together with a full set of
constitute parameters is presented.

1.5 Doctoral Thesis

1.5.1 Organisation

The dissertation is a compilation of three scientific peer-reviewed articles which cover ex-
perimental and computational methods to deliver a comprehensive framework for the opti-
mization of future finite element analyses as well as material models of balloon catheters,
stents, and coronary arteries. Furthermore, this cumulative doctoral thesis provides first
insights into mechanisms of stent-induced vascular damage.

As part of this research, new novel multi-axial, multi-sensorial test rigs were designed,
built, and commissioned. Furthermore, protocols for sample preparation, storage, as well
as testing, were developed. And finally, new methods for tissue imaging and numerical
analysis have been developed and established. All key results have been published in the
following journal papers:

1. M.A. Geith, K. Swidergal, B. Hochholdinger, T.G. Schratzenstaller, M. Wagner,
and G.A. Holzapfel,

On the Importance of Modeling Balloon Folding, Pleating, and Stent Crimping: a
FE Study Comparing Experimental Inflation Tests, International Journal for Numer-
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ical Methods in Biomedical Engineering, 35:e3249, 2019.

The first research paper studies the influence of residual stresses and strains of pre-
operative processes on the accurary of implicit FEA of expanding stents. Therefore,
implicit FEA of the balloon folding, pleating and stent crimping were carried out
and the resulting residual stresses incorporated in the simulation of an expanding
stent. All results were verified with images from micro-CT scans and stent inflation
tests. The study demonstrates that the incorporation of residual stresses and strains
and the use of the implicit solver improved the accuracy of finite element analyses of
expanding stents. In addition, the FEA reveals that balloon catheter membranes and
stents are exposed to significant stresses during preoperative processes, which may
cause severe damage prior to the actual implantation.

2. M.A. Geith, J.D. Eckmann, D.Ch. Haspinger, E. Agrafiotis, D. Maier, P. Szabo,
G. Sommer, T.G. Schratzenstaller, and G.A. Holzapfel,

Experimental and Mathematical Characterization of Anisotropic Polyamide 12 Bal-
loon Catheter Membranes, PLoS ONE, in press.

The second research paper focuses on the material properties of balloon catheter
membranes. An experimental methodology is proposed that enables uniaxial and
biaxial extension tests of commercial coronary balloon catheter membranes under
quasi-static and dynamic testing conditions. The tested membranes can be charac-
terized as a semi- or non-compliant, nonlinear, and viscoelastic material with pro-
nounced anisotropy above the nominal loading. A modified polynomial model was
introduced with a compact set of constitutive model parameters for future FEA of
expanding balloon catheters.

3. M.A. Geith, L. Nothdurfter, M. Heiml, E. Agrafiotis, M. Gruber, G. Sommer,
T.G. Schratzenstaller, and G.A Holzapfel,

Quantifying Stent-Induced Damage in Coronary Arteries by Investigating Mechani-
cal and Structural Alterations, Acta Biomaterialia, in press.

The final study reports new methods for the quantification of vascular damage due to
stenting. First, the multiaxial loading scenario of stent implantation was simulated
in vitro by indenting a strut into a physiologically loaded porcine coronary artery.
Secondly, the material response of the coronary artery to the strut indentation was
measured. And finally, three-dimensional surface and second-harmonic generation
scans were performed to investigate changes in the collagen fiber dispersion and le-
sion extend. For the first time, we were able to correlate experimental with imaging
data and to define stent-induced damage mechanisms. In addition, recommendations
of the improvements for constitutive damage models of coronary arteries for future
FEA were made.
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1.5.2 Further engagements

The author contributed to the following publication:

• E. Agrafiotis, M.A. Geith, M.A. Golkani, G. Sommer, V. Hergesell, S. Spiliopou-
los, G.A. Holzapfel:
Real-time Controlling of Arterial Compliance for Mock Circulatory Systems, ASAIO
Journal, submitted.

During his doctorate, the author successfully filed one patent application as one of the
concept designers and principal inventors:

• M.A. Geith, E. Agrafiotis, M. Gruber, Spiliopoulos, G. Sommer, V. Hergesell,
O.E. Dapunt, and G.A. Holzapfel:
Cardiac simulation device EP 19 17 9022, European Patent Office, 2019.

Another patent is currently in the filing process.

• M.A. Geith, D.A. Nordsletten, R. Sinkus, and G.A. Holzapfel:
MRI-compatible device for dynamic multiaxial deformation and elastography test
under real-time force sensing.

Additionally, the following conference contributions, in the form of talks and papers, are
part of this thesis:

• Conference talk and paper
L. Wiesent, M.A. Geith, M. Wagner: Simulation of fluid-structure interaction be-
tween injection medium and balloon catheter using ICFD, 11th European LS-DYNA
Conference, Salzburg, Austria, May 9–11, 2017.

• Conference talk
M.A. Geith, G. Sommer, T.G. Schratzenstaller, and G.A. Holzapfel: First ap-
proaches in quantifying acute vascular damage due to stenting, The 23rd Congress
of the ESB, Sevilla, Spain, July 2–5, 2017.

• Conference talk and paper
M.A. Geith, G. Sommer, T.G. Schratzenstaller, and G.A. Holzapfel: Biomechan-
ical and structural quantification of vascular damage: a unique investigation of stent
implantation, ARTERY 2017, Pisa, Italy, October 12–14, 2017.

• Conference talk
M.A. Geith, K. Swidergal, T.G. Schratzenstaller, G.A. Holzapfel, and M. Wag-
ner: Numerical analysis of stent delivery systems during pre- and intraoperative pro-
cesses, 15th German LS-DYNA Forum, Bamberg, Germany, October 15–17, 2018.
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Furthermore, the author contributed as a concept designer and principal author to following
project proposals from which the doctorate was partly funded:

• Project OptiStent AZ VIII.2-F1116.RE/17/3, Bavarian State Ministry for Educa-
tion, Culture, Science and Arts.

• Research Fellowship Project PIZ-225-18, Bavarian Research Foundation.

• Stand-Alone Project P 32713, Austrian Science Fund, Fonds zur Förderung der
wissenschaftlichen Forschung (FWF).



2 On the Importance of Modeling Balloon Folding, Pleating,
and Stent Crimping: An FE Study Comparing Experimental
Inflation Tests

Abstract. FE-based studies of preoperative processes such as folding, pleating, and stent
crimping with a comparison to experimental inflation tests are not yet available. Therefore,
a novel workflow is presented in which residual stresses of balloon folding and pleating as
well as stent crimping, and the geometries of all contact partners were ultimately imple-
mented in a FE code to simulate stent expansion by using an implicit solver. The numerical
results demonstrate that the incorporation of residual stresses and strains experienced dur-
ing the production step significantly increased the accuracy of the subsequent simulations,
especially of the stent expansion model. During the preoperative processes, stresses in-
side the membrane and the stent material also reached a rather high level. Hence, there
can be no presumption that balloon catheters or stents are undamaged before the actual
surgery. The implementation of the realistic geometry, in particular the balloon tapers, and
the blades of the process devices improved the simulation of the expansion mechanisms,
such as dogboning, concave bending or overexpansion of stent cells. This study shows that
implicit solvers are able to precisely simulate the mentioned preoperative processes and
the stent expansion procedure without a preceding manipulation of the simulation time or
physical mass.

2.1 Introduction
The number of coronary stent implantations (CSI) rises rapidly, particularly in indus-
trialized countries such as Austria, where the number of implanted stents increased by
21 %between 2012 and 2017 [334]. The most challenging complication after CSI is the
adverse event of restenosis, which occurs at rates as high as 20 %for bare metal (BMS) and
drug-eluting stents (DES) despite improvements [4]. To reduce the severity of neointimal
hyperplasia due to excessive cell proliferation and migration after the use of BMS [335],
researchers around the world are undertaking great efforts to apply cell growth inhibiting
drugs onto the stent surface, e.g., sirolimus [336] and paclitaxel [267]. This resulted in the
first generation of DES, which initially showed good results in lowering the rate of early
restenosis from 30 % [337, 338] to about 10 % [266, 339–341]. However, first clinical
long-term outcomes revealed that patients having the first generation DES implanted tend
to have a higher risk of late vascular events (> 3 weeks, < 1 year) compared to patients
with BMS. The reason is a delayed endothelialization of the stent struts what entails the
danger of late in-stent thrombosis [342, 343] and incomplete embedding that again causes
malapposition [344].

In order to regulate and to extend the delivery of drugs after the stent is implanted, it is
currently common to apply polymers to the stent surface as a carrier for pharmaceutical

37
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substances. Such stents represent the second generation of DES. Some of these polymers
seem to be ineligible because of possible inflammatory responses [345, 346]. Lately, clini-
cal studies have confirmed that even the newer generation of DES are not superior to BMS
and show equal fatality rates [4, 12, 273]. The study of Timmins et al. [347] proves that
increasing arterial wall stress leads to a more severe neointimal response in the form of cell
migration and proliferation. Therefore, to reduce the fatality rate of BMS as well as DES
for CSI, scientists and manufacturers need to develop safer stents by significantly lower-
ing the risk of vascular injuries. This goal may be achieved by reducing the load on the
artery applied by the stent and the balloon catheter. Therefore, engineers need to change
the stent/balloon geometry, their material, or both.

Stents for CSI are usually expanded by the inflation of a non-compliant balloon catheter.
For minimally invasive and endovascular treatments balloon catheters consist mainly of a
blow-molded, cylindrical balloon with short tapers at both ends, which are adhered to a
catheter. Stents and balloon catheters pass through three important preoperative processes
before they are – purely mechanically – ready to be implanted as a unit: (i) in the fold-
ing process, three wings of the balloon are formed with curved folding blades; (ii) during
the pleating process, the balloon is wrapped around the catheter creating a distorted star-
shaped balloon cross-section; (iii) in the crimping process, the stent is plastically deformed
by reducing its diameter and it is pressed onto the pleated balloon. The load acting on the
balloon and stent during the folding, pleating and crimping processes cannot be measured.
The movement of the displacement-controlled blades of all these processes is based on
empirical values only. The authors assume that wrong process parameters can adversely
increase initial residual stresses inside the balloon catheter and the stent before CSI. The
change in the residual stresses could negatively influence typical expansion mechanisms
and the final geometry of the implanted stent. This circumstance could result in severe
damage to the balloon catheter, the stent, and, of course, the arterial wall. Due to this fact,
it seems even more critical for the optimization process of balloon catheters and stents to
know and to consider initial residual stresses and strains experienced during the preopera-
tive processes.

Finite element analysis (FEA) has become an effective tool not only to investigate the
expansion behavior of balloon catheters and stents. FEA can save valuable development
time and costs by replacing or reducing extensive material tests and ethically questionable
animal experiments. FEA can also provide information about whether the strength of the
stent is sufficient to withstand the stresses during a CSI.

Especially the expansion behavior of a stent depends decisively on the balloon catheter
type, i.e., its geometry, the applied folding and pleating technique, and its operating pres-
sure. In first FEA, pressure was applied to the luminal surface of the stent to expand it
[300–305]. These early studies demonstrated already the great potential of FEA in analyz-
ing the stresses and strains of an expanding stent. However, it is becoming more apparent
that it is essential to integrate an important contact partner of the stent, the balloon catheter,
into up-to-date FEA. Therefore, during the last two decades, FEA have been performed
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with balloon catheter models showing an increasing level of geometrical detail. The first
refinement step includes FEA with simple rigid cylindrical shells [306–309]. By increasing
the diameter of these cylindrical models, a displacement-controlled expansion of the stent
could be simulated.

On the contrary, using a simple cylinder for stent expansion during the FEA does not allow
to mimic a realistic contact pressure distribution between stent and balloon. Ju et al. [310]
and Kiousis et al. [311] overcame this problem by pressurizing the luminal surface of elas-
tic cylinders with a hyperelastic material model, which constitutes the second refinement
step. Nevertheless, the influence of the unsymmetrical star-like shape of a folded balloon
on the expansion process of the stent cannot be investigated with such models. It is doc-
umented that the unsymmetrical folding of the balloon catheter has a more considerable
influence on the expansion behavior of a stent than the mechanism of the stent itself [348].
By implementing a hyperelastic balloon model consisting of a folded model with open ends
and star-shaped cross sections, De Beule et al. [294] initiated the third refinement step.

Open balloon models may not be used to study the influence of tapers at both ends of
a balloon catheter on stent expansions. Without the tapers, hyperelastic balloon models
lack a design-based resistance to an unimpeded expansion of the balloon ends. There-
fore, the fourth refinement stage characterizes modern FEA of stent implantations in which
folded balloon models with tapers are implemented. In order to gain the detailed geome-
try of a folded balloon model, different approaches have been pursued which include (i)
the modeling of the balloon membrane in an already pleated and folded state by using
computer-aided design (CAD) methods or by the application of mathematical transforma-
tion techniques [312–315], (ii) the extraction of the balloon geometry using data from 3D
micro-computed tomography (micro-CT) scans [349] and (iii) the application of pressure
to the outer surface of the membrane to deflate the balloon [330, 331]. However, to the au-
thors’ knowledge, no study has yet considered the modeling and simulation of the folding
and pleating processes mentioned above by implementing the one-to-one blade geometry
of a multi-head tool in order to recreate a realistically folded balloon model. This further
refinement step is necessary because the possibility that balloon membranes are exposed
to high stresses during these preoperative processes cannot be excluded. High stresses can
lead to plastic strains or even damage to the membrane material, which can significantly
influence the expansion mechanism of the balloon catheter and, therefore, also of the stent.

A few other groups such as Wu et al. [350] and Li et al. [351] reach a broader perspective
on known issues of stent optimization through the additional consideration of the crimping
process in their FEA. For both, the expansion and the crimping process, they use radially
expandable rigid cylinders to vary the diameter of the stent. Schiavone et al. [352] sim-
ulated the crimping procedure following the iris principal, where twelve rigid blades of a
multi-head tool press the stent on a linear elastic isotropic balloon model. The results show
that the tested stent is already exposed to a significant amount of stress during crimping,
and thence substantiated the assumption that damage to stents may arise even before their
implantation. This matches with the results from Möller et al. [353] which reported about
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significant residual stresses in crimped stents after using the X-ray diffraction method. It is
also essential to consider an investigation of balloon catheters during the crimping process.
Rondeau et al. [354] demonstrated in their study that balloon membranes show alterations
on their surface like streaks and even abrasion after stents were crimped on them.

CSI is a quasi-static procedure. Nevertheless, almost all mentioned research groups used
explicit solvers for the FEA of CSI. On the one hand, convergence problems due to non-
linearities, large deformations, sliding contact, and coarse meshes are usually prevented.
On the other hand, the explicit time integration method allows only small time steps which
can culminate in several days of computational time [355]. A drastic reduction of the FEA
simulation time of CSI from several seconds to fractions of a second and a mass scal-
ing are popular but possibly mistrustful countermeasures. Although the method of mass
scaling [356] allows larger time steps, it can lead to an additional falsification of the re-
sults in CSI simulations in which large deformations and dynamic effects are expected.
Despite increased computational costs and high demands on the mesh quality, contact def-
inition and boundary conditions, the implicit time integration method allows larger time
steps without adding nonphysical mass or changing the quasi-static character of the CSI
simulation. Bukala et al. [315] have been the first group to demonstrate the benefits of
an implicit solver by analyzing the crimping and stent expansion process. However, no
FEA-based studies are known in which all preoperative processes (folding, pleating, and
stent crimping) were simulated neither with an implicit nor an explicit solver.

For this reason, this study aims to show how existing FEA simulations of CSI can be sup-
plemented by considering the folding, pleating, and crimping procedures and by using an
implicit solver. Therefore, FEA of the three preoperative processes were performed fol-
lowing an optimized computer-aided engineering (CAE) process workflow: starting with
designing the geometries of a balloon catheter and a stent, going through discretizing the
3D-models with a pre-processor, continuing with simulating the processes with an FEA
program using the highly precise implicit time integration method and ending with the
evaluation of the results in a post-processor. Finally, initial residual stresses and all gen-
erated geometries were used in a final simulation of an expanding stent to investigate the
influence of the preoperative processes. The results of the FEA were verified with images
from micro-CT scans and with an inflation test documented with a high-speed camera. And
finally, the FEA using the new method was compared with simulations following (more)
classical approaches known from the literature. Along with the new approach devised by
Geith et al. [357], the authors of this study mainly focus on the quantification of vascular
damage due to CSI by analyzing biomechanical and structural changes of coronary arteries
to define a more precise damage and growth model for coronary arteries. The present study
suggests important preliminary steps for subsequent numerical analyses.
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2.2 Materials and Methods

2.2.1 Balloon catheter and stent

For this study, the over-the-wire balloon catheter Baroonda stent delivery system (SDS,
08BO-3520A, Bavaria Medizin Technologie GmbH, Wessling, Germany) with a tri-folded
and non-compliant balloon membrane made from the thermoplastic Grilamid L25 (EMS-
Chemie AG, Domat/Ems, Switzerland) was used (Figure 2.1). Once the operating pressure
of p = 1.0 MPa for the Baroonda is applied and the membrane is fully inflated, the original
state of the balloon cannot be restored and the catheter needs to be disposed. As men-
tioned, balloon catheters for coronary stents are usually blow-molded. Therefore, it can
be assumed that the polymer chains of the Grilamid L25 align in the circumferential di-
rection of the balloon and thus strongly anisotropic material properties prevail. Because
of the lack of experimental data in the literature, only material parameters of unprocessed,
isotropic Grilamid were available to the authors. In addition, a stent made of 316 LVM
stainless steel (ThyssenKrupp Steel Europe, Duisburg, Germany), stress-relieved stainless
steel, with closed cells, based on the prototype ESPRIT V1 design, was investigated (Figure
2.2). The ESPRIT V1 design was developed during a separate preliminary study. Table 2.1
presents the essential material parameters for Grilamid L25 and 316LVM.
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Figure 2.1 Baroonda SDS balloon catheter: while the distal end of the membrane is fused to the inner
catheter shaft, the proximal end, connected to the outer catheter shaft, is free to slide along its longitudinal
axis. All dimensions are in mm and taken from own measurements.

The distal taper of the balloon membrane is connected to the inner catheter shaft, which
exits the balloon at the proximal end. The proximal taper is connected to the outer catheter
shaft, which can slide freely to a certain degree along its longitudinal axis in the global x-
direction, see Figure 2.2. Thus, the balloon catheter can compensate elongations during the
preoperative processes and the stent expansion. Based on the dimensions measured with
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Figure 2.2 Half-section of the ESPRIT V1 stent before the preoperative processes: the stent has nine rings
along its longitudinal axis with respectively eight diamond-shaped cells. The rings are connected to each
other with two bridge elements. The structure of the stent was designed as symmetrical as possible to reduce
twists and asymmetrical expansion/elongation. All dimensions are in mm and taken from own measurements.

Table 2.1 Material properties of the raw materials for the Baroonda SDS balloon catheter (Grilamid L25,
unprocessed, isotropic – PA 12) and the ESPRIT stent (316LVM – 1.4441) provided by the manufactures.

Grilamid L25 (raw material) 316 LVM

Density ρ [ton/mm3] 1.010E-09 7.850E-09
Young’s modulus E [MPa] 1100 2.100E+05
Yield point Rp0.2 [MPa] – 332
Tensile strength Rm [MPa] 45 671
Poisson’s ratio v 0.40 0.29

the light microscope VHX-2000 (Keyence, Osaka, Japan), a 3D design of the unfolded
and untreated balloon catheter was created with Autodesk Inventor 2018 (Autodesk, San
Rafael, USA). Figures 2.1 and 2.2 show all necessary dimensions of the Baroonda SDS
balloon catheter and the ESPRIT V1 stent. Using a 2D template, which was wrapped
around a cylinder and extruding with the ‘emboss’ feature in Inventor, an exact 3D model
of the stent could be created. Finally, the ESPRIT V1 stent was manufactured by MeKo
Laser Material Processing GmbH (Sarstedt, Germany) by laser cutting, annealing, and
electropolishing. The finished ESPRIT V1 stent has a total stent length of 19.5 mm, an
outer diameter of 1.94 mm, a strut width of about 80 µm and a depth of 120 µm.

2.2.2 Preoperative processes

To ensure that stents and arteries are not getting overstretched during CSI, balloon mem-
branes are made from rather non-compliant materials. Therefore, the balloon membrane
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Figure 2.3 Overview of the three preoperative processes: (a) in the folding process, the untreated balloon
catheter is pressed into a star-like shape with three wings; (b) during pleating, the wings are folded over
and pressed against the inner catheter shaft; (c) in the crimping process, the stent is crimped onto the folded
balloon catheter. The blades rotate with the displacement angle α around the pivot axes which are parallel to
the longitudinal direction of the balloon/stent.

has to be folded and pleated to reduce its diameter until it is small enough to crimp a stent
onto it. During the folding process (Figure 2.3(a)), the balloon catheter is pressurized with
0.1 MPa while three blades press the cylindrical membrane into the characteristic star shape
with three slightly slanted wings within a process time of 2 s. This creates a preferred fold-
ing direction of the wings. As soon as the star shape is formed, a vacuum of 0.1 MPa is
drawn to prevent a springback. The second process, the so-called pleating (Figure 2.3(b)),
serves to press the balloon wings onto the catheter. Ten blades are arranged in the shape
of an iris. By rotating the blades, the diameter of the iris can be reduced in 2 s. The pleat-
ing and folding process was performed with a customized multi-head tool (MSI, Flagstaff,
USA) by the manufacturer of the balloon catheter. After the three wings are pressed around
the catheter tube, a vacuum is again generated.

During the crimping process (Figure 2.3(c)), the pleated balloon catheter is placed together
with the stent inside the crimper, which features 12 blades. By reducing the iris diameter,
the stent is plastically deformed and pressed onto the pleated balloon. After a process time
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of 2 s, the stent is compressed to its smallest diameter. Once the iris opens again and crimp
pressure is reduced, the stent recoils to its final diameter. For the crimping procedure, a
fully functional and automated prototype was used. After a sterilization procedure, the
balloon catheter with the stent is ready for CSI.

2.2.3 Inflation tests and micro-CT scans

To validate the numerical results of the present work, water was pumped into the balloon
catheter to expand the stent. For the nominal diameter of 3.5 mm, an internal pressure of
p = 1.0 MPa was deployed within t ∼ 2 s with the commercial pump BasixCOMPAK
(Merit Medical, South Jordan, USA) with a handwheel. The inflation finished after an-
other 2 s. In parallel, the pressure was measured at the adapter of the balloon catheter with
the sensor XMLP600PP13FQ3 (Telemecanique, Rueil-Malmaison, France). The pressure
curve usually varies greatly with every trial and shows plateaus and sudden increases, as
presented in Figure 2.4. This is due to the manually operated pump, air pockets inside the
catheter shaft, the viscous flow of the contrast medium solution, and the abrupt volume
expansion when a certain pressure is reached and the stent bursts open. During the in-
flation test, the balloon catheter was filmed with the high-speed camera HCC-1000 (VDS
Vosskühler, Osnabrück, Germany) to measure the diameter of the stent at its ends and in
its center. In addition, to analyze its cross-section, the Baroonda SDS balloon catheter was
scanned with the x-ray microtomography scanner (micro-CT) GEv—tome—xs (General
Electric, Boston, USA).
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Figure 2.4 Internal pressure p of the balloon catheter expanding the stent vs time t during an inflation test:
while the realistic pressure curve shows rapid increases followed by plateaus, a linear pressure increase of 2 s
was assumed for the FEA of CSI.

2.2.4 Numerical simulations

For the FEA, the mid-surface of the 3D-CAD model of the Baroonda SDS balloon mem-
brane was extracted and discretized with the pre-processor ANSA v18.1.0 (BETA CAE
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Systems, Farmington Hills, USA) by means of 97 820 fully integrated quadrilateral shell
elements with a shell thickness of 0.03 mm. A mesh with elements distributed in rows
along the longitudinal axis and a very fine taper-meshing showed positive effects on the
computations. The mesh was refined until no significant changes – i.e., more than 1%
of the maximum stress was obtained. A further criterion for the mesh sensitivity of the
balloon membrane was to find the ideal correlation between the number of shell elements
along the smallest appearing radii and the computational time. 200 elements in the circum-
ferential direction showed to be sufficient. The ESPRIT V1 stent was meshed with 119 680
fully integrated hexahedral elements. Here, three elements along the strut width and four
through the thickness fulfilled the criteria for the mesh sensitivity. While the straight strut
segments contained a coarse mesh, the connecting, bridge, and curved segments featured a
symmetrical and fine element mesh. Only the contact surfaces of the blades of the folding,
pleating and crimping tools were implemented, as presented in Figure 2.5, and discretized
with a coarse mesh. The folding blades’ geometry is very complex due to their curved
surfaces. The use of their correct dimensions is essential for realistic numerical results.
Therefore, the blades were photographed frontally with a scale and their contours retraced
with Autodesk Inventor 2018. FEA simulations of the three preoperative processes and

(a) (b)

(c) (d)

Figure 2.5 Reduced geometries for the FEA: of the (a) folding, (b) pleating, (c) crimping, and (d) expansion
process. For better visualization, only one half of the blades of the devices is visible.
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the stent deployment procedure were performed with LS-DYNA (LSTC, Livermore, USA)
with the implicit double precision version R10.1.0 for shared memory parallel processing.
For the simulation times of the preoperative processes, the actual times of the respective
work process were measured and adopted. The simulation time for the FEA of the CSI
was adjusted according to the pressure ramp presented in Figure 2.4. Stresses and strains
of the balloon membrane and the stent during the last time step of each simulation were
transferred into the subsequent FEA. The stent and the balloon materials were based on
a piecewise linear isotropic plasticity formulation in MAT24 [319] for the 316 LVM steel
and MAT89 [319] for the Grilamid L25 polymer. The flow behavior of these models is
defined by the von Mises flow rule [358].

Φ =
1

2
sijsij −

σ2
y

3
≤ 0, (2.1)

where sij are the deviatoric stress components and σy is the yield stress which is defined as

σy = c(σ0 + fh(εeff)). (2.2)

The parameter c accounts for strain rate effects and scales the quasi-static yield stress, σ0

is the initial yield strength and fh is a function of the effective plastic strain εeff . For both
material models, stress versus strain curves provided by the material manufacturers are
implemented. In MAT24, the transition from the elastic to the plastic domain is charac-
terized by the current yield stress. On the contrary, the material model MAT89 assumes
the material to have yielded if the gradient of the user-defined stress versus strain curve is
smaller as the gradient defined by the Young’s modulus E. This method is well suited to
approximately mimic the nonlinear behavior of polymers. However, the authors are aware
that this model is not suitable to simulate the anisotropic material response of the blow-
molded balloon membrane. It can be expected that the alignment of the polymer chains
in the circumferential direction allows the membrane to endure twice as much stress as in
the longitudinal direction. To enable higher stresses within the ultimate tensile strength,
the stress versus strain curves were extrapolated. Failure criteria to simulate the fatigue
life of the balloon membrane were not defined due to the lack of data from biaxial tensile
tests. Instead, the stress/strain curve in the plastic range was adjusted so that the inflation
behavior of the balloon coincides as accurately as possible with the observations of the
inflation tests. The inner and outer catheter shaft and the blades of all devices were defined
as rigid. The blades were placed in a way, that only a small gap of 0.01 mm between the
balloon membrane and the stent was present. An artery model was not included, as this
study mainly focuses on the influence of the preoperative processes on the simulation of
the inflating balloon catheter and the expanding stent. For information about a constitutive
model for wall mechanics of healthy and diseased arteries, we refer to, e.g., Holzapfel et
al. [329] with more references in there.

The nonlinear equilibrium equations are solved using the dynamic-implicit Newmark-β
integration scheme [315, 358]. Firstly, because of the expected accuracy and secondly to
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account for the support situation of the system. In general, the equation system is solved
for the time step n+ 1 as

Man+1 + Dvn+1 + t(un+1) = f(un+1), (2.3)

where u is the nodal displacement vector, v denotes the velocity vector, and a is the ac-
celeration vector. Discretizing the weak form of the differential equation system yields the
mass matrix M, the vector of the internal reaction forces t and the external forces f. The
damping matrix D can be set up in several ways, e.g., with constant or Rayleigh-damping.

The Newmark-β scheme introduces the following difference quotients

un+1 = un + vn∆t+

[(
1

2
− β

)
an + βan+1

]
∆t2, (2.4)

vn+1 = vn + [(1− γ) an + γan+1] ∆t, (2.5)

which leads to an implicit difference equation in time. The parameters have been set to
β = 0.38 and γ = 0.6, which introduces a certain amount of numerical damping. Due to
the nonlinearity in the internal and external force vectors, a BFGS quasi-Newton solution
algorithm was applied [358, 359].

LS-DYNA allows controlling convergence of the solution by scaling the values for the
convergence criteria with εd, εe, εr, εa, which are the displacement, the energy, the residual,
and the absolute tolerance, respectively [360, 361]. After several runs, different criteria
strategies were chosen. For folding and pleating, it was identified that efficient calculations
could be performed if the displacement tolerance εd was loosened and set to

εd = ‖∆xk‖ /umax = 0.01, (2.6)

where ‖∆xk‖ is the norm of the incremental displacement, and umax is the maximum
attained displacement in any iteration k. To solve the more difficult problems of the stent
crimping and the deployment process, εd and εe were disabled by putting them to large
numbers. The residual tolerance εr was lowered to

εr = ‖Fk‖ / ‖F0‖ = 0.01, (2.7)

in which ‖Fk‖ stands for the norm of the residual force, and ‖F0‖ for the first residual
vector for the implicit step j. In parallel, the absolute tolerance was set to εa = −10. In
LS-DYNA, the negative value states that

‖Fk‖ < |εa|. (2.8)

Contact treatment in implicit simulations of CSI is highly demanding. For this reason,
penalty-based, predefined segment-to-segment, automatic contacts based on the Mortar
method [360–362] were applied within LS-DYNA. Although the friction model of Mortar
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contacts is based on the isotropic standard Coulomb law with a constant frictional coeffi-
cient only, it features options to overcome convergence problems and to increase the robust-
ness and accuracy of implicit analyses. With large deformations of the balloon membrane,
the normal vectors of the segments change permanently and thus also the contact param-
eters such as contact forces and segment velocity. This can cause convergence problems
during implicit calculations if the balloon membrane and its contact partner – the blades
and the stent – have different element sizes. With the Mortar method, an intermediate layer
of contact elements is considered in which the node of each Mortar element is either a pro-
jection of a slave node or of a master node itself. In contrast to node-to-segment contacts,
the calculation of the contact nodal forces is performed in this intermediate layer and fol-
lows the principle of virtual work. For the mathematical framework, the reader is referred
to the work of Puso and Laursen [362]. As a result, energy-consistent contact stresses are
calculated, which usually reduces convergence issues. The Mortar contacts were defined
by part-to-part sets in which the rigid elements of the blades and shafts were generally
chosen as master surfaces.

In the contact definition between the stent and the balloon membrane, the stent was classi-
fied as master and the much softer membrane as slave. In addition, single surface contacts
for the stent and the balloon membrane had to be implemented. In all simulations, the
outer nodes of the balloon membrane were attached to the rigid shafts via a node set and a
constraint-condition.

The rotary motion of every blade was defined by a pivot axis – represented by a vector – an
angle α, and the process time mentioned above as presented in Figure 2.3. The respective
axis of rotation was characterized by a unit vector e parallel to the longitudinal direction
with its origin in a pivot point characterized by the position vector p. The endpoint r of e
can then be expressed in matrix form as

[r] = [p] + [e] =


0

cos
(

2π
n
i
)
R

sin
(

2π
n
i
)
R

+

 1
0
0

 , (2.9)

where n stands for the total amount of blades of the respective process tool, i represents
the number of the specific blade, and R is the radius from the tool center to the pitch circle
of the pivot points.

In the folding and pleating processes, a ring of nodes of the membrane center was con-
strained in its longitudinal direction x. To enable elongation of the balloon catheter as
close as possible to the motion inside the folding and pleating devices, both shafts were
allowed to move and rotate along the x-axis. Similar boundary conditions were used for
the crimping process. The rotary motion of the balloon membrane was constrained around
the x-axis to support the wrapping mechanism of the wings. In a real stent expansion,
both shafts allow certain movement along and around x. However, the authors decided to
fully constrain the rotational degrees of freedom in x for both balloon ends. As a result,
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the angular momentum of the inflating wings of the balloon membrane and the expanding
stent can be thoroughly analyzed.

For expanding the stent, the pressure on the inner surface of the balloon membrane was
constantly increased to 1 MPa within 2 s according to the graph shown in Figure 2.4.

2.3 Results

2.3.1 Folding process

The computational time for the folding process was 2 h and 37 min on an Intel Core i7-
6700k CPU, 4.00 GHz, 32 GB (Intel Corporation, Santa Clara, USA) with a simulation
time of 1 s and by using four cores. For the folding and the other processes, an automatic
time step scaling with a maximum time step of 0.02 s was selected. The resulting star-like
cross section had a maximum diameter of d = 1.77 mm.

As can be seen in Figure 2.6(a), the balloon membrane experiences a significant defor-
mation. Along the outer folding edges, extensive bruises could be detected with an over-
estimation in the von Mises stress distribution of more than 100 MPa. Despite the freely
movable tapers, considerable buckling was obtained. During the procedure, the balloon
lengthened by 0.5 mm. On the proximal side, the outer shaft rotated by 18.39◦ and on the
distal side, the inner shaft rotated by 19.43◦ around the x-axis. This resulted in a twist of
1.04◦ between the proximal and distal ends. Due to the different diameters of the outer and
inner shafts and thus, a different shape of the proximal and distal tapers, an asymmetrical
stress/strain field along the balloon membrane was determined. At the proximal end, i.e.,
at the taper of the outer catheter shaft, significantly higher stresses were present. This is a
result of the larger diameter of the distal end. Furthermore, in order to create the wings of
the typical star shape, less membrane material needs to be deformed in order to obtain the
same folding geometry.

2.3.2 Pleating process

From a numerical point of view, the most expensive task with a computational time of 14 h
and 27 min and a simulation time of 2 s was the pleating process. The geometries of all
three wings show good agreement with the micro-CT scans as presented in the comparison
of Figure 2.7(a). Large deformations of the balloon membrane required temporary small
time steps.

During the proceeding compression of the three wings, inflection points appear along the
folding edges in the outer areas of the tapers causing high-stress singularities with an over-
estimation of about 140 MPa, as shown in Figure 2.6(b). These inflection points are also
present on actual balloon catheters. Figure 2.7(b) displays a direct comparison. The posi-
tions of these inflection points moved from the big to the small balloon diameter until the
process was finished. This seems to cause streaks on the surface, which can be again seen
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Figure 2.6 Distribution of the von Mises stress σv,M for the Baroonda SDS balloon catheter and the Esprit
V1 stent during (a)–(c) the preoperative processes and (d) the stent expansion. The collection shows three
isometric general views of the balloon and the stent after one- and two-thirds of the simulation time and the
final result. Furthermore, an out-of-scale sectional view taken from the center and a detailed view from the
distal taper are presented. For better visualisation, the blades of the respective devices of the preoperative
processes are hidden. (a) During the folding process, stress peaks occur at the outer wing edges of the
balloon membrane. (b) During the pleating process, the membrane gets heavily stressed, especially in kink
points around the taper areas. (c) In the crimping process, the membrane is additionally pressed into the
gaps between the stent struts. (d) Finally, during the expansion process, the floating stent segments, which
lie between the membrane wings, get overstretched.
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Figure 2.7 Comparison of the geometry of the folded and pleated Baroonda SDS balloon catheter: (a) taken
from micro-CT scans (top) and from the simulation (bottom); (b) inflection points can be detected in the light
microscope images of the folded and pleated balloon and in the FEA. The positions of the inflection points
change during pleating and move from the big to the small diameter of the tapers. This process causes streaks
on the tapers (visible in the zone between the dashed lines).
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Figure 2.8 Simulation results showing the mean proximal, central, and distal diameter d̄ of the Baroonda
SDS balloon catheter during its inflation over time t of 2 s after incorporating or ignoring initial residual
stresses. By ignoring residual stresses, it can be detected that all three sections of the balloon membrane
expand faster and to a bigger end diameter.

in the microscopic image of Figure 2.7(b).

After finishing the simulation of the pleating process, it was verified that both tapers dif-
fered slightly in their shape due to the different shaft diameters. The final diameter d of
the central cross section was 0.55 mm. The balloon catheter lengthened again by 0.14 mm,
which resulted in a final length of the blank, folded, and pleated membrane of 27.16 mm.
Also, a twist around the longitudinal direction of the proximal end of 58.72◦ and the distal
end of 60.66◦ could be observed, which results in a twist of 2.94◦ during pleating and a
final twist of 3.98◦ after the folding and pleating process.

Figure 2.8 shows the inflation behavior of the balloon catheter by incorporating or ignoring
initial residual stresses. Here it should be mentioned, that – apart from the implementation
of the residual stresses – both simulation models were identical. To identify the differences
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in the expansion behavior, three diameters from the proximal, central, and distal sections of
the balloon membrane were measured, from which each results from coordinates of three
nodes lying on the tips of the folding edges of the wings. Afterward, the mean diameter d̄
for every section was calculated. A comparison of the mean diameters indicates that in all
three segments, the expansion of the membrane without initial residual stresses proceeded
faster. Furthermore, differences in the final balloon diameters could be detected. The
membrane without initial residual stresses continued to expand further, especially in the
distal section.

2.3.3 Crimping process

The simulation of the last preoperative process – the crimping – with a computational time
of 9 h and 4 min and a simulation time of 2 s, was the second most expensive task – not
including the FEA of the CSI. A high number of predefined contacts – a total of 15 contact
segment-to-segment pairs and two single surface contacts – certainly had a strong influence
on the computational effort.

Again, the stress in the balloon membrane increased to a maximum magnitude of 156 MPa.
Parts of the membrane are squeezed into the gaps between stent struts, as presented in
Figure 2.6(c). A clear pattern of indenting stent struts was evident on the outer surface of
the membrane. Furthermore, the balloon elongated by 0.016 mm and the stent by 0.1 mm.
Due to the dodecagonal geometry of the crimping iris, segments of the stent get pressed
into the corners formed by the blades, which resulted in a non-circular cross-section of the
crimped stent. In Addition, the respective stent cells showed different compression ratios
depending on their position. During crimping, the starting diameter of the untreated stent
of d = 1.94 mm got reduced to its smallest diameter of d = 1.20 mm before it recoiled to
its implantation diameter of d = 1.28 mm.

2.3.4 Stent expansion

This last simulation was characterized by a computational time of 10 h and 28 min and
a simulation time of 4 s (Figure 2.6(d)). At about 1.3 s the balloon and the stent started
to show the typical dogboning effect (Figure 2.6(d) and Figures 2.9(a) and (b)) in which
the structurally weaker ends expand first. Towards the end of the simulation time, the
stent rings expanded step by step from outside to inside. At the same time, the stent cells
reached a maximum angle of 29.70◦ with respect to the longitudinal axis. Also, a slight
tendency of the distal end to expand faster than the proximal end is recognizable in both
the experimental and FEA images of the Figures 2.9(a) and (b).

Due to dogboning and the resulting steep angle between the affected stent cells and the lon-
gitudinal axis, stent segments are bent outwards (Figure 2.9(a)). It is also noticeable that
the cells, which are located at the folding edges, get overstretched by the lever of the ex-
panding wings and thus show larger deformations and higher stress peaks (Figure 2.6(d)).
Thus, a maximum stress of 721 MPa in one of the overstretched cells was achieved. Dur-
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Figure 2.9 Expansive behavior of the SDS: (a) overall, a very good agreement in the expansion behavior
between the results of the experimental inflation test and the simulation can be observed. As can clearly be
seen the stent first shortens and then slightly elongates. Furthermore, the presented finite element method
shows that typical expansion mechanisms, such as (b) dogboning, (c) concave bending of single cells, and
(d) overexpansion of cells located at the folding edges, can be simulated.

ing the expansion process, the stent first shortened from 19.6 mm to 18.0 mm at t = 2.2 s
before it elongated again to 18.5 mm at t = 3.0 s. Due to the expansion mechanism of the
balloon wings, the proximal end of the stent rotated 84.72◦ around the longitudinal axis
and the distal end 93.05◦. This results in a total twist of 8.33◦.

Furthermore, two simulations – incorporating and ignoring residual stresses due to the pre-
operative processes - were performed to investigate the influence of previously experienced
deformations of the balloon and the stent. As presented in Figure 2.10, the balloon and stent
models incorporating residual stress expand faster and to a bigger diameter – although the
latter applies only marginally.

Figure 2.11 presents the relationship between the outer diameter d of the distal stent end
and the time t for the inflation test (I) and the FEA using the modeling method presented
in this study (II) and classic approaches with the pure balloon geometry – which is taken
from micro-CT data or created due to the use of mathematical algorithm – without residual
stresses (III) and implementing a displacement-controlled expanding cylinder (IV) and a
folded cylinder without tapers (V). Only the inflation test and the FEA using the presented
method show a good agreement. Especially, if one considers that the expansion behavior
of the balloon membrane depends on external influences such as the size of the air pock-
ets inside the catheter, the viscosity of the expansion fluid, and the abrupt opening of the
stent at a certain pressure. In the beginning, the proximal and distal stent diameter changes
almost linearly, and suddenly it increases exponentially at a pressure of 0.62 MPa until it
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Figure 2.10 Simulation results showing the proximal, central, and distal diameter d of the Esprit V1 stent
during its expansion after incorporating or ignoring initial residual stresses. By ignoring residual stresses it
can be detected that all three sections of the stent expand faster and in the proximal and central section also
to a bigger final diameter. The burst point, i.e., the beginning of the exponential increase of the diameter, is
reached at a pressure of ∼ 0.60 MPa for the proximal and distal ends.
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reaches its final size. On the contrary, the displacement-controlled expanding cylinder is
characterized by an expectedly linear expansion. Without the influence of faster expand-
ing balloon tapers, the folded cylinder model expands slower and never reaches the final
diameter within the simulation time.

When comparing the von Mises stress σv,M against the time t of the simulations with and
without incorporating residual stresses, differences occur again, as shown in Figure 2.12.
The maximum magnitude of the von Mises stress distribution in a curved segment of the
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outer ring of the distal stent end reached 610 MPa in the FEA with residual stresses and
646 MPa without residual stresses. Hence, the latter value almost exceeds the ultimate
tensile strength of 671 MPa, which would incorrectly characterize the corresponding strut
as a potential failure area.

2.4 Discussion
This study presents a successful workflow for more accurate FEA of SDS and stent during
CSI. The expansion behavior of the SDS, i.e., the Baroonda SDS balloon catheter with its
shafts and the ESPRIT V1 stent, showed in the simulation model a very satisfying agree-
ment with the experimental results. Three factors contributed to this: (i) implementing
detailed geometries of the balloon membrane and the stent without simplifying them, (ii)
incorporating initial residual stresses and strains experienced during folding, pleating, and
crimping, and (iii) using an implicit solver for the quasi-static problem of a CSI.

To implement the detailed geometry of the stent and the balloon, and their contact partners,
the blades of the multi-head tools of the preoperative processes was indispensable for a
successful FEA. The production of a crimpable balloon catheter is a complex process in
which the balloon membrane is pressed into the characteristic slanted star shape. In order to
obtain a realistic cross-section of the balloon, the implementation of the correct geometry
of the folding blades was of great significance. The length and folding radii of the balloon
wings depend on the folding blades. Also the correct arrangement of the pleating and
crimping blades according to the iris principle may influence the simulation results. Both,
the balloon membrane and the stent were pressed into the corners of the iris, creating a
polygonal cross-section. The methods known from the literature in regard to modeling
the balloon geometry with the help of numerical, CAD, or imaging techniques [294, 312–
315, 330, 331, 349], and using a simple shrinking cylinder for crimping [350, 351] instead
of a pleating and a crimping iris seem not to be ideal for creating a realistic model for the
FEA of the stent expansion.

Furthermore, a realistic geometry of the balloon membrane influenced the simulation of
certain expansion mechanism of the stent. Since the tapers start to inflate first, they appear
to be responsible for the opening impulse of the stent. At a certain pressure, the balloon
wings in the area of the taper open explosively and thus push against the outer stent rings.
The shortening of the balloon supported this mechanism. Figure 2.11 even indicates that
a balloon without tapers is not able to start the stent expansion, even if the same inner
pressure is applied. In addition, the tapers prevented the stent from showing abnormal
dogboning and overexpansion. An indicator of this is the slightly bulgy shape that the
balloon adopted during its expansion. Figure 2.8 proves that the maximum diameter is
reached in the center of the balloon. This behavior cannot be precisely captured by using
balloon catheter models without tapers, as known from the study of De Beule et al. [294].
As the results of this study demonstrate, both balloon and stent also twisted during the pre-
operative processes. A consistent strut width along the entire stent also favors pronounced
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dogboning. Individual cells can bend concavely (Figure 2.9(c)), which can cause stress
peaks in the arterial wall and, therefore, severe vascular injuries. The authors believe that
this effect could be prevented if excessive dog boning is counteracted by the reinforcement
of the outer stent rings.

Furthermore , it has been shown that especially the tapers of the balloon are exposed to
high stresses. Thus, the balloon membrane could already be significantly weakened during
folding and pleating in addition to the damage described by Rondeau et al. [354] caused
by crimping. Balloon tapers could typify the weak point of an SDS, which is why spe-
cial attention must be paid to them during the early stage of development. However, the
maxima in the von Mises stress distribution of the balloon membrane during the preoper-
ative processes are an overestimation as they exceed the ultimate tensile strength. This is
partly due to stress singularities, which occur at the folding edges and the inflection points.
On the other hand, no failure criteria were defined in the material model, and the material
curves were simply fitted to the experimental data. Therefore, to show the correctness of
this finding, a new material model for the balloon membrane should be implemented as a
future refinement step. This model must be able to mimic the anisotropic material response
as well as the fatigue life of the membrane. The modeling approach must be based on data
from biaxial tensile tests.

The use of a folded and pleated balloon model for the FEA of the stent expansion is crucial
for the observation of expansion mechanisms of the whole SDS. As illustrated in Fig-
ure 2.9(a), the cells of every ring did not open symmetrically. The reason for this mech-
anism is the partial lack of contact between some stent cells and the balloon membrane.
This is particularly the case when the specific stent cell is located next to the folding edge
of a balloon wing. When opening the wings, the cell loses contact with the membrane. Due
to the lack of friction, this cell gets now overstretched. Elsewhere along the circumferen-
tial direction, friction prevents overstretching of cells. As a result, on the one hand, stent
cells are exposed to different loads and experience nonuniform strains in the circumferen-
tial direction. Perhaps this can be prevented by developing new folding techniques, which
generate balloons with symmetrical cross-sections. On the other hand, the extent of stent
cell deformation directly affects the shortening and elongation behavior of every individ-
ual stent ring, and consequently of the whole stent in the longitudinal direction. Thus, the
shear stresses induced in the arterial wall may also be influenced indirectly by the geome-
try of the implemented balloon and the stent models. This unsymmetrical cell mechanism
cannot be detected in FEA studies, in which simple cylindrical balloon models have been
implemented [306–311]. Therefore, the present approach seems to be superior.

The authors also advise against using only a quarter or half of the stent geometry, even if
the stent is perfectly symmetrical along its longitudinal axis. Necessary degrees of freedom
would be erroneously constrained. The FEA of the stent expansion disclosed that the stent
end twist towards each other due to the influence of the different diameters of the balloon
ends. Of course, the effect of this twist and all expansion mechanisms depend on the
specific balloon and stent types. However, the authors are not aware of a balloon or a stent



57 2 Importance of Modeling Balloon Folding, Pleating, and Stent Crimping

which feature an symmetrical geometry.

There is no question that a detailed geometry of an SDS can also be obtained from image
data of micro-CT scans. This could be shown by Mortier et al. [349] and by the scans
presented in Figure 2.7. However, the micro-CT method has some disadvantages, which is
why the methodology of the present study is preferable. Firstly, micro-CT scans are usually
associated with high costs. This includes high acquisition or operating costs and also the
license costs for the image processing software. Second, the processing of the image data
is very time-consuming. Thus, the scan of the SDS and the stent used in this study may
take several hours. After that, the images must be preprocessed and segmented before the
geometry can be cleaned, idealized, and meshed. Third, scans of balloon catheters and
stents are often associated with a high number of disruptive image artifacts. The reason for
this is the contrast ratio between the balloon membrane and the metallic stent. In addition,
artifacts are induced by the X-ray marker attached to the catheter.

Evidence of residual stresses and strains which stents experience during preoperative pro-
cesses (balloon folding, pleating, and stent crimping) was already shown by Möller et al.
[353]. Now, this study demonstrates that initial residual stresses and strains have a signif-
icant impact on the results of FEA of CSI. The Expansion mechanism, the final geometry,
and the stress distribution of the inflating SDS can be affected and, therefore, influence
the optimization process of stents and balloon catheters. As presented in Figures 2.8 and
2.10, the balloon and the stent inflate faster and even overexpand to an unrealistic diameter
if residual stresses are not implemented. This contradicts the non-compliant nature of the
membrane of the Baroonda balloon catheter. Also, the time interval between the full expan-
sion of the stent ends, and the central segments was smaller without residual stresses. This
affected the extent of the dogbone and of the opening of the cells. As mentioned above,
Figure 2.12 demonstrates that residual stresses prevented the stent from overexpansion.
The stresses in the respective stent-strut do not exceed the ultimate tensile strength. In this
case, it seems that there is no need for further optimizations of the strut geometry, in con-
trast to the case when residual stresses are not considered. Therefore, the consideration of
residual stresses and strains can significantly influence the factors time and costs during the
optimization process of a stent. In addition, If a model of an artery is implemented in the
FEA, the resulting changes in the kinematic energy of the expanding stent and the contact
pressure between the stent and the arterial wall can falsify the resulting stress distribu-
tion inside the biological tissue. Figure 2.13 summarizes and underlines again the benefits
of the presented method in comparison with the above-mentioned refinement steps in the
balloon catheter and stent modeling.

Initial residual stresses also influenced the stress distribution of the balloon and the stent
during the expansion of the SDS, as illustrated in Figure 2.12. It is noticeable that the
implementation of the residual stresses resulted in lower stress magnitudes, but a higher
stress concentration appears when the final stent diameter was reached. This supports the
hypothesis of Schiavone et al. [352] which states that residual stresses may contribute to
the flexibility of a stent during its deployment. Therefore, it can be assumed that a realistic
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geometry obtained from micro-CT data or by mathematical algorithms is not sufficient to
realistically simulate the stress/strain field of an SDS during the expansion phase.

The implicit solver used for all performed simulations turned out to be very robust. Only
minor modifications on the convergence criteria had to be undertaken. The authors believe
that by eliminating dynamic inertia effects induced by mass scaling during explicit time
integration, the accuracy of the simulations is increased. As implicit analyses have no in-
herent limit on increments of the calculations, larger time steps can be performed. This
significantly decreases the computational time of all performed FEA. Furthermore, realis-
tic process times could be simulated. These findings coincide with those of Bukala et al.
[315]. Figure 2.14 shows the advantages and drawbacks of the implicit solver in compar-
ison with the explicit method. For solving the quasi-static problem of a CSI in FEA, the
implicit solvers seems to offer more benefits

Implicit
solver

No dynamic inertia 
effects (mass scaling)
Large time steps possible
Realistic simulation time

High demands on 
element, material, and 
contact quality
Case-specific
convergence criteria

▴
▴

▴

Explicit
solver

Ideal for large
deformations, sliding 
contacts, and coarse 
meshes

Small time steps only
Unrealistic simulation 
time
Dynamic inertia effects 
(mass scaling)

▴

▼

▼

▼

▼

▼

Figure 2.14 Comparison between explicit and implicit solvers. For solving the quasi-static problem of a
CSI in FEA, the implicit solvers seem to offer more benefits.

Although the suggested method seems to be sophisticated, small time steps need to be
chosen to enforce equilibrium for some problems. This included the intensive deformation
of the balloon membrane during the folding process and the recoiling of the stent after
crimping. The chosen parameters for the convergence criteria may not function for every
problem. Here, different strategies must be deliberate and tested in a few trial iterations.
Finally, special care must be taken in the contact treatment to establish contact between all
parts during the initial time step.

Only if basically all relevant factors of CSI are considered, i.e., the blood flow and the
catheter injection medium, more precise material models, detailed geometries, and residual
stresses and strains of all pre-/inter- and postoperative processes of the balloon membrane
and the stent, a realistic load case for the artery can be simulated. This is the key for
successful optimization processes of stents and other vascular implants such as stent grafts
and transcatheter aortic valve implants. Therefore, and to continue the improvement of
the presented method, the authors consider additional aspects for future studies. Balloon
catheters usually tend to expand from their proximal to their distal end. Responsible for
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this is the fluid, which is injected into the catheter. It breaks through the cavities of the
balloon membrane, which are separated by the stent segments. By adding more fluid the
internal pressure increases, the cavities get connected, and the stent rings expand step by
step. This procedure could be simulated using the method of fluid-structure interaction or
by expanding the balloon catheter via the discrete element method. With such a model,
a more realistic pressure/time behavior may be achieved. Own preliminary studies were
already presented by Wiesent et al. [316].

Furthermore, an anisotropic material model of the balloon membrane with failure criteria
needs to be implemented. Balloons of catheters are manufactured by blow molding. It is
very likely the case that due to the production process, the polymer chains are orientated
in the circumferential direction. In the future thermomechanical effects should also be
investigated, since the blades of the folding and pleating devices are heated to prevent the
recoiling of the balloon membrane. Even though this is beyond the scope of the present
study, in future investigations, the most important contact partner of a stent should be
implemented – the artery. Therefore, a precise damage and growth model for the specific
target vessel, based on experimental data, is needed.

In conclusion, the importance of preoperative processes of SDS and stents – balloon fold-
ing, pleating, and stent crimping – on the FEA of stent expansion models have been an-
alyzed. The results demonstrate that the incorporation of initial residual stresses experi-
enced during the previous production step significantly increased the accuracy of subse-
quent simulations and especially of the FEA of the stent expansion. During the preopera-
tive processes, stresses inside the membrane and stent material also reached a severe level.
Therefore, it can not be excluded that an SDS or stents are already damaged before the
actual surgery. The implementation of the realistic geometry of an SDS, in particularly
the balloon tapers, and of blades of the process devices improved the simulation of impor-
tant expansion mechanism, like dogboning and concave bending or overexpansion of stent
cells. Furthermore, this study showed that up-to-date implicit solvers are able to precisely
analyze all mentioned quasi-static processes without the manipulation of the simulation
time or the physical mass. Finally, the authors recommend to optimize the preoperative
processes in a way that the resulting balloons catheters feature symmetrical cross-sections,
and that stents show reduced dogboning and limited concave cell bending.
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3 Experimental and Mathematical Characterization of
Coronary Polyamide-12 Balloon Catheter Membranes

Abstract. The experimental quantification and modeling of the multiaxial mechanical
response of polymer membranes of coronary balloon catheters have not yet been carried
out. Due to the lack of insights, it is not shown whether isotropic material models can
describe the material response of balloon catheter membranes expanded with nominal or
higher, supra-nominal pressures. Therefore, for the first time, specimens of commercial
polyamide-12 balloon catheters membranes were investigated during uniaxial and biaxial
loading scenarios. Furthermore, the influence of kinematic effects on the material response
was observed by comparing results from quasi-static and dynamic biaxial extension tests.
Novel clamping techniques are described, which allow to test even tiny specimens taken
from the balloon membranes. The results of this study reveal the semi-compliant, nonlin-
ear, and viscoelastic character of polyamide-12 balloon catheter membranes. Above nom-
inal pressure, the membranes show a pronounced anisotropic mechanical behavior with a
stiffer response in the circumferential direction. The anisotropic feature intensifies with an
increasing strain-rate. A modified polynomial model was applied to represent the realistic
mechanical response of the balloon catheter membranes during dynamic biaxial extension
tests. This study also includes a compact set of constitutive model parameters for the use of
the proposed model in future finite element analyses to perform more accurate simulations
of expanding balloon catheters.

3.1 Introduction
Finite element analysis (FEA) has become a powerful tool for the optimization process
of coronary balloon catheters and stents. FEA enables the prediction of the stress/strain
response of stents and balloon catheters, and the constituents of the coronary artery to
static and dynamic loading. Nevertheless, almost all state-of-the-art FEA of expanding
balloon catheter and stent included standard isotropic material models for balloon mem-
branes, in which the mathematical formulation and the material parameters were based on
data of unprocessed polymers [313, 315, 330, 331, 363, 364]. One exception is presented
by Gasser and Holzapfel [333] where a versatile theory of fiber-reinforced materials is
used according to [60] in order to mimic the anisotropic material response of angioplasty
balloon membranes. However, in their study, the material and structural parameters of the
balloon membrane model were not quantified by experimental data but fitted according to
the respective inflation characteristic of the analyzed balloon catheter.

Membranes of coronary balloon catheters are mostly produced from polymers like polyethy-
lene (PE), polytetrafluoroethylene (PTFE), polyurethane (PUR), or polyamides (PA). Many
groups are known which investigated the morphology and the associated anisotropic ma-
terial behavior of extrusion-casted films of such polymers by performing uni- or biax-
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ial extension tests, differential scanning calorimetry (DSC), Fourier transform infrared
(FTIR) spectroscopy, small-angle X-ray scattering (SAXS), and wide-angle X-ray diffrac-
tion (WAXD) [365–368]. However, there is no openly available literature dealing with the
study of the multiaxial mechanical properties of processed polymers of balloon catheter
membranes.

Balloon catheter membranes with their typical cylindrical shape and two tapers are pro-
duced by the manufacturing technique of balloon-forming, a specific blow-molding tech-
nique. The standard procedure was described in detail by Sauerteig and Giese [288], Gar-
ramone [289], and Fu et al. [290]. The main production steps, schematically presented in
Figure 3.1(a), can be summarized as follows: (i) during extrusion, the dried granular raw
material is fed into a screw-driven and heated extruder with a shaping dye and then it is ex-
truded into tubes; (ii) while necking, chilled and cropped tubes get stretched into parisons
with necked ends; (iii) in the actual balloon forming process, the parison is inserted into a
hollow glass mold and heated up to the specific glass-transition temperature Tg while be-
ing pressurized. The authors assume that the morphology of balloon catheter membranes

D
0 =

 3
.5

s = 0.03
Granulate

Tube

Parison

Balloon blank

Extrusion

Necking

Balloon forming

(a) (b)

MD

CD

20 3.23.2

p=1 MPa

Taper
line

specimens specimen

Central
zone

14 10

10

Uniaxial Biaxial

Figure 3.1 Manufacturing cycle and geometry of the Baroonda SDS balloon catheter: (a) schematic pro-
duction cycle of balloon catheter blanks; (b) illustration of the blank of the Baroonda SDS balloon catheter
after blow molding. In the present study, specimens for uniaxial extension, quasi-static and dynamic biaxial
testing were taken from the central zone. For location-depending biaxial testing, specimens were also ex-
tracted next to the taper lines. All dimensions are in mm and taken from Geith et al. [363]. MD: machine
direction; CD: circumferential direction; D0: outer diameter at the unpressurized state; s: thickness of the
membrane; p: nominal pressure.

changes several times during each of these production steps. Thus, Aggarwal et al. [366]
found that the molecular chains of the molten polymer align in flow/machine direction
(MD) inside the extruder. However, as soon as the polymer leaves the extruder it cools
down and needle-like crystallites start to form. These crystallites proliferate perpendicular
to the molecular chains and, therefore, to MD. In the flowing matrix, the crystallites rotate
and align parallel to MD, which leads to molecular chains in the crystalline areas pointing
perpendicular to MD [365]. With necking most manufactures artificially increase the de-
gree of crystallinity of the ends of the parison, while the central part which is going to be
molded into the balloon should remain unchanged. By pressurizing and heating the pari-
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son to Tg during the balloon-forming process, still amorphous molecular chains are free to
flow and additionally stretch in circumferential direction (CD) [369]. This can cause an
excessive softening of the blank’s membrane in MD. To compensate this effect after the
forming pressure is reached and to shape the tapers of the balloon membrane, the blank is
additionally stretched in MD during several drawing steps. Thus, the crystallinity of mem-
brane increases. Due to the complexity of the production process, it is plausible that the
material response of the final membrane differs from the ones of the raw material through
the deliberate reorientation of the crystalline regions and the molecular chains of the poly-
mer. However, it has not yet been investigated whether the manufactured membranes show
an isotropic or an anisotropic material behavior.

A polymer that is established in the manufacture of coronary balloon catheter membranes is
the semicrystalline polyamide-12 (PA 12). The material behavior of the heated PA 12 dur-
ing the balloon forming process was experimentally and numerically analyzed by Menary
and Armstrong [370] and Fu et al. [290]. However, to the authors’ knowledge, no study is
published which documentes the mechanical behavior of finished balloon catheter mem-
branes made of PA 12 or other polymers under uni- or biaxial extension and under realistic
testing conditions. Due to the lack of mechanically derived experimental data, the influ-
ence of the balloon forming process on the material behavior of PA 12 is not known. The
authors suppose, that future FEA of balloon catheter and stent expansion could be sig-
nificantly improved, by using a suitable material model for polymers with experimentally
verified constitutive parameters for PA 12 balloon membranes.

Thus, this study presents a detailed description of the material characteristics of a stan-
dard commercial PA 12 balloon catheter for main coronary arteries and proposes a simple
micro-structurally motivated constitutive model which is able to mimic the pronounced
anisotropic material response observed in the performed experiments. The outcomes fi-
nally deliver the essential ingredients for the implementation of realistic balloon catheter
material models in FEA. For this purpose, various uni- and biaxial extension tests with
quasi-static and dynamic loading scenarios were performed on specimens of a state-of-
the-art balloon catheter for coronary interventions. The study also describes how to pre-
pare tiny strip-type as well as cross-shaped specimens and novel clamping techniques for
uniaxial- and biaxial tests. Moreover, Cauchy stresses and stretches were computed to
analyze the multiaxial viscoelastic features of the PA 12 membranes. Finally, material pa-
rameters were identified by fitting the proposed constitutive model to the data set of biaxial
extension tests.

3.2 Materials and Methods

3.2.1 Coronary balloon catheter

As in the previous study published by the authors [363], membranes of the Baroonda stent
delivery system (SDS, 08BO-3520A, Bavaria Medizin Technologie, Wessling, Germany)
were used for all present investigations (see Figure 3.1(b)). The balloon membrane of
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the Baroonda SDS was fabricated from PA 12, also known as ’Nylon 12’ or under the
trademark ’Grilamid’, featuring a density of ρ = 1010 kg/m3 and a Poisson’s ratio of
ν = 0.40. According to the manufacturer, the balloon membrane shows a semi-compliant
character, i.e., a limited increase of the diameter past the nominal pressure. The in vivo
nominal pressure of the Baroonda SDS is p = 1 MPa. The cylindrical part of the balloon
blank has a length of 20 mm and an outer diameter at the unpressurized state of D0 =
3.5 mm. The thickness of the membrane is s = 30± 1 µm.

3.2.2 Specimen preparation

For both, uni- and biaxial testing, the tapers of the balloon blanks had to be removed with a
scalpel. Afterward, the cylindrical parts of the balloon blanks were pushed over forceps to
slice the membrane along MD. The specimen preparation for uni- and biaxial testing differs
and can be described as follows: (i) To perform uniaxial extension tests, two samples were
excised from the central zone of three membranes, as depicted in Figure 3.1(b) – one
with its long side parallel to MD and the other with its long side parallel to CD. These
rectangular specimens had dimensions of 10 × 4 mm. The long side of the specimens
pointed either in MD or in CD of the balloon blank. At the center of every specimen
two fine lines with a distance of approximately 2.5 mm between each other were added as
markers for subsequent video-extensometer (VE) measurements (Figure 3.2(a)).

To prevent slipping between the specimens and the clamps of the extension testing device,
8× 4 mm pieces of strong double-sided adhesive tape Doppelband Extrem (45531, UHU,
Baden, Germany) had to be attached to 20 × 10 mm pieces of sandpaper Super Easy Cut
P120 (65459, SCHULLER Eh’klar, Austria) (Figure 3.2(b)). Finally, the bottom surface of
each end of the membrane specimens was attached to a piece of sandpaper via previously-
applied adhesive tape, and the sandpaper was folded in half to press its upper part with
adhesive tape onto the surface of the membrane (Figure 3.2(c)). (ii) For biaxial testing,
specimens with a simple cross shape were found to be the best option after performing
several preliminary tests on the tiny balloon membranes. First, square cuts were again
taken from the central zone of the balloon membranes (see Fig 3.1(b)), which were then
cropped into a cross shape. The cross had a dimension of 10 × 10 mm with a flank width
of 4 mm (Figure 3.3(a)).

To prevent crack formation at the cross edges, a curved transition with a radius of 0.5 mm
had to be fabricated by using a biopsy punch Integra™ Miltex® (3331AA, Integra, Plains-
boro, NJ, USA). The center of the cross was marked with four small dots for VE measur-
ments. Due to the small specimen size, a special clamping system had to be designed and
manufactured (Figures 3.3(b) and (c)). It consists of an upper and a lower clamp, a pin,
and a countersunk bolt on each cross side, and a centered support platform. All parts were
made of aluminum to minimize the influence of the weight on the measurement results.
As a first step, fine double-sided adhesive tape 3M Scotch (6651263, 3M, Saint Paul, MN,
USA) had to be placed on the support platform to prevent the specimen from slipping.
Next, the cross-shaped specimen was attached to the top surface of the support platform.
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Figure 3.2 Specimen preparation for uniaxial extension testing: (a) sketch of a rectangular specimens for
uniaxial extension tests cut from the balloon membrane in MD or CD; (b) photograph of a specimen with
double-sided adhesive tape and sandpaper before testing; (c) two thin markers were added for stretch mea-
surement. Schematic sketch of the clamping method. The rectangular strips were attached to sandpaper with
adhesive tape to obtain the required friction between the specimen and the clamps of the uniaxial testing
device. All dimensions are in mm. MD: machine direction; CD: circumferential direction; σMD: Cauchy
stress in MD; σCD: Cauchy stress in CD.
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Figure 3.3 Specimen preparation for biaxial extension testing: (a) sketch of the cross shape of a specimen
for biaxial extension testing; (b) photograph of the cross-like specimen mounted in the clamping system and
surgical sutures; (c) cross-section of one unit of the clamping system and isometric view of the lower clamp
with its prismatic surface. With thin double-sided adhesive tape, the specimens were placed on the support
platform, which helps to place all upper and lower clamps symmetrically. All dimensions are in mm. MD:
machine direction; CD: circumferential direction; σMD: Cauchy stress in MD; σCD: Cauchy stress in CD.
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Here it is important that the inner surface of the membrane faces to the support platform
to keep the curling membrane flat. After pushing the lower clamps into the cavities of the
platform, the upper clamps were assembled with the countersunk bolts. The top side of the
lower clamps is shaped like a prism. Therefore, the back of the upper and lower clamps
only touch each other at the peak of that prism. When tightening the bolts, both – up-
per and lower clamps – align themselves, which exerts a homogeneous clamping pressure
along every flank of the cross-shaped specimen. Due to the special shape of the clamps, no
sandpaper was needed. Finally, the support platform with the adhesive tape was removed
and a thick surgical suture could be tied to every pin for the attachment of the clamping
system to the biaxial extension testing device. Both, the specimen geometry and the clamp-
ing system were designed to reduce the boundary effects with the aim to obtain a relatively
large homogeneous deformation and stress field in the center of the specimen, where the
deformations are tracked.

3.2.3 Uniaxial extension tests

Preliminary mechanical experiments were performed by using the uniaxial extension test-
ing device µ-strain (ME 30-1, Messphysik Materials Testing, Fürstenfeld, Austria) in com-
bination with the 20 N load cell Xforce HP (Zwick Roell, Ulm, Germany) with an accu-
racy of 0.02 % [371]. Every specimen got submerged for 15 min in 37 ◦C warm decalci-
fied water to overcome hygroscopic and thermal changes inside the PA 12. These effects
are well known from the literature [372, 373], and might occur during a several minutes
lasting coronary intervention. With the results from the VE ME 46-350 (Messphysik Ma-
terials Testing, Fürstenfeld, Austria) with a resolution of ± 0.15 µm and a sample rate of
fs = 20 Hz, the specimen stretches λMD and λCD were calculated according to

λMD =
lMD

L0,MD

and λCD =
lCD

L0,CD

, (3.1)

where lMD and lCD are the current deformed lengths and L0,MD and L0,CD are the refer-
ence lengths of the specimen with its long side pointing to MD or CD, respectively. The
lengths L0,MD and L0,CD were measured after the specimen was attached to the device and
preloaded with 0.01 N. Before the actual experiment, the specimen was preconditioned.
Therefore, several loading and unloading cycles with a testing speed of vtest = 1 mm/min
were performed to a stretch of λ = 1.02. After a maximum of four preconditioning cycles,
no more softening was recognized and the stress-stretch behavior of the membrane could
be reproduced.

The question of whether preconditioning should be performed prior uni- or biaxial exten-
sion testing is controversial. During the preconditioning phase the specimen exhibits a
softening effect until the results become reproducible. In fact, most manufacturers expand
their balloon catheters several times with the in vivo nominal pressure after production to
check their functionality. Thus, the authors assume, that the balloon membrane is in a
preconditioned state prior to implantation.
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For further proceedings, three specimens were stretched with a quasi-static testing velocity
of 1 mm/min until rupture. Under the assumption of incompressibility, Cauchy stresses
σMD and σCD were calculated as

σMD =
fMD

WCDT
λMD, σCD =

fCD

WMDT
λCD, (3.2)

with fMD and fCD denoting the current forces, WMD = WCD = 4 mm and T = 0.03 mm
are the mean specimen width and the thickness in the reference state, respectively.

3.2.4 Biaxial extension tests

To determine the multiaxial mechanical response of balloon catheter membranes under typ-
ical deformations during coronary interventions, planar biaxial extension tests were carried
out. For the tests, a customized biaxial extension testing device described by Sommer et
al. [374] with four linear stages, the 50 N load cells U9C (HBM, Darmstadt, Germany)
with an accuracy of 0.2 % and a position-controlled testing protocol could be used. The
stretch measurement was performed with the software Laser Speckle Extensometer (Ver-
sion 2.23.3.0, Messphysik Materials Testing, Fuerstenfeld, Austria) with a resolution of
± 0.15 µm and a sample rate of fs = 20 Hz. Before starting the tests, all specimens were
submerged for 15 min in 37 ◦C warm decalcified water. Every side of the cross-shaped
specimen was attached to the respective linear stage of the testing rig via the mentioned
clamping system and thick surgical sutures. Every suture was placed collinear to the center
axis of the respective load cell. The specimen was preloaded in MD and CD to lift the
specimen, sutures, and the clamps up to the level of the center lines of the four load cells.
Afterward, the VE camera had to be focused onto the specimen and calibrated to enable
stretch measurements. Preloading forces of only 0.02 N were vanishingly small in compar-
ison to the maximum forces measured in the proposed study. Therefore, and since stretch
measurements were only possible if the specimen was within the focal of the camera, all
preloading forces were neglected and set to zero before starting the experiment. In order
to observe a possible anisotropic character of the processed PA 12 and to account for its
viscoelastic features as well as the location-dependent mechanical behavior of the balloon
membrane, three test scenarios were executed as follows:

(i) Quasi-static biaxial testing. Three specimens were stretched with a testing velocity
of vtest = 1 mm/min and underwent a systematic sequence of stretch ratios (λMD − 1) :
(λCD − 1) = {1 : 1, 1 : 0.75, 0.75 : 1, 1 : 0.5, 0.5 : 1} in MD and CD. Furthermore, the
equibiaxial stretch-protocol with an increasing stretch in ∆λ = 0.02 steps, starting at
λ = 1.02 was performed on three additional specimens. This biaxial testing approach was
proven to provide the basic set of material parameters for a subsequent modeling of the
in-plane anisotropy [374].

(ii) Dynamic biaxial testing. To investigate the viscoelastic features of PA 12 under
dynamic loading, the tests of (i) had to be repeated with a testing velocity of vtest =
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10 mm/min. In addition, equibiaxial tests on three specimens were performed with the
stretch increasing until failure, i.e., the specimens slipped out of the clamps or cracks
started to form. An approximation of the actual inflation speed vapp can be derived as

vapp =
∆U

∆t
=
π(Dmax −D0)

t− t0
, (3.3)

where D0 = 3.5 mm is the diameter of a fully unfolded but yet not stretched balloon
catheter membrane at t0 = 2.95 s in Fig 3.4. The diameter D0 equals to the outer diameter
of the tested membrane blanks (see Fig 3.1(b)). The maximum diameter of the stretched
membrane at nominal pressure at t = 3.33 s is denoted by Dmax. The diameter Dmax of the
fully expanded Baroonda SDS balloon catheter can be determined by analyzing the data
of the stent inflation tests known from Geith et al. [363] and presented in Figure 3.4. By
measuring the outer diameter of the stent in the fully expanded state under the nominal
pressure and by subtracting the stent strut height of h = 0.12 mm, the maximum outer
diameter is Dmax = 3.57 mm. This leads to an inflation speed of vapp = 34.72 mm/min
and a corresponding stretch of λapp,CD = Dmax/D0 = 1.02 in CD. Despite the fact that
vtest � vapp, a further increase in the testing velocity leads to not reproducible results due
to errors in the VE measurements.

(iii) Location-depending biaxial testing. One can hypothesize that the preferred orienta-
tions of the crystallites and the molecular chains in the taper region differ from the ones in
the center of the membrane. To prove this hypothesis, further quasi-static biaxial tests sim-
ilar to (i) were carried out with specimens that were extracted next to the taper lines of the
balloon catheter membrane, as shown in Figure 3.1(b). The data were compared with the
results from tests with centered specimens. Only one specimen could be take from every
blank due to the short length of the balloon catheter membrane in MD. The authors do not
expect different test results for samples taken at different locations along the circumference
and, therefore, assume a homogeneous material response along CD.

Because of the limited amount of donated balloon membrane blanks, all biaxial tests –
static/dynamic equibiaxial stretch tests, static/dynamic stretch ratio sequences, dynamic
equibiaxial rupture tests, and location-depended tests – were only repeated two times. This
results in 18 specimens for biaxial testing and additionally six specimens for uniaxial test-
ing. Only tests in which the specimens did not tear at the clamp edges or were pulled out of
the clamps were rated as successful. In total 16 biaxial tests and four uniaxial tests failed,
which gives a total number of 44 specimens.

Cauchy stresses in MD and CD were computed as

σMD =
f1,MD + f2,MD

2WCDT
λMD, σCD =

f1,CD + f2,CD

2WMDT
λCD, (3.4)

in which f1,MD, f2,MD, and f1,CD, f2,CD represent the measured reaction forces and λMD =
xMD/XMD, λCD = xCD/XCD the membrane stretches in MD and CD, respectively, calcu-
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lated with the marker distances in the actual, loaded (xMD, xCD) and the reference (XMD,
XCD) states. Due to the specimen size, the detection of shear components was neglected
and the overall mechanical response of the PA 12 membranes was assumed to be incom-
pressible.

3.2.5 Material modeling

The PA 12 balloon catheter membrane was modeled as a fiber-reinforced incompressible
rubber-like hyperelastic material in which an isotropic matrix material, the amorphous do-
main, is reinforced by two families of extensible fibers, aligned due to crystallization, ren-
dering the balloon catheter material anisotropic. It is assumed that all fibers of the two
fiber families are perfectly aligned, continuously distributed throughout the material and
can therefore be described by the two direction vectors M and M′ in the reference configu-
ration. Hence, the continuum theory of fiber-reinforced materials is the constitutive theory
of choice. Briefly, in continuum mechanics a material point X of a body in the reference
configuration is transformed to a position x = χ(X) in the deformed configuration by
means of the bijective map χ. In addition, the deformation gradient F = ∂χ(X)/∂X is
introduced, as well as the left Cauchy-Green tensor b = FFT and the right Cauchy-Green
tensor C = FTF. For hyperelastic materials the material response can be quantified in
terms of a strain-energy function Ψ, i.e., the recoverable energy stored in the material as
it deforms. Hence, the generalized polynomial-type elasticity relations first published by
Rivlin and Saunders [375] with a polynomial extension for the anisotropic part were ap-
plied. The related strain-energy function Ψ for the fiber-reinforced incompressible material
takes on the form

Ψ = − p̂
2

(I3 − 1) + Ψ̂(I1, I2, I4, I6), (3.5)

where the strain-energy function Ψ is defined for the incompressibilty constraint I3 =
detC ≡ 1, p̂ is an indeterminate Lagrange multiplier, and the second term is defined as

Ψ̂(I1, I2, I4, I6) = c10(I1−3)+c02(I2−3)2 +c11(I1−3)(I2−3)+k1

∑
i=4,6

(Ii−1)2, (3.6)

with c10, c02, c11 and k1 are material parameters, and I1, I2, I4 and I6 are four invariants
defined by

I1 = trC, I2 =
1

2

[
(trC)2 − tr

(
C2
)]
, I4 = C : M⊗M, I6 = C : M′⊗M′. (3.7)

The two invariants I4 and I6 denote the square of the fiber stretches in the fiber directions
M and M′, respectively [376]. Thus, the term in Ψ associated with the invariants I4 and I6

accounts for the nonlinear stiffening of the fibers with increasing fiber stretch. Both fiber
families are modeled as equally strong and are assumed to be symmetric with respect to
CD. Hence, the fiber directions [M] = [cosα, sinα, 0]T and [M′] = [cosα,− sinα, 0]T are
defined by the angle α measured with respect to CD. The constitutive equation for the
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Cauchy stress tensor σ is obtained as

σ = −p̂I + (ψ̂1 + I1ψ̂2)b− ψ̂2b
2 + ψ̂4m⊗m + ψ̂6m

′ ⊗m′, (3.8)

where m = FM and m′ = FM′ denote the two direction vectors in the current config-
uration. For notational simplicity we have introduced the abbreviation ψ̂i = 2∂Ψ̂/∂Ii,
i = 1, 2, 4, 6.

For biaxial extension (neglecting shear) the deformation gradient, the left and right Cauchy-
Green tensors can be expressed in terms of principal stretches. In the matrix form this reads
[F] = diag[λMD, λCD, λz] and [b] = diag[λ2

MD, λ
2
CD, λ

2
z] = [C], where λz denotes the

stretch orthogonal to the plane spanned by MD and CD. By means of the thin membrane
assumption (σzz = 0), and by considering the incompressibility constraint (detC ≡ 1), the
only non-zero components of Cauchy stress tensor σ are the normal stresses in MD and
CD, which read

σMD = −p̂+ (ψ̂1 + I1ψ̂2)λ2
MD − ψ̂2λ

4
MD + (ψ̂4 + ψ̂6)λ2

MD cos2 α, (3.9)
σCD = −p̂+ (ψ̂1 + I1ψ̂2)λ2

CD − ψ̂2λ
4
CD + (ψ̂4 + ψ̂6)λ2

CD sin2 α, (3.10)

with
p̂ = (ψ̂1 + I1ψ̂2)(λMDλCD)−2 − ψ̂2(λMDλCD)−4. (3.11)

The estimation of the material parameters c10, c02, c11, k1 and α was achieved by applying
the least-squares method for the nonlinear objective function, which is

φ = {c10, c02, c11, k1, α} = argmin
φ

χ2(φ), (3.12)

where the objective function is defined as

χ2(φ) =
∑
ij∈ζ

∑Nexp
ij

n=1

(
σnij − σ̄nij

)2

max
(
σ̄nij
) , (3.13)

with ζ ∈ [MD,CD] are the experimental modes and N exp
ij denotes as the number of of

experimental data points for both directions. The analytical results of the stress are de-
noted by σij and the experimental results by σ̄ij . The normalization is performed in order
to weight the data from the two experimental modes equally. With the intention to cover
a wide deformation range, three more dynamic equibiaxial extension tests until failure
were performed. For the nonlinear data fitting, MATLAB R2019a (The MathWorks, Nat-
ick, USA) with the lsqnonlin function was used to estimate the material parameters
(c10, c02, c11, k1, and α) by minimizing the least-squares differences between the computa-
tional and the experimental data. The quality of the estimation was evaluated by calculating
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the correlation coefficients R2
MD and R2

CD for both directions according to

R2
ij =

∑Nexp
ij

n=1

[(
σnij − σmean

ij

) (
σ̄nij − σ̄mean

ij

)]√∑Nexp
ij

n=1

(
σnij − σmean

ij

)2
√∑Nexp

ij

n=1

(
σ̄nij − σ̄mean

ij

)2
for ij ∈ {MD,CD} ,

(3.14)

where R2
ij ∈ [0, 1] (R2

ij = 1 indicates a perfect estimation of the model parameter), and
σmean
ij , σ̄mean

ij are mean stresses, while σnij , σ̄
n
ij are the stresses at any data point predicted by

the model and calculated from the experimental data, respectively. The root-mean-square
error (RMSE) was calculated by

RMSE =

√
χ2 (φ)∑

ij∈ξN
exp
ij − q∑

ij∈ξ σ̄
mean
ij

, (3.15)

in which q is the number of parameters in φ, compare with Holzapfel et al. [115] and
Schulze-Bauer et al. [96].

Robustness of the parameter estimation was ensured by using: (i) a variety of different
loading conditions (i.e., stretch ratios) to make sure that the hyperelastic material model is
able to predict correct stress values under all conditions of interest; and (ii) different roots
for the initial guesses of the fitting procedure. A minimum of six minimization cycles
ensured that best-fit parameters are independent of the initial guesses. Hence, the authors
focus here more on the robustness of the entire model prediction than on the individual
parameters. Nevertheless, physical relevance of the parameters has to be ensured, e.g., by
restricting the search space [377].

Although the authors assume that PA 12 is highly viscoelastic, a respective model feature
has not been implemented. Similar to many FEA based studies who describe the maximum
stresses in stents and catheters during expansion [313, 315, 330, 331, 363, 364], only the
loading curve is of interest to the authors to be able to investigate the maximum stresses in
vascular tissue in future work.

3.3 Results

3.3.1 Uniaxial mechanical response

A representative Cauchy stress-stretch response of the PA 12 balloon membrane during
preliminary uniaxial rupture tests is presented in Figure 3.5. The tests reveal a nonlinear
and anisotropic stress-stretch response of PA 12 in MD and CD. The membrane shows a
pronounced stiffer response for small and large stretches in CD. In MD, the specimens
are very ductile, especially at minimal and very large stretches, while an increase in the
stiffness is detectable at medium stretches. The median of the Cauchy stress in MD at
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λ = 1.02 was computed to be σ̃MD = 8.4 MPa, which is 40.2 % of the corresponding
Cauchy stress at the equal stretch λapp,CD at nominal pressure in CD with σ̃CD(λapp,CD) =
20.9 MPa. The median of the ultimate tensile stress at rupture in MD was calculated to be
σ̃MD,max = 32.0 MPa, which is 61.4 % of the ultimate tensile stress in CD with σ̃CD,max =

52.1 MPa. The corresponding ultimate tensile stretches were determined to be λ̃MD,max =

1.0675 and λ̃CD,max = 1.0645.

3.3.2 Biaxial mechanical response

The graphs in Figure 3.6 present the characteristic equibiaxial relaxation behavior (Cauchy
stress vs. time) of the PA 12 membranes under quasi-static (vtest = 1 mm/min) and dy-
namic loading (vtest = 10 mm/min). Similar graphs for both, MD and CD, indicate an
isotropic material response. Upon closer inspection of the graph during the first seconds,
it shows a nonlinear increase over time followed by an immediate drop and a gradual de-
crease of the Cauchy stresses of approximately 25% after the linear stages of the testing
device stopped when the stretch of λ = 1.02 =̂ λapp,CD was reached and held in position
for t = 200 s. This is a clear evidence of the viscoelastic nature of PA 12. In comparison,
the results of the dynamic equibiaxial relaxation tests illustrated in Figure 3.6 indicate a
faster material response, however, without any strain-rate depending stiffening. No signif-
icant differences in the maximum Cauchy stresses and the Cauchy stresses in the relaxed
state were found between quasi-static and dynamic testing. Nevertheless, the subsequent
drop of the Cauchy stresses happened faster during dynamic testing.
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Figure 3.8 Representative dynamic preconditioning behavior: (a) in MD and (b) in CD at a stretch of
λ = 1.02 and under a testing velocity of v = 10 mm/min. Due to softening, cycle 1 induced a small offset
and shifted cycles 2–4 to the right.
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In the preconditioning, where the specimens were equibiaxially deformed under quasi-
static and dynamic conditions with a small stretch of only λ = 1.02 =̂ λapp,CD, the mem-
branes show no significant difference in the material behavior, see Figures 3.7 and 3.8. The
illustrated stress-stretch relationship is almost identical apart from a more compliant ini-
tial material response during dynamic preconditioning. It appears that kinetic effects and
the predominant direction of the polymer chains have hardly any influence on biaxially de-
formed PA 12 balloon catheter membranes under nominal pressure. This is in contradiction
to the measurement data from preliminary uniaxial tests, where the data in Figure 3.5 sug-
gest a distinctive anisotropic material characteristic even in a low stretch range (λ ≤ 1.02).
In both, the quasi-static and dynamic testing, the PA 12 membranes show no more soft-
ening after the third loading and unloading cycle in both direction (Figures 3.7 and 3.8).
However, the first preconditioning cycle induced an offset and, therefore, shifted the fol-
lowing curves to the right. This offset was small during dynamic preconditioning. After
the forth preconditioning cycle, the current marker distance at force zero was defined as
the reference marker distance, denoting λ = 1, for all subsequent measurement cycles.

The graphs in Figures 3.9 and 3.10 enable a comparison of quasi-statically and dynamically
loaded PA 12 membranes under different equibiaxial stretch levels ranging from smaller
stretches λ = 1.02, to medium (λ = 1.04) and larger stretches (λ = 1.06). While the
material response of all specimens of both test modes is of an isotropic nature for smaller
stretches only, the data reveal an increasingly significant anisotropic characteristic as soon
as the stretches exceed λ = 1.02. The maximal Cauchy stresses are also higher in the
dynamically loaded specimens. Another indicator for the viscoelastic material behavior of
PA 12 is the presence of forming hysteresis loops between the loading and unloading dur-
ing preconditioning and equibiaxial measurement cycles. While the hysteresis loops are
rather small after small stretches, they show a much more pronounced shape after medium
(λ = 1.04) and larger stretches (λ = 1.06). However, the development of the hysteresis
loops with increasing stretches is equal for quasi-statically and dynamically tested PA 12
membranes. Noticeable is only the slightly curved peaks of the graphs in Figure 3.10 in
comparison to the sharp peaks in Figure 3.9. This is based on the inertia of the material
response during fast loading changes, which can be attributed to the viscoelasticity of the
material or to the time delay of the VE. One may assume that the loading curves in Fig-
ures 3.9 and 3.10 should be collinear. However, this is not true for smaller stretches in the
quasi-static tests and for the whole stretch range in the dynamic tests. The authors sup-
pose that micro-damage or rearrangement of the molecular chains occurred during every
equibiaxial loading cycle, which are more pronounced during dynamical testing.

A representative comparison of the Cauchy stress-stretch relationship of specimens taken
from different locations of the cylindrical part of the balloon catheter membrane is shown
in Figure 3.11. No significant deviation of the graphs in the respective directions had been
found. It can, therefore, be assumed that PA 12 shows a homogeneous material behavior
along the cylindrical part in MD of the balloon catheter membrane.

The material responses of three specimens until failure and their medians in MD and CD
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Figure 3.9 Representative quasi-static equibiaxial Cauchy stress-stretch behavior: (a) in MD and (b) in CD
under various stretch levels ranging from 1.02 to rupture in 0.02 stretch increments and a testing velocity of
v = 1 mm/min.
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Figure 3.10 Representative dynamic equibiaxial Cauchy stress-stretch behavior: (a) in MD and (b) in CD
under various stretch levels ranging from 1.02 to rupture in 0.02 stretch increments and a testing velocity of
v = 10 mm/min.
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Figure 3.11 Representative comparison of the Cauchy stress-stretch behavior of the distal, central, and
proximal parts of PA 12 balloon catheter membranes: (a) in MD and (b) in CD under a stretch of λ = 1.04
and a testing velocity of v = 1 mm/min.
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Figure 3.12 Cauchy stress-stretch behavior until failure and material model response: (a) in MD and (b) in
CD under a testing velocity of v = 10 mm/min. All values of the tested Specimens SI–SIII are within the
gray data band.
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Figure 3.13 Representative quasi-static biaxial Cauchy stress-stretch behavior for different stretch ratios:
(a) in MD and (b) in CD with a testing velocity of v = 1 mm/min. Stretch ratios λMD : λCD =
{1 : 1, 1 : 0.75, 0.75 : 1, 1 : 0.5, 0.5 : 1}.

1 1.02 1.04 1.06 1.08
Stretch (-)

0

20

40

60

C
au

ch
y 

st
re

ss
 (M

Pa
)

MD
1:1
1:0.75
0.75:1
1:0.5
0.5:1

1 1.02 1.04 1.06 1.08
Stretch (-)

0

20

40

60

C
au

ch
y 

st
re

ss
 (M

Pa
)

CD(a) (b)

Figure 3.14 Representative dynamic biaxial Cauchy stress-stretch behavior for different stretch ratios:
(a) in MD and (b) in CD with a testing velocity of v = 10 mm/min. Stretch ratios λMD : λCD =
{1 : 1, 1 : 0.75, 0.75 : 1, 1 : 0.5, 0.5 : 1}.
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are illustrated in Figure 3.12. Again, as during cyclic loading, the material shows an
isotropic response until a stretch of λ ≤ 1.02 is reached and then manifests a distinctive
anisotropic characteristic. The median of the normal Cauchy stress at nominal pressure un-
der λ = 1.02 =̂ λapp,CD was computed to be σ̃MD = 16.7 MPa in MD, which is 92.3 % of
the corresponding Cauchy stress σ̃CD(λapp) = 18.1 MPa in CD. At λ = 1.04 the difference
increases (σ̃MD = 30.4 MPa, σ̃CD = 36.9 MPa, pct = 82.4 %), becomes more significant
at λ = 1.06 (σ̃MD = 38.7 MPa, σ̃CD = 50.1 MPa, pct = 77.3 %), and finally peaks at
failure (σ̃MD,fail = 44.5 MPa, σ̃CD,fail = 58.2 MPa, pct = 76.5 %). The corresponding
median of the failure stretch λ̃fail ∼ 1.07 is 3.5 times higher than the stretch under nominal
pressure λapp = 1.02.

Nevertheless, all graphs generated from experimental data in Figures 3.9, 3.10 and 3.12
feature a short exponential increase in the Cauchy stresses under small stretches. At around
λ ∼ 1.02 and after a further inflection point at λ ∼ 1.04 the graphs are polynomial;
nearly linear until failure. Thus, the balloon membranes show the typical stress vs. stretch
progression for polyamides known from the literature [378–380].

3.3.3 Model parameters

The graphs in Figure 3.12 illustrate the comparison between the model fit and the experi-
mental data. The proposed model was able to give a very satisfying representation of the
dynamic equibiaxial behavior for the whole stretch range ending at a stretch of λ ∼ 1.07.
The model parameters and the associated median and the deviations between the fit and
the experimental data of all three test specimens SI–SIII are shared in Table 3.1. For fu-

Table 3.1 Constitutive model parameters, squared Pearson’s coefficients RCD, RCD, and the root-
mean-square error RSME for the proposed model (3.5). All results were obtained by fitting the hypere-
lastic strain-energy function to the median of the experimental equibiaxial data of the tested PA 12 balloon
catheter membranes.

Constitutive parameters

c10 c02 c11 k1 α R2
CD R2

MD RMSE
(MPa) (MPa) (MPa) (MPa) (◦) (−) (−) (−)

Median −1 791 28 736 −36 242 2 770 44.77 0.9995 0.9992 0.02

ture advanced modeling approaches, e.g., the mathematical description of the viscoelastic
features, the authors want to share a representative biaxial tensile response of the PA 12 bal-
loon catheter membrane at different stretch ratios between MD and CD under quasi-static
and dynamic loading represented in Figures 3.13 and 3.14, respectively.

3.4 Discussion
Balloon catheter membranes significantly influence the expansion behavior of stents. De-
spite the well-known fact that the molecular chains of extruded polymers exhibit a preferred
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direction, current studies [313, 315, 330, 331, 363, 364] focusing on the optimization of
stent designs and stent delivery systems by the help of the FEA, using almost exclusively
isotropic material models for balloon catheter membranes. This work shows, however, that
the decision to use an isotropic or anisotropic material model must be carefully considered.

This statement is based on the key finding of this work, in which the material behavior of
the PA 12 balloon catheter membrane shows a stiffer response to loading in CD, as illus-
trated in Figures 3.9, 3.10, 3.13, and 3.14. The stiffer response might be the result of the
predominant orientation of molecular chains in CD in extruded and stretched polymers,
as described in several studies [365–367]. By examining the results from uniaxial exten-
sion tests depicted in Figure 3.5, this effect is even noticeable within the whole loading
range. On the contrary, the stress-stretch relationship of specimens under small equibiaxial
stretches is almost identical but starts to differ at stretches λ above 1.02.

The authors assume that the biaxial mechanical response of PA 12 under small stretches is
highly influenced by the coupling between the polymer chains (’Poisson effect’). Stretches
arising in CD will certainly be accompanied by stretches in MD. The influence of this effect
probably decreases with higher stretches and an anisotropic material behavior emerges.
On average, the specimens showed a slightly softer behavior in uniaxial than in biaxial
extension. This conforms with the expectation that the ’Poisson Effect’ would favor a
stiffer reaction in biaxial extension. Compared to other tested polymers [381, 382] and
injection molded PA 12 [372], the processed balloon catheter membranes reveal a very stiff
response even at small stretches. This is an indicator of the semi-compliant characteristic
of the Baroonda SDS membrane which was achieved through a tailored balloon-forming
process.

The induced stresses in the PA 12 membranes were found to be higher during dynamic
equibiaxial testing above nominal pressure. The increase in the maximum stresses due to
a higher strain-rate conforms with the findings of McFerran et al. [372]. In the relaxation
tests, the difference between the maximum stresses and the stresses after 200 s did not
increase with a higher testing speed. The effect of strain-rate dependence only pronounces
at larger stretches. Thus, no significant influence of the strain-rate between quasi-static and
dynamic testing modes at small stretches could be detected.

Furthermore, a characteristic of the viscoelastic nature of balloon-molded PA 12 mem-
branes was observed. The results from quasi-static and dynamic relaxation tests reflect
the typical time-dependency of the strain-recovery inside initially loaded polymers if com-
pared with Meyer et al. [382]. A further indicator for the typical viscoelastic polymer-
like response is the pronounced hysteresis in the equibiaxial tests. The differences in the
loading and unloading curves become more significant in the dynamic testing mode. The
authors assume that the viscoelastic response of PA 12 is again associated with the rear-
rangement of molecular chains in the amorphous regions, as described for polypropylene
by Coulon et al. [383].

Preconditioning of PA 12 balloon catheter specimens should be taken into account for ex-
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tension tests as the balloon catheters usually get pressurized several times after manufac-
turing to test its functionality. However, only a minor effect of the cyclic loading during
preconditioning on the mechanical response at small stretches was found. The difference
between the first and the last preconditioning cycle seems to be the result of early stretches
based on viscoplastic effects. The viscoplasticity of polymers at small stretches can usually
be explained with rearrangement mechanisms in the amorphous regions and micro-damage
mechanisms. Similar to the tests of Meyer et al. [382], the first loading cycle in CD and
MD of the quasi-static and dynamic preconditioning shows a large initial hysteresis loop.
The hysteresis loops of the following loading cycles become smaller and the maximum
stresses slightly drop.

No differences in the stress-stretch behavior along the cylindrical part of the Baroonda
SDS membrane was found. Biaxial extension tests with specimens taken from the distal,
central, and proximal part of the membrane show similar results.

The presented clamping system of the VE-based biaxial extension tests was found to be
suitable for small specimens with a cross shape. By choosing to manufacture the clamps
from aluminum and the small dimensions of the clamps, the influence of the clamps on
the measurement results could be reduced to a negligible amount. Due to the novel de-
sign of the clamps, a homogeneous clamping pressure distribution along every flank of
the specimens can be assured. Besides, the support platform guaranteed the symmetrical
arrangement of all four clamps. The sample design also leaves enough space to place four
markers for VE-measurements. Furthermore, biaxial testing better represents the multi-
axial loading case during percutaneous coronary intervention than uniaxial testing. Thus,
biaxial testing provides an adequate setting for the proposed modeling approach.

As mentioned above, standard PA 12 balloon catheter membranes show an almost isotropic
behavior at small stretches when biaxially loaded. Small stretches occur within the balloon
pressure range between zero to nominal pressure of the Baroonda SDS balloon catheter.
In this case it would be reasonable to use an isotropic material model that can numerically
describe the material response to small stretches based on the experimental data of this
work. If the balloon catheter gets pressurized above the nominal pressure, the anistropic
character of the membrane clearly emerges. In this case, the authors suggest to continue
with the modeling approach presented in this study. Inspired by the work of Rivlin and
Saunders [375], the modified version of the polynomial model used shows overall a very
satisfying fit of the loading curve of dynamic tested PA 12 membranes. Note, however, that
the proposed material model is a purely elastic model, and hence it does not account for
material damage. Manufacturers and scientists have to deliberate how accurate FEA results
need to be in simulations with balloon catheters pressurized above the nominal pressure to
meaningfully contribute to the optimization process of balloon catheters and stents with
respect to computational expenses. It should be noted that the internal balloon pressure
most likely exceeds the nominal pressure several times during the coronary treatment. The
reason for this could be the geometry or material properties of the vital part of the artery,
the stenosis, or the stent, and accidents or unwary performance.
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Even though all presented methods appear to be robust to quantify the stretches of PA 12
balloon catheter membranes and to model them accordingly, this study has some limita-
tions. The presented model, and the constitutive parameters, account only for the biaxial
material behavior of standard PA 12 balloon catheter membranes for main coronary inter-
ventions, i.e., for balloon catheters with a thickness of approximately 30 µm. Although
almost all manufacturing processes of balloon catheter membranes are standardized, vary-
ing the manufacturing parameters can influence the morphology of PA 12 and, therefore,
its mechanical response. In contrast to biaxial testing, where the sample is in direct con-
tact with the rigid clamp, the elastic adhesive tape and the sandpaper may contribute to
the measured material response. It is possible that the adhesive tape and the sandpaper
slightly falsify the measured material response. For the biaxial testing modes, the influ-
ence of shear stresses was not observed due to the small size of the specimens. Thus, with
the used VE-based method, it can only be assumed that the stress-stretch distribution in
the field of interest is homogeneous and shear deformation have no major influence on the
normal stresses. Furthermore, the realistic strain-rate could not be fully achieved with the
present biaxial extension testing device. Due to the limited amount of donated balloon
catheter blanks and the extent of preliminary testing, the number of the final test series
is small. Further biaxial extension tests might be necessary to substantiate the statistical
validity of the findings and to observe the influence of shear stresses on the results. In ad-
dition, the modeling approach in this study does not incorporate the observed viscoelastic
nature of PA 12; incorporation of a viscoelastic model for this type of anisotropic mate-
rial at finite strains can be achieved [115]. To the authors’ opinion, vascular injuries, and
possible damage to the balloon or the stent occur mainly during the expansion phase of
the implantation. Therefore, only the modeling of the dynamic loading behavior was of
interest. However, the complex mathematical description of the strain-dependency and the
hysteresis formation of the balloon membranes should be the matter of further studies.

3.5 Conclusion
In conclusion, the cylindrical part of the PA 12 membranes of the Baroonda SDS balloon
catheter for main coronary arteries can be characterized as homogeneous, semi-compliant,
and viscoelastic, which shows a nonlinear isotropic material response at nominal balloon
pressure when being loaded biaxially. However, above the nominal pressure, anisotropy,
and strain-rate dependency of the material behavior emerges significantly with increasing
stresses.

To the authors’ knowledge, this study presents the first set of experimental data of the
mechanical response of standard PA 12 balloon catheter membranes for main coronary
arteries. In uni- and biaxial extension tests, a stretch-driven protocol was used to simulate
the loading scenarios of balloon catheter membranes expanding with an inner pressure
ranging from zero to the supra-nominal level. Furthermore, novel methods are described
to carry out quasi-static and dynamic extension tests on tiny planar specimens taken from
balloon catheter membranes for the first time. The study provides a modeling approach,
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which uses a generalized polynomial-type elasticity relation together with a polynomial
extension for the anisotropic part. This model can reproduce the biaxial behavior of the
tested PA 12 membranes very well.

Thus, the authors assume that even a FEA simulating the expansion of PA 12 balloon
catheter membranes with nominal pressure – e.g., the authors’ previous work [363] – may
benefit by implementing the proposed model. The isotropic material response of the bal-
loon catheter in such a FEA would finally be based on experimental data from extension
tests performed on actual PA 12 membranes. However, it cannot be excluded that the
stresses inside the balloon membrane reach a supra-nominal level, e.g., due to incorrect
handling of the catheter or due to unfavorable contact situations with stents or stenoses.
Therefore, for FEA, in which the consequences of an over-expanded membrane on the bal-
loon catheter, stent, and the artery due to supra-nominal pressurization are of interest, the
authors advise the use of the proposed material model. Furthermore, experimental data,
specifying the material response of PA 12 membranes at different stretch ratios, and rates
are provided in this article. Based on these data, the proposed model could be improved by
incorporating the viscoelastic features of the tested PA 12 membranes.

Data Accessibility
The experimental data collected in the biaxial extension tests presented in the Figs 6–10,
13, 14, the Cauchy stress-stretch relation until failure of the median and all single samples
depicted in Fig 12 can be downloaded from:
https://doi.org/10.6084/m9.figshare.12116715.v1.
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4 Quantifying Stent-Induced Damage in Coronary Arteries by
Investigating Mechanical and Structural Alterations

Abstract. Vascular damage develops with diverging severity during and after percuta-
neous coronary intervention with stent placement and is the prevailing stimulus for in-stent
restenosis. Previous work has failed to link mechanical data obtained in a realistic in vivo
or in vitro environment with data collected during imaging processes. We investigated
whether specimens of porcine right coronary arteries soften when indented with a stent
strut shaped structure, and if the softening results from damage mechanisms inside the
fibrillar collagen structure. To simulate the multiaxial loading scenario of a stented coro-
nary artery, we developed the testing device ‘LAESIO’ that can measure differences in the
stress-stretch behavior of the arterial wall before and after the indentation of a strut-like
stamp. The testing protocol was optimized according to preliminary experiments, more
specifically equilibrium and relaxation tests. After chemical fixation of the specimens and
subsequent tissue clearing, we performed three-dimensional surface and second-harmonic
generation scans on the deformed specimens. We analyzed and correlated the mechanical
response with structural parameters of high-affected tissue located next to the stamp in-
dentation and low-affected tissue beyond the injured area. The results reveal that damage
mechanisms, like tissue compression as well as softening, fiber dispersion, and the lesion
extent, are direction-dependent, and the severity of them is linked to the strut orientation,
indentation pressure, and position. The findings highlight the need for further investiga-
tions by applying the proposed methods to human coronary arteries. Additional data and
insights might help to incorporate the observed damage mechanisms into material models
for finite element analyses to perform more accurate simulations of stent-implantation.

4.1 Introduction
Despite the great efforts of scientists and manufacturers in recent years, in-stent restenosis
(ISR) remains the most frequent and critical post-surgical event of percutaneous coronary
intervention (PCI) cardiologists have to face [4, 11]. During and after PCI with stent place-
ment, the coronary artery is exposed to a triaxial loading scenario in the supraphysiolog-
ical range, i.e., above the hemodynamic loading. The expanding stent causes an increase
in the diameter of the artery to an abnormally high value, i.e., the tissue gets stretched in
the longitudinal and the circumferential directions. This mechanical stimulus and supra-
physiological loadings provoke pathological processes in the form of cell migration and
proliferation, resulting in neointimal thickening [347]. It is shown that the extent of ISR
correlates with the severity of the stent-induced injury [5–9, 384].

However, even newest generations of so-called drug-eluting stents (DES) show similar fa-
tality rates to uncoated bare-metal stents (BMS) in the long-term (> 5 years) of about 15–
20 % [4, 11–14]. To lower the fatality rate of BMS and DES, scientists and manufacturers

83
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need to develop safer stents by significantly lowering the risk of vascular damage caused
by PCI. Stent induced vascular damage must be differentiated from age-related, atheroscle-
rotic and non-atherosclerotic damage. The actual moment stent-induced vascular damage
becomes clinical relevant is difficult to determine. It must be assumed that vascular damage
and subsequent neointimal hyperplasia start to develop as soon as the artery is exposed to
supraphysiological loading. The mechanical, as well as structural alterations may become
more severe and even irreversible with an increasing mechanical stimulus.

To prevent excessive vascular damage, the load applied on the artery must be reduced by
optimizing the geometry or the material of the stent and the stent delivery system. Fi-
nite element analysis (FEA) has become a promising tool to fulfill this mission. Modern
FEA is able to precisely simulate the interaction between all components of an expanding
stent-delivery system. For representative literature, the reader is referred to the articles of
Geith et al. [363], Wiesent et al. [364], and He et al. [385] have shown. In addition,
progressive constitutive models for vascular tissue are meant to describe the behavior of
healthy or diseased arteries in a physiological or pathological state [116, 329], but under
the assumption that mechanical and structural properties remain constant. The equations
of the latest constitutive models often contain structure tensors in which experimentally
validated structural parameters of different arterial layers are implemented. However, as
soon as such a model is considered within a FEA, a significant limitation is added: so far,
vascular damage, defined by stent-induced mechanical and structural alterations, has not
yet been considered in any constitutive model.

Only a few studies are known which try to quantify the vascular damage inside arteries
after PCI. Schwartz et al. [5] implanted stents in porcine arteries, prepared and analyzed
histological sections with light microscopes, and evaluated the lesions with a stent injury
score. Thus, Schwartz et al. [5] created a revolutionary tool allowing damage classification
by the degree of injury more than 25 years ago. However, the assessment of the respective
stent injury score is highly subjective and based on empirical data. Adapting the mentioned
stent injury score, Schwartz et al. [386] and Swier et al. [387] aimed to correlate the
severity of the injury with the neointimal thickening. Nevertheless, the results presented
in these studies cannot be correlated with the indentation pressure and the orientation of a
stent strut, as well as the mechanical response of the tissue.

Pathological alterations inside of coronary tissues are only detectable if one compares the
properties of an arterial wall before and after the iatrogenic event of PCI. To date, altered
properties of coronary arteries can be quantified in three ways:

(i) One can observe biomechanical alterations caused by atherosclerotic and non-atherosclerotic
cardiovascular events, such as inflammation, endothelial denudation, in-stent restenosis
and in-stent thrombosis, angiogenesis, vasospasm, and dissection, which is the focus of
several biologically-oriented research efforts, cf. [388–393].

(ii) Mechanical alterations of the arterial wall can be determined by measuring the stress-
stretch response of the tissue. Here, during standard tensile tests, specimens are stretched
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in one or two orthogonal directions, and their stress-stretch relationship is measured. The
in vitro mechanical response of healthy and diseased arteries in a passive or active state to
physiological and supraphysiological biaxial loadings have been substantially analyzed, as
Chen and Kassab [61] summarized in their review article. However, experimental setups
for conventional uni- and biaxial tensile tests are ineligible to simulate the triaxial loading
scenario of PCI. A precise in situ measurement of the indentation pressure, which interacts
between the stent strut and the artery, is technically not feasible due to the tiny dimensions
of the stents and the poor accessibility. Therefore, an experimental setup is needed to
mimic the loading scenario of a stented artery under in vitro conditions and to enable the
measurement of the prevailing stress-stretch relationship of the artery in parallel. However,
to this point, it seems that no study has been published, which describes experiments with
such a setup.

(iii) One can investigate structural changes inside of arterial tissues, which helps to ex-
plain the mechanical response. Technologies such as fluorescence microscopy with DAPI
staining or antibody labeling and modern, high-quality multi-photon microscopy in com-
bination with specific tissue clearing methods allow deep tissue imaging. Thus, a display
of all constituents such as collagen, elastin, and vascular smooth muscle cells is feasible.
Since the mechanical behavior of vascular tissue is highly dependent on fibrillar collagen
type I, [115] q.v., in particular, second-harmonic generation (SHG) imaging has become
an important tool for the investigation of structure-related alterations in the extracellular
matrix [54, 329, 394–397]. By analyzing the imaging data of SHG scans, constant values
for structural parameters were obtained and incorporated into a constitutive model in order
to capture the physiological and pathological mechanisms of healthy and diseased arterial
tissues more precisely [329, 396]. However, to this day, structural parameters for injured
tissue of stented arteries could not be provided. Nevertheless, we assume that most of
these structural parameters, as well as the mechanical properties of the arterial tissue, will
change due to PCI. Furthermore, it is very likely that the structural parameters of stented
tissues vary with increasing indentation pressure exerted by the stent, and depend on the
orientation of the stent struts, and also alter with increasing distance to the lesion.

For the proof of this hypothesis, new experimental and imaging methods are presented in
this pilot study, which aim to observe the influence of PCI on the mechanical properties
and morphology of porcine right coronary arteries (RCA). First, we explain the theoreti-
cal background to describe the in situ loading scenario of PCI and to impart the meaning
of the structural parameters introduced by Holzapfel et al. [329]. Subsequently, a new
experimental setup together with a specially designed testing protocol is presented to sim-
ulate the in situ loading scenario and to carry out stress-stretch measurements in real-time.
This study also introduces an imaging strategy, including adapted procedures for optical
tissue clearing as well as three-dimensional (3D)-surface and SHG scans. Finally, mechan-
ical and structural data are presented, correlated, as well as key and further findings are
interpreted.
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4.2 Materials and Methods

4.2.1 Biomechanical principles
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Figure 4.1 Schematic illustration of the in situ loading scenario and fiber directions of a stented coronary
artery: (a) cross-section of the arterial wall labeled by a cylindrical coordinate system with two axes in the
z- and r-direction and a third one in the θ-direction; (b) planar and square segment of a stented artery with
a damaged area surrounding the stent strut within the distance k ∈ [0, kmax], with a transformed rectangular
Cartesian coordinate system. Here, the strut orientation angle is φ = 90◦. The springs symbolize the
epicardial adipose tissue; (c) symmetric mean fiber directions m4,L and m6,L of the two fiber families of
the low-affected tissue in the stented configuration, each making an angle αL with the θ-direction and e1,
whereas mn,L denotes the unit out-of-plane vector; (d) symmetric mean fiber directions m4,H and m6,H of
the high-affected tissue in the stented configuration next to the stent strut, with the angle αH and the unit
out-of-plane vector mn,H; e1, e2, e3: unit basis vectors; kmax: distance between the low-affected tissue and
the strut; indentation; L: segment side length; w: strut width; h: strut height; tL: arterial wall thickness of
the low-affected tissue; tmin: minimal compressed wall thickness; pMAP: mean arterial pressure; σzz , σθθ:
Stresses in the z- and θ-direction; φ: strut orientation angle.

In the following, we consider a planar and square segment from a homogeneous wall of
a coronary artery, shown schematically in Figure 4.1(a) and (b). Coronary arteries con-
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sist of three layers, intima, media, and adventitia, which are separated by transition layers
around the membrana elastica interna and externa. In the following, the circumferential,
longitudinal, and radial directions are denoted as θ, z, and r, respectively. The physiolog-
ical, i.e., hemodynamical or in situ loading of coronary arteries is a result of the interplay
between the blood pressure, intraparietal active stresses, and the residual stresses inside
the arterial tissue. For the sake of simplicity, only a static loading scenario was assumed
in this study. Therefore, the dynamically changing blood pressure was replaced by a con-
stant mean arterial pressure (MAP) pMAP ≈ 100 mm Hg ≈ 13.3 kPa. The physiological
values for stresses inside the tissue in the θ- and z-direction can be approximated by using
Laplace’s equation. Hence, corresponding physiological Laplace mean stresses in the z-
and θ-direction in an untreated, i.e., not stented artery are according to

σMAP
zz =

pMAPL

4πT
and σMAP

θθ =
pMAPL

2πT
, (4.1)

where L is the side length of the tissue segment and T is the thickness of the arterial wall
in the reference configuration, i.e., under physiological load. As Humphrey et al. [48]
concluded in their review article, the projected pressure pMAP alone may not sufficient
to maintain a physiological stretch as the loading in the z-direction may remain constant
for different pressures. Before further studies are carried out, we recommend that this
problem should be investigated experimentally on porcine and/or human coronary arteries
and the derivation of the stresses reconsidered according to prior and recent approaches
[48, 75, 104, 377].

If a stent strut of width w and height h indents with an indentation pressure pind, a lesion
develops. The compression along the elevation profile of the cross-section of the lesion can
be expressed as the nonlinear function

λr(k) =
t(k)

T
, (4.2)

where t is the compressed wall thickness in the stented-configuration at the distance k
to the center of the strut indentation. The compression finds its smallest magnitude λmin

r

directly under the stent at k = 0 and t = tmin, then the compression increases nonlinearly
with an increasing k and reaches its maximum λmax

r at kmax and t = tL, whereby the
subscript L stands for ‘low-affected tissue’. Subsequently, we denote tissue beyond kmax

as ‘low-affected’, since the arterial wall gets only stretched in the θ- and z-direction by
the expanding stent, and the radial compression λr is not directly influenced by any stent
strut. Therefore, the compression never becomes zero in the low-affected area, but can be
assumed as constant. Whereas within kmax, the tissue is denoted as ‘high-affected’, as the
nearby stent strut causes an additional decrease of λr.



4.2 Materials and Methods 88

M6

α

α

M4

Family I

Family II
e1

e2

Mn=e3

θ

z

r

Figure 4.2 Physiological, i.e., in vivo fiber direction of an untreated artery in the reference configuration.
The unit vectors M4 and M6 of the two fiber families are located in the (e1,e2)-plane, α is the mean angle
between M4, M6 and e1, whereas Mn is the unit out-of-plane vector given by e1× e2. Adapted and modified
from [329].

Structural alterations
In this stage of our investigations we focus on the contribution of the load-bearing fibrillar
collagen structures of the medial and adventitial layer only as the intima of young pigs
is assumed to not contribute to the mechanical properties [54]. Following the modeling
approach of Holzapfel et al. [329], a rectangular Cartesian coordinate system is introduced,
in which e1, e2, and e3 are the three (unit) basis vectors pointing in the θ-, z-, and r-
direction, respectively (see Figure 4.2). The content of collagen fibril bundles enveloping
SMC is rather low in the media of coronary arteries [80] and mainly oriented in the θ-
direction [72, 75]. According to [61], the adventitia can be divided into an inner adventitia
(IA) and an exterior adventitia (EA). In the IA, the density of collagen bundles gets higher,
and the fibers tend to align with the z-direction. The collagen content peaks in the EA
with a rather high degree of fiber dispersion. The mean fiber directions M4 and M6 for
both symmetric fiber families of an untreated artery are located in the (e1,e2)-plane. In this
reference configuration, both mean fiber directions can be described through

M4 = cosαe1 + sinαe2 and M6 = cosαe1 − sinαe2, (4.3)

where α ∈ [−90◦, 90◦] is the mean fiber angle between the mean fiber directions M4 and
M6 and the unit vector e1 (see Figure 4.1(c)). For the mathematical quantification of the
fiber dispersion, Holzapfel et al. [329] introduced further the generalized structure tensors
H4 and H6 as

Hi = AI +BMi ⊗Mi + (1− 3A−B)Mn ⊗Mn, i = 4, 6, (4.4)

where Mn is a unit out-of-plane vector given by e1× e2, I is the identity tensor, and A and
B are parameters according to

A = 2κopκip and B = 2κop (1− 2κip) , (4.5)
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which are composed by the two scalar quantities κip and κop as

κip =
1

2
− I1(a)

2I0(a)
,

κop =
1

2
− 1

8b
+

1

4

√
2

πb

exp (−2b)

erf
(√

2b
) , (4.6)

where erf(•) is the error function of (•), a and b are concentration parameters, and I0 and
I1 are the modified Bessel functions of the first kind of order 0 and 1, respectively. If
κip increase and κop decrease, the degree of the in- and out-of-plane dispersion becomes
greater. In [329], the structural parameters are denoted by α, κop, and κip, which can be
determined by SHG analysis, see, e.g., reference [396].

After PCI, the orientation of the respective stent strut is defined by the vector S through

S = cosφe1 + sinφe2, (4.7)

where the stent orientation angle φ ∈ [−90◦, 90◦] is the angle between e1 and S in the
(θ,z)-plane, see Figure 4.1(b). In the stented configuration, two cases must be considered:

(i) The low-affected tissue is located beyond a distance to the stent strut greater than kmax,
as presented in Figure 4.1(c). Therefore, M4, M6, Mn, α become m4,L, m6,L, mn,L, αL.

(ii) The high-affected tissue is located next to the stent within k < kmax, as depicted in
Figure 4.1(d). Thus, the reference configuration transforms into m4,H, m6,H, mn,H, αH.

We assume and aim to show with this study that the structural parameters α, κip, κop

of the low-affected tissue depend mainly on the indentation pressure pind. In the high-
affected tissue, the structural parameters are expected to depend additionally on the stent
strut orientation angle φ. Finally, they are assumed to be dependent on the position, which
means that they alter with the compression λr(k). Either way, alterations of the structural
parameters would influence the structure tensors H4 and H6 and, therefore, the material
response of the stented tissue of coronary arteries.

4.2.2 In vitro simulation of stent implantation

Experimental setup LAESIO
For the simulation of the loading scenario of a stented coronary artery, we developed the
LAESIO (Latin for lesion) testing device. As schematically depicted in Figure 4.3(a), it
consists of two main units: the biaxial extension unit (BIAX), which aims to simulate
physiological stretching of the planar specimen in the z- and θ-direction, and the triple-
axis unit (TAU) which simulates the indentation pressure pind between the stent strut and
the arterial wall.

The BIAX setup is an arrangement of four linear stages LTM 60F-50-HSM (Owis, Staufen
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Figure 4.3 Testing rig (LAESIO): (a) schematic illustration of the main components; (b) specimen of a
porcine coronary artery during stent strut indentation; (c) exterior view of the encapsulated testing rig with
the testing chamber, fume hood, touch and control panel, programmable logic controller (PLC), video ex-
tensometer (VE), and infusomat; (d) interior view of the LAESIO testing chamber with the components of
the illuminated triple-axis unit (TAU), and the biaxial extension unit (BIAX), the bath, and the heating coil
underneath; PBS: phosphate-buffered saline; FA: formaldehyde.
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im Breisgau, Germany), two in the θ- and two in the z-direction, which can be controlled
independently. The linear stages hold load cells KD40s (ME-Messsysteme, Henningsdorf,
Germany) with a max. capacity of ±5 N and an accuracy of 0.1%. These load cells are
connected via extensions to clamps to which the specimens are attached using surgical
sutures and hooks. The specimen and the clamps are submerged in a tissue bath. The
fluid inside can be heated to 37◦C with a coil, which is operated by the heating immersion
circulator series ED (Julabo, Seelbach, Germany). To counteract evaporation during long-
term tests, the infusion pump infusomat fmS (BBraun Melsungen, Melsungen, Germany)
is connected to the bath. It keeps the fluid level above the specimen by injecting ideally
19 ml/h. For chemical fixing specimens under load, the phosphate-buffered saline (PBS)
can be exchanged with formaldehyde (FA) solutions. A system consisting of an infusion
set, two three-way stopcocks, and two bottles enables a fast exchange between PBS and
FA. A syringe allows the user to drain the bath before exchanging the fluid or after test-
ing. To monitor the tissues’ true stress-stretch behavior, the four load cells measure the
reaction forces of the arterial tissue, while a video extensometer (VE) underneath the bath
tracks markers on the stained and illuminated adventitia. For 2D stretch measurements, the
software Laser Speckle Extensometer 2.23.3.0 (Messphysik Materials Testing, Fürstenfeld,
Austria) with a resolution of ± 0.15 µm and a sample rate of 20 Hz was used.

The TAU can be freely placed above the BIAX and the specimen. It is equipped with a
straight stamp with its cross-section being identical to a square stent strut with a standard
strut width of w = 0.08 mm of modern stents [398]. Artificial lesions are generated by
indenting the strut into the arterial wall (see Figure 4.3(b)). When the strut touches the
specimen, the three-component force sensor (3CFS) K3D40 (ME Messsysteme) with a
max. capacity of ±2 N and an accuracy of 0.05% and is connected to the strut, and it
measures the reaction forces in all three directions. The position of the strut can be altered
by three magnet coil motors of the product series PS01-23 (NTI AG LinMot & MagSpring,
Spreitenbach, Switzerland). The stent strut in each direction is monitored by an absolute
linear encoder MS01-1/D-SSI (LinMot) with an accuracy of ±0.001 mm.

The ideal choice of the strut shape is controversial. At this point, it must be noted that
we decided to not consider the effect of curved strut segments or struts with round cross-
sections in this early stage of our investigations. We used a straight strut segment with a
total length l of 3 mm, which is shorter than the side length L of the specimen. This strut
shape has the disadvantage that the strut ends induce stress singularities into the tissue of
the floating specimen. However, preliminary tests on porcine aortas [357], and the obtained
results, show that the compression underneath the strut is almost homogeneous along l.
Therefore, we consider the following simplification for the calculation of the maximum
strut indentation force Find, i.e.,

Find = pindwl. (4.8)

The advantage of a shorter strut is that it is possible to investigate the tissue’s response
next to the strut, and, therefore, if the tissue structure contains transition zones for fiber
orientation and dispersion. Thus, the proposed strut design was beneficial for the first
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findings and insights during this early stage of our investigations but should be carefully
reconsidered in future studies.

All actuators of the LAESIO testing device are controlled, and all sensors are monitored by
the programmable logic controller (PLC) CX5130 (Beckhoff Automation, Verl, Germany).
With the touch panel CP3911-0000 (Beckhoff Automation) and a control panel, the user
was given the ability to change the testing protocol and parameters in real-time. For coding
the machine software, SELMOmodeler (SELMO, Dobl, Austria) was used. The BIAX and
TAU are encapsulated inside a sealed cabin with a fume hood to protect the user from
direct contact with carcinogenic FA vapor (see Figure 4.3(c)). A more detailed view of the
interior of LAESIO is presented in Figure 4.3(d).

Specimen preparation and storage
Two whole hearts of five-month-old domestic pigs were obtained from a local slaughter-
house. The RCA was used for our investigations because we found that more samples can
be taken than from the main branches of the left coronary artery. WWithin a post-mortem
interval of one hour, the RCA was carefully excised from the coronary ostium to the bifur-
cation of the right marginal artery and cut into tubes. To preserve all tubes in the long-term,
snap-freezing was performed. Therefore, every tube was put into a beaker filled with 2-
methyl-butane, which was cooled in liquid nitrogen for 60 s, and subsequently stored inside
a freezer at −80◦C. Slow and gradual cryopreservation may be more appropriate in future
studies because snap-freezing could affect the mechanical properties of the arteries [399–
401]. Before testing, each tube was slowly thawed, freed from 2-methyl-butane residue in
37◦C warm PBS, and cut open along the z-axis. The z-side length had to be adapted to
the circumference which resulted in a mean side length of z = 8.54± 0.85 mm and a mean
thickness of T = 0.93± 0.11 mm of the specimens (see Table 4.1). Finally, hooks with
eyelets were pierced through the arterial wall on each side of the specimen and connected
with surgical sutures, as presented in Sommer et al. [402]. In addition, markers were ap-
plied to the adventitia with tissue ink black 3408-3 (BioGnost, Zagreb, Croatia). Despite
the recommendations of Eilaghi et al. [403] to attach five hooks per specimen edge, only
four hooks could be placed due to limited space.

Preconditioning
Before testing, every side of the specimens was attached to the respective linear stage of the
LAESIO testing device via the mentioned clamps and surgical sutures. The specimen was
equally preloaded in the z- and θ-direction with fmin = 0.01 N to lift the specimen to the
level of the center lines of the four load cells. Before testing, the particular specimen was
submerged in 37◦C PBS (pH 7.4) and subsequently preconditioned. For preconditioning,
every specimen was biaxially loaded with five cycles within the assumed physiological
range, i.e., within the average hemodynamic loading at MAP. The absolute values of the
tensile forces at MAP for the z- and θ-direction can be calculated according to

fMAP
z = σMAP

zz Az and fMAP
θ = σMAP

θθ Aθ, (4.9)
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Table 4.1 Tested specimens harvested from right coronary arteries of two porcine hearts as well as specimen
information and strut indentation parameters.

Test
scenario

Sample
no.

Heart
no.

Sample
information

Indentation
parameters

L0 T0 φ Find /pind
(mm) (mm) (◦) (N/MPa)

A S I 1 9.0 0.81 - -
S II 2 8.0 0.93 - -

B S III 1 9.0 0.88 - -
S IV 2 8.5 0.98 - -

C

S V 1 8.0 0.85 90 1.0/4.1
S VI 2 9.0 1.03 90 1.0/4.1
S VII 1 8.0 0.93 90 2.0/8.3
S VIII 2 8.0 1.05 90 2.0/8.3
S IX 1 9.5 1.09 0 1.0/4.1
S X 2 8.0 0.72 0 1.0/4.1
S XI 1 8.0 0.84 0 2.0/8.3
S XII 2 7.5 0.93 0 2.0/8.3

Control S XIII 1 8.0 0.72 - -
Median - - 8.0 0.93 - -
[Q1;Q3] - - [8;9] [0.84;0.98] - -
Mean - - 8.4 0.90 - -
SD - - 0.6 0.12 - -

L0: side length of the unloaded specimen; T0: thickness of the unloaded specimen; φ: strut orientation angle
with respect to θ; pind: indentation pressure.

where Az = Aθ is the out-of-plane cross-section of the specimen defined by the (r,θ)- and
the (r,z)-plane, respectively. Substitution of Eq. (4.1) into Eq. (4.9) gives

fMAP
z =

pMAPL
2
0

4π
and fMAP

θ =
pMAPL

2
0

2π
, (4.10)

where L was here replaced with L0, which is the side length of the unloaded specimen.
To measure L of the respective physiologically loaded specimen was technically not fea-
sible. A fully automated force-controlled protocol ensured a linear loading and unloading
behavior with a testing speed of vBIAX = 1 mm/min and with tensile forces within the phys-
iological range fz ∈ [fmin, f

MAP
z ] and fθ ∈ [fmin, f

MAP
θ ]. The force versus time curves have

the shape of a triangular function with a constant ratio of fMAP
z : fMAP

θ between both axis.
The results of this study show that three preconditioning cycles are adequate for porcine
RCA specimens (see Section 4.3.1).

Preliminary tests
In order to investigate the mechanical response of coronary arteries to constant physiolog-
ical (in situ) and supraphysiological (iatrogenic) loadings caused by PCI over a specific
time, two preliminary tests were designed and excecuted as follows.

(A) Equilibrium Tests: The in vitro mechanical response of the RCA tissue to physiolog-
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ical loadings can alter over time due to biochemical, thermodynamical, and mechanical
processes inside the arterial tissue, e.g., vasoactivity [377] q.v., thawing, and preloading.
Thus, this preliminary test was performed test on specimens S I and S II using a stretch-
controlled protocol in order to determine the waiting time before the mechanical response
becomes reproducible and an the specimen is ready for further testing. Five measurement
series had to be carried out with a testing speed of vBIAX = 1 mm/min, where every series
stands for a sequence of five loading and unloading cycles. During every loading cycle,
the testing device has stretched the specimens with a linearly increasing and subsequently
decreasing stretch within the mentioned physiological range. The maximum stretch was
reached when the load cells recognized forces greater than or equal to fMAP

θ and fMAP
z . In

parallel, the force-stretch response of the tissue was recorded. The first series started at
t = 0 min and the last one at t = 180 min, with resting intervals of 30 min in between.
Finally, the ideal equilibrium time tequ was derived, which defines the interval between the
experiment start and the moment where the stress-stretch response of the specimen became
reproducible.

(B) Relaxation Tests: Quasi-static relaxation tests were carried out with a force-controlled
protocol to determine the time range between the moment a stent is fully expanded and
recoiled inside the artery and the moment the viscoelastic tissue has adapted to the new
loading scenario. Two specimens, S III and S IV, from two different RCA were stretched
by the BIAX with a testing speed of vBIAX = 1 mm/min until the tensile forces at MAP
fMAP
z and fMAP

θ were reached. Afterwards, the linear stages stopped and kept their posi-
tion. Finally, the strut of the TAU was subsequently indented with an indentation speed
of vind = 1 mm/min until an indentation force of Find = 2 N was reached, which equals
the maximum loading capacity of the 3CFS. The indentation force was kept constant, and
the relaxation time trelax measured after no change in the resulting tensile forces fz and fθ
could be registered anymore.

Indentation tests
The proposed quasi-static indentation tests enable the documentation of alterations in the
mechanical response of the RCA after they underwent supraphysiological loadings during
stent implantation. Thus, after the mentioned equilibrium time tequ (see Figure 4.4(a))
followed by the preconditioning process (see Figure 4.4(b)), the measurement series I with
five additional loading and unloading cycles was performed (see Figure 4.4(c)). Every
specimen was subsequently loaded and fMAP

z and fMAP
θ kept constant. Finally, the strut was

indented with a constant Find and with vind = 1 mm/min (see Figure 4.4(d)). After the creep
time, trelax expired, the strut was removed, and measurement series II carried out equally
to series I. Finally, the stress-stretch responses of both measurement series were compared
to determine the damage mechanism due to the strut indentation. As listed in Table 4.1,
we varied two test parameters. The first parameter is the indentation force Find = {1, 2}N
resulting in an indentation pressure of pind = {4.14, 8.30}MPa. The second parameter is
the stent strut orientation angle φ = {0, 90}◦, in which the strut points in the θ-direction are
at φ = 0◦ and in the z-direction at φ = 90◦. Although that stent struts are mostly oriented
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transversely to the z- and θ-direction (compare with Figure 4.1(a)), we decided to perform
the indentation tests with the strut oriented parallel to the two main directions. Thus,
in this first approach, we could investigate the influence of the strut indentation on the
normal stress components without artificially induced transversal shear. The indentation
tests were repeated on the specimens from the pig heart 2. In addition, two measurement
series without strut indentation in between were performed on the control specimen S XIII.

(a) Equilibrium
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Figure 4.4 Testing protocol of the proposed indentation tests in comparison with the force-time behavior:
(a) equilibrium of the mechanical response can be reached by biaxially loading the specimen continuously
with a minimum force fmin and waiting for tequ minutes; (b) the specimen must be preconditioned with
n = 5 loading cycles with the physiological forces fθ,fz; (c) the first measurement cycle on the vital tissue
is performed with n = 5 loading cycles; (d) the strut is indented with a constant indentation pressure pind
(defined by the strut surface Astrut = wl and the indentation force Find) for trelax minutes; (e) the second
measurement cycle on the high-affected tissue is performed. VE = video extensometer.

4.2.3 Structural analysis

Optical clearing
By finishing the measurement series II of Section 4.2.2, the strut was indented again, ac-
cording to Figure 4.4(d). The PBS inside the bath was replaced with a solution of 4% FA
to chemically fixed under load. the tissue under force-controlled loading during a fixation
time of tfix = 6 h. Then, up to four specimens were stored at once inside the biopsy cas-
settes M508-Micromesh (Simport Scientific, Saint-Mathieu-de-Beloeil, Canada) with four
compartments and kept in 4% FA at room temperature. In every compartment, the speci-
men was embedded between two biopsy foam pads M476 (Simport Scientific) to prevent
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buckling.

An optical tissue clearing procedure described by Schriefl et al. [395] was utilized to
increase the penetration depth during subsequent multi-photon microscopy without de-
stroying the tissue. First, the biopsy cassettes with the specimens were exposed to ethanol
solutions with concentrations of 50, 70, 95 and twice to 100% in steps lasting 45 min. After-
wards, the biopsy cassettes were submerged in 1:1 ethanol:benzyl alcohol, benzyl benzoate
(BABB) solution for 4 h followed by an exposure to pure BABB of at least 12 h. Finally,
each specimen was placed on a standard microscope slide between a washer, which formed
a basin filled with BABB. The size of the washer was chosen in a way that its height was
greater than the whole specimen. The washer with the specimen inside was sealed with a
coverslip and nail polish to protect the microscope lens.

Nonlinear optical imaging
To show if it is feasible to quantify structural alterations in stented coronary arteries, 3D-
surface and SHG scans were carried out on the specimens S V, VII, IX, XI, and XII of pig
heart 1, which were all chemically fixed in a loaded configuration. All scans were per-
formed on a multi-photon SP8MP upright microscope (Leica Microsystems, Mannheim,
Germany) at the Core Facility Bioimaging of the Biomedical Center, Ludwig-Maximilians-
Universität München. An HC IRAPO L 25x/1.00W motCORR water immersion lens with
a working distance of 2.6 mm was used. To observe potential alterations of the structural
parameters κop, κip, and α of the artificially damaged and the control specimens on the
micro-level and to define the geometrical extent of the lesion by defining kmax and λr(k),
two imaging processes were carried out:

(A) 3D-surface Scanning: The detection of elevation profiles of all lesions was achieved by
performing 3D-surface scans on the specimens with the intima facing up in the r-direction
(see Figure 4.5). Confocal images were recorded in the reflection mode with an internal
conventional photomultiplier tube by using solid-state laser excitation at 0.488 µm. The
image pixel size was set to 0.5 µm.

(B) Second-harmonic Generation Imaging: SHG analyses of the fibrillar collagen struc-
ture were carried out with pulsed InSight DS+ laser (Spectra Physics, Mountain View,
USA) and an excitation wavelength of 0.88 µm. An AT 420/40 emission filter with a BS
488LPXR beam splitter was equipped to observe the collagen structure of the media and
the adventitia layer. The intima was expected to be detached and removed during specimen
preparation. Images were recorded with an external, non-descanned hybrid photodetector
(HyD) in an 8-bit mode with an image pixel size of 0.1 µm, and frame accumulation of
n = 3. For SHG scanning, specimens were physically quartered with the sections going
through the center of the lesion, pointing in the θ- and z-direction, as indicated by the blue
and green planes in Figure 4.5.

In the following, the (θ,z)-plane is denoted by ‘in-plane’ and the (r,θ)- and (r,z)-plane are
called ‘out-of-plane’. A single-row mosaic of the in-plane image stacks had to be scanned
with the first stack centered at point PL(0, kmax, tL) located in the low-affected tissue. It
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Figure 4.5 Sketch showing a quarter section of a specimen with a lesion pointing in the z-direction. Out-
of-plane scans were taken in the (r,θ)- and (r,z)-planes and in-plane (θ,z) image stacks around the points
PL and PH. The normal vectors of the image stacks were parallel to the vectors ZL and ZH, whereas ZH is
perpendicular to the tangent laying on the intima in PH making the angle ε with r. kmax: distance between
the low-affected tissue and the strut indentation; tL: wall thickness at PL; tH: wall thickness at PH.

was not possible to obtain any information about the fiber dispersion from the tissue di-
rectly in the strut indentation due to severe compression and signal artefacts. Therefore,
the location of the center of the last stack PH(0, kmax/3, tH) of the mosaic was chosen in a
way that the images do not include the strut indentation itself. The distance between every
image of the stacks was 5 µm. Furthermore, out-of-plane scans had to be provided within
the same range as the mosaic scan, with the normal vectors of the images being parallel to
the long side of the lesion.

4.2.4 Data analysis

Mechanical data
In all testing scenarios, Cauchy stresses in the z- and θ-direction were computed from
mechanical data as follows:

σzz =
fz,1 + fz,2

2L0T0

λz and σθθ =
fθ,1 + fθ,2

2L0T0

λθ, (4.11)

where fz,1, fz,2, fθ,1, fθ,2 represent the measured reaction forces at every load cell and
λz = xz/Xz and λθ = xθ/Xθ the stretches in the z- and θ-direction, calculated with the
marker distances from the reference (Xz, Xθ) and the deformed configuration (xz, xθ). We
assume negligible shear deformations due to the orthotropic natural structure of healthy
coronary arteries [59].
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Structural data
The 3D-surface scans were visualized with LAS X Life Science (Leica Microsystems). By
virtually slicing the 3D-surface scans normal to the long side of the lesions, out-of-plane
cross-sections of the lesion and the surrounding tissue were generated. With the help of
these cross-sections, the values for t in the points PH and PL were measured. All SHG
scans had to be preprocessed in Fiji (http://fiji.sc/Fiji, Ashburn, VA, USA). The normal
vectors of the stacks in both points are denoted by ZL and ZH. While ZL is normal to the
(θ,z)-plane, the high-affected tissue tends to bend due to the strut indentation. Therefore,
all SHG images of the in-plane stack and the out-of-plane scans had to be rearranged to
ZH and tilted with the angle ε around an axis going through PH and being parallel to the
z-direction (see Figure 4.5). This was achieved by using the reslice and transform
commands in Fiji.

The structural parameters κop, κip, α for native, low-affected, and high-affected tissues
were obtained by following the workflow described by Schriefl et al. [395]. Briefly, the
fiber directions for the media and adventitia were extracted from every in-plane SHG-image
of the stacks and the out-of-plane images via a Fourier-based image analysis method with
wedge filtering [394]. From the angular data set, the mean fiber angle was obtained with
respect to θ. According to Eq. (4.6), the in-plane dispersion quantity κip of the media
and adventitia was calculated. Due to the small thickness of the specimens, only one
value of κop for both layers could be derived. All structural parameters were obtained and
subsequently compared using MATLAB R2019a (The MathWorks, Natick, USA). Finally,
the compression in the low- and high-affected tissue was calculated according to Eq. (4.2),
i.e.,

λr,L =
tL
T0

and λr,H =
tH
T0

, (4.12)

where tL and tH is the wall thickness in the low- and high-affected area, respectively.
The wall thickness of the unloaded specimen T0 had to be used since it was technical not
feasible to measure the respective thickness T of the physiologically loaded specimen.

4.3 Results

4.3.1 Mechanical response

The curves in Figure 4.6(a) show a representative preconditioning behavior of the RCA
tissue loaded biaxially within the physiological range. In the z- and θ-direction, the non-
linear stress-stretch relationship reveals no visible softening between the first and the third
loading and unloading cycles. Thus, porcine RCA display almost exclusively elastic behav-
ior within the physiological range. For specimen S I, mean stresses of σMAP

zz = 18.6 kPa,
σMAP
θθ = 38.1 kPa, and stretches of λMAP

z = 1.14, λMAP
θ = 1.22, and for S II σMAP

zz =
18.5 kPa, σMAP

θθ = 39.4 kPa, and λMAP
z = 1.14, λMAP

θ = 1.25 were obtained. Both graphs
in Figure 4.6 show that the hystereses are not pronounced, which is a sign of marginal
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Figure 4.6 Mechanical results taken from all three test scenarios: (a) representative preconditioning behav-
ior of the RCA tissue of specimen S I depicted as the Cauchy stress-stretch relationship during the first three
physiological loading cycles; (b) representative material behavior of specimen S II reaching an equilibrium
state after 30 min; (c) representative relaxation behavior, i.e., force vs. time relationship of specimen S III
loaded with an indentation force of Find = 2 N.; (d) comparison of the Cauchy stress-stretch behavior of
specimens S V (Find = 1 N) and S VII (Find = 2 N) before and after strut indentation and with the long side
of the strut pointing in the z-direction; (e) comparison of the Cauchy stress-stretch behavior of specimens
S IX (Find = 2 N) and S XI (Find = 2 N) before and after strut indentation and with the strut pointing in the
θ-direction. Every curve in (b), (d) and (e) represents the mean of five loading, and unloading cycles.
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viscoelasticity under physiological loading and the given testing rate.

Representative results of the equilibrium tests of S II are shown in Figure 4.6(b). Espe-
cially in the θ-direction, a significant drop of the Cauchy stress can be recognized after
30 min. Therefore, to secure an equilibrium of the mechanical response of the tissue, the
equilibrium time was set to tequ = 45 min for all subsequent indentation tests.

In addition, the curves in Figure 4.6(c) present a representative relaxation behavior of
the RCA during relaxation tests. When reaching the indentation force of Find = 2 N,
the biaxial response of the specimen peaked at fmax

z = 0.71 N, fmax
θ = 1.40 N for S III and

fmax
z = 0.95 N, fmax

θ = 1.41 N for S IV, which results in supraphysiological Cauchy stresses
of σmax

zz = 101.0 kPa, σmax
θθ = 203.7 kPa and σmax

zz = 117.3 kPa, σmax
θθ = 171.8 kPa, respec-

tively. While keeping the indentation force constant, the forces in the θ- and z-direction
dropped immediately, followed by a gradual decrease of approximately 14 and 4%, respec-
tively. After about 30 min, almost no further decrease of the reaction forces was found.
Based on these findings and by adding an extra buffer time, the timer for the strut indenta-
tion in the indentation tests was set to trelax = 45 min.

The representative Cauchy stress-stretch relationship of measurement series I of specimens
S V, and S VII depicted in Figure 4.6(d) exposes a very heterogeneous material response
of vital porcine RCA tissue in both directions. Nevertheless, by comparing the data from
measurement series I and II, i.e., data from healthy and injured tissue, softening can be
detected after the strut indentation. If the strut points toward z, a longitudinal softening of
∆λz = 0.007 (gain: 5.0%) after indenting with Find = 1 N and ∆λz = 0.014 (gain: 11.5%)
when indenting withFind = 2 N, and a circumferential softening of ∆λθ = 0.056 (gain: 35.6%)
after indenting with Find = 1 N and ∆λθ = 0.129 (gain: 51.8%) when indenting with
Find = 2 N was measured.

If the strut points toward θ, a longitudinal softening of ∆λz = 0.017 (gain: 12.5%) after
indenting with Find = 1 N and ∆λz = 0.027 (gain: 18.9%) when indenting with Find =
2 N, and a circumferential softening of ∆λθ = 0.057 (gain: 25.8%) after indenting with
Find = 1 N and ∆λθ = 0.720 (gain: 28.2%) when indenting withFind = 2 N was measured.
This reveals a trend, which implies that in particular the circumferential softening increases
remarkably with higher indentation pressures if the strut points toward z. If the strut is
turned toward θ, the softening in the longitudinal direction seems to increase with the in-
dentation pressure, while the increase of the circumferential softening is not as severe. An
equal trend could be derived from the data of the specimens of pig heart 2. The test with
the control specimen S XIII without strut indentation showed no difference in the material
response. The Cauchy stresses and stretches ranged in intervals of σmax

zz ∈ [16.5, 19.7] kPa,
σmax
θθ ∈ [40.6, 41.3] kPa, λmax

z ∈ [1.12, 1.18], λmax
θ ∈ [1.21, 1.30] when indenting withFind =

1 N, and in σmax
zz ∈ [17.8, 21.0] kPa, σmax

θθ ∈ [42.8, 45.1] kPa, λmax
z ∈ [1.14, 1.18], λmax

θ ∈
[1.28, 1.38] when indenting with Find = 2 N.
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4.3.2 Structural response

Elevation profiles of lesions generated with varying strut orientations and indentation pres-
sures are presented in Figure 4.7. In all four samples, the tissue bulges at the end of the
indentation, while the compression in the area of interest, i.e., the center of the lesion and
along the strut, is rather homogeneous. Every specimen got compressed more with increas-
ing indentation pressure. However, differences in the extent and shape of the lesion can be
detected between specimens with a strut orientation angle of φ = 0◦ and 90◦. Thus, the val-
ues for kmax = {1.25, 1.00}mm generated with Find = {1, 2}N and φ = 90◦ were rather
high, while the compression under the strut was, with λmin

r = {0.11, 0.09}, mostly moder-
ate (see Figure 4.7(a) and (b)). The sidewalls of the lesions protruded slightly with a small
angle. The opposite can be observed when the strut is oriented in the θ-direction with φ =
0◦ (see Figure 4.7(c) and (d)). The extent of the lesion is, with kmax = {0.65, 0.60}mm,
smaller, the compression under the strut, with λmin

r = {0.09, 0.07}, more severe, and the
lesion exhibited steeper sidewalls next to the indentation. However, kmax seems to decrease
with increasing force in both cases (see Figure 4.7(a) with (b), and (c) with (d)).
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Figure 4.7 Half isometric 3D-surface scans of injured porcine RCA specimens: (a),(b) show scans of spec-
imens S V and S VII generated with an indentation force of Find = {1, 2}N, respectively, and the lesion
points in the z-direction; (c),(d) show scans of specimens S IX and S XI generated with Find = {1, 2}N, and
the lesion points in the θ-direction. All dimensions are in millimeter; λmin

r : compression in the center of the
lesion; kmax: distance between the low-affected tissue and the strut indentation.

Detailed out-of-plane sections of the control specimen S XIII taken in the normal directions
to the (r,z)- and (r,θ)-plane, are presented in Figures 4.8(a) and (b). Two layers are clearly
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distinguishable, the media and the adventitia, whereas the intima was not visible, and,
therefore, considered as part of the media. In both sections, the adventitia is clearly divided
into its sub-layers, the IA and EA, which take up two-thirds of the wall thickness. The
quality of the signal is best with both out-of-plane sections in the EA, where thick and
randomly dispersed bundles of wavy collagen fibers are present. However, in Figures 4.8(a)
and (b), the signal quality differs for the media and the IA. Thus, the fine collagen structure
can be better obtained in the media if an out-of-plane section is generated parallel to the
fibers in the (r,θ)-plane (see Figure 4.8(b)), while most of the thicker fiber bundles of the IA
can be better distinguished in out-of-plane sections in the (r,z)-plane (see Figure 4.8(a)).

Cross-sections of the left sides of the lesions of specimens S IX and S XI generated with
Find = 2 N are depicted in Figures 4.8(c) and (d). Again, the signal quality for the lay-
ers differs in both images. However, the angles of the sidewalls of the lesions are rather
small if the strut is turned to the z-direction (see Figures 4.8(c)), but the lesion is twice
as wide in comparison to specimen S XI where the strut was oriented in the θ-direction
(see Figure 4.8(d)). When comparing both sections, the media and the whole adventitia in
Figure 4.8(c) are getting gradually thinner over the entire lesion, while in Figure 4.8(d) the
two layers get only significantly compressed next to the lesion. Although the media, IA,
and EA retain the reference ratio of their thicknesses even in the deepest point of the lesion
if the strut points toward z, the media and IA get almost completely thinned out if the strut
is oriented in the θ-direction. In both cases, the fibers in the adventitia lose their waviness
and align toward the lesion, as can be seen more clearly in Figure 4.8(c). In addition, the
fiber density increases next to the lesion, especially in the indentation, and gaps are hardly
noticeable. It is remarkable that no visible fiber ruptures were detected, not even at the strut
ends. Fibers next to the indentation are pushed aside, reoriented, and formed a ‘boat-like’
structure (see Figure 4.8(e)). In the deepest point of the indentation, a consistently strong
but blurred signal is dominating. Individual fibers and their orientation can no longer be
determined.

Detailed in-plane sections of all layers and the respective intensity plot of the control
specimen S XIII under physiological loading in the reference configuration are depicted
in Figure 4.9(a). The intensity plot illustrates the collagen fiber orientation and disper-
sion throughout the entire wall of a porcine RCA. A fiber angle of 0 ◦ implies perfect
orientation in the θ-direction, while ± 90◦ corresponds to perfect z-orientation. Dark red
spots intensify angles with preferred fiber orientations, whereas dark blue spots relate to
zero fiber density. The media layer starts with a short transition layer (TL), namely the
membrana elastica interna, with random orientation, followed immediately by a central
part with fibers which tend to point toward θ with little dispersion. The media and IA are
separated by another TL, the membrana elastica externa. In the IA, the fibers gradually
undergo an orientation change and align with the thick and wavy fiber bundles of the EA,
which are more oriented in the z-direction. The images in Figure 4.9(b) show in-plane sec-
tions and intensity plots derived from low-affected tissues at PL and high-affected tissues
at PH from specimens S VII and S XI. It is striking that both tissues at PL and PH have
been compressed more severely when the strut points to z, which coincides with the re-
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Figure 4.8 Collection of SHG-images of porcine RCA tissue in the deformed configuration: (a), (b) are
detailed out-of-plane sections of native tissue of specimen S XIII under physiological loading taken from the
(r,z)- and (r,θ)-plane, respectively. Only the media (M), the inner adventitia (IA), and the exterior adventitia
(EA) are distinguishable; (c), (d) are out-of-plane images showing cross-sections of the lesions of specimens
S VII and S XI in the (r,z)- and (r,θ)-plane generated with an indentation force of Find = 2 N, with the strut
pointing in the z- and θ-direction, respectively; (e) in-plane section of S IX in the (θ,z)-plane reveals the
tendency of collagen fibers to take on a ‘boat-shape’ surrounding close to the indentation of the strut. The
image plane was slightly tilted around θ so that the media can be seen on the left side and the IA on the right
side. All dimensions are in mm.
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Figure 4.9 Collection of in-plane SHG-images and intensity plots of the media (M), inner adventitia (IA),
and exterior adventitia (EA) of porcine RCA tissue: (a) native, porcine RCA tissue of specimen S XIII in the
reference configuration; (b) low-affected (at PL in k = kmax) and high-affected (at PH in k = kmax/3) tissue
of specimens S VII and S XI in the deformed configuration treated with an indentation force of Find = 2 N,
and the strut points in the z- and θ-direction, respectively. All dimensions are in µm. In the intensity plots,
the abscissas refer to the fiber angle, where 0◦ and ±90◦ denote for the z- and θ-direction, respectively. The
preferred fiber directions are intensified with red areas and blue areas correspond to a low fiber density. φ =
strut orientation angle; k ∈ [0, kmax] = distance to lesion; PL = point in the zone of low-affected tissue at
distance kmax (see Figure 4.5); PH = point in the zone of high-affected tissue next to the lesion.

sults in Figures 4.7(a) and 4.8(c). A closer observation of the mean values of the structural
parameters α, κip, κop in Table 4.2 gives rise to the first supposition about structural alter-
ations and prevailing mechanisms due to strut indentation. Thus, in the specimens S V, and
S VII, in which the strut indented with its long side pointing toward z, the mean fiber angle
α becomes smaller if the indentation pressure increases. In comparison, α increases with
a higher indentation pressure, if the strut is oriented in the θ-direction. This mechanism
operates exactly the other way around in the adventitia. The in-plane dispersion quantity
κip was found to be smaller in the media than in the adventitia, which is consistent with
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the findings for human aortas [396]. However, κip increases if the strut indents with a
higher indentation pressure, and it is oriented in the z-direction. Again, in the adventitia,
this mechanism seems to operate the other way around. If the strut orientation is in the
θ-direction, κip seems to increase only at a higher indentation pressure. The out-of-plane
dispersion quantity κop did not change due to indentation.

Table 4.2 Mean values of the structural parameters α, κip, and κip obtained from SHG images of the media
and adventitia layers of the native specimen S XII in the reference configuration, and the injured specimens
S V, VII, IX, XI in the stented configuration correlated with the indentation parameters, the resulting tissue
softening, and compression.

Sample
no. Con.

Indentation
parameters Softening Compression

Layer

Structural
parameters

Find/pind φ ∆λz/∆λθ kmax T0 t λr,i α κip κop
(N/MPa) (◦) (%) (mm) (mm) (mm) (-) (◦) (-) (-)

S V
LA

1.0/4.1 90 4.96/35.63 1.25 0.85
0.31 0.36 M 6 0.033 0.47A 49 0.130

HA 0.16 0.19 M 9 0.071 0.48A 39 0.570

S VII
LA

2.0/8.3 90 11.53/51.83 1.00 0.97
0.20 0.20 M 14 0.104 0.49A 55 0.245

HA 0.15 0.15 M 27 0.156 0.48A 42 0.169

S IX
LA

1.0/4.1 0 12.54/25.84 0.65 0.66
0.22 0.33 M 2 0.027 0.47A 63 0.123

HA 0.19 0.28 M 1 0.020 0.40A 65 0.117

S XI
LA

2.0/8.3 0 18.90/28.17 0.60 0.94
0.38 0.41 M 3 0.103 0.40A 69 0.151

HA 0.19 0.20 M 2 0.163 0.48A 56 0.148

S XII Ref. - - - - 0.82 0.52 0.63 M 6 0.071 0.46A 56 0.172

LA/HA: low/high affected; Find: indentation force; pind: indentation pressure; φ: strut orientation angle
with respect to θ; ∆λz/∆λθ: softening gain; kmax: distance between the low-affected tissue and the strut
indentation; T0: thickness of the unloaded specimen; t: thickness of the specimen at point PL and PH,
respectively; λr,i: compression of the low- or high-affected tissue with i = L,H; α: angle between the mean
fiber direction and the θ-direction; κip, κop: in- and out-of-plane dispersion quantities.

4.4 Discussion
In this pilot study, we quantified vascular damage by defining damage mechanisms inside
the tissue by investigating mechanical and structural alterations. We have outlined that
tissue of porcine coronary arteries softens when indented by a stamp which is shaped as a
stent strut, but the severity is directional and changes with position, strut orientation, and
indentation pressure. It turns out that all of these mechanical phenomena are influenced
by changes in the fibrillar collagen structure. We confirmed our hypothesis whereby the
structural parameters α, κop, κip introduced in reference [329] differ between native and
injured tissues. The presented in vitro experimental methods combined with an advanced
imaging strategy were highly efficacious for the quantification of strut-triggered mechan-
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ical and structural alterations in porcine coronary arteries. We have demonstrated that the
proposed experimental testing rig LAESIO has the potential to simulate the in situ loading
scenario during PCI in an in vitro environment. Morphological analysis including tissue
clearing and 3D-surface, as well as SHG scanning could be applied to deformed specimens.
The determination of structural parameters for native, low-affected, and high-affected tis-
sues following the approach proposed in [329, 394–396], and their subsequent comparison
turned out to be a potential tool to quantify changes in the fiber dispersion in the layers
of coronary arteries. To our knowledge, this is the first study that provides information on
how the mechanical behavior and structural parameters of porcine coronary arteries change
due to an indenting stent strut. Despite a small number of tested specimens, we are able to
identify key drivers for specific damage mechanisms after analyzing the experimental and
imaging data.

4.4.1 Characteristics of native porcine RCA

After analyzing the results from experimental preconditioning and relaxation tests (com-
pare with Figures 4.6(a) and (b)), tissues of porcine RCA under physiological loading can
be described as an anisotropic, nonlinear, and marginal viscoelastic material, which agrees
with findings in the literature, see, e.g., [61]. Consistent with Wang et al. [404], the scanned
media layers of untreated coronary arteries (Figures 4.8(a),(b) and 4.9(a)) contained a fine
collagen structure with a high degree of fiber orientation in the θ-direction, with a small
degree of dispersion indicated by rather small values for κip (see Table 4.2). The results
show that the adventitia can be subdivided into the sublayers IA and EA, which confirms
the findings documented in [72, 75]. The thicker fibers in the IA tend to align more in the
θ-direction, while the wavy fiber bundles of the EA point mostly toward the z-direction.
The degree of dispersion in the adventitia is significantly higher as in the media, as shown
by larger values for κip.

4.4.2 Damage mechanisms

With the help of the proposed experimental indentation tests damage mechanisms such as
tissue compression and softening, differences in the collagen fiber dispersion and lesion
formation could be identified. These damage mechanisms depend significantly on (i) the
contact pressure between the coronary artery and the indenting stent strut, (ii) the strut
orientation, and (iii) the position, i.e., the distance between a point of interest inside the
tissue and the center of the strut indentation.

Influence of indentation pressure
Higher indentation pressures seem to primarily increase the severity of damage mecha-
nisms. Thus, higher pressures led to more softening in the z- and θ-direction of all tested
specimens, which could be a potential indicator for vascular damage. However, the per-
centage gain in the stretch due to softening was higher in the θ-direction in all tests (see
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Figures 4.6(d) and (e)). Furthermore, an indentation with a higher pressure led to a greater
radial compression λr of the tissue directly below the strut (see Figures 4.7(a) and (b)).
Again, λr was more severe in the θ-direction. On the contrary, the distance kmax seemed to
shrink at a higher indentation pressure.

Influence of strut orientation
Our findings demonstrate the importance of the strut orientation angle φ for the directional
development of damage mechanisms. The out-of-plane section in Figure 4.8(c) uncovers
that a strut, which is oriented in the z-direction, cannot push fibers to the side since they are
aligned perpendicular to the long side of the strut. The affected fibers of the media and the
IA resist against the indentation and get straightened and significantly compressed. This
results in a severe softening of the tissue in the θ-direction (see Figure 4.6(d)). This trend
coincides with our findings from preliminary tests with porcine descending aortas [357].
The degree of fiber dispersion, however, decreases with a higher indentation pressure, as
shown by the smaller values for κip (see Table 4.2). Both fiber families seem to align as
the mean fiber angle α gets smaller. On the contrary, if oriented in the θ-direction, the
strut potentially squeezes through the collagen fibers of the media and IA as long as the
strut orientation aligns with the orientation of the fibers. This might be the reason why
the strut was able to indent deeper into the tissue. In addition, fewer fibers are affected by
the indentation, causing less severe softening in the θ-direction, but slightly more severe
softening in the z-direction (see Figure 4.6(d)), as the gap splits and, therefore, widens the
tissue. The degree of fiber dispersion, however, is increasing, as κip increases. In addition,
both fiber families seem to split up more as α increases at higher indentation pressures.

Influence of position
If the strut is oriented in the z-direction, the degree of dispersion in the high-affected tissue
increases, as shown by higher values for κip. Even if the fibers get compressed, we assume
them to get squeezed into each other in the r-direction and, due to the increased fiber
density, pushed toward the strut ends, which leads to a greater dispersion; thus, also α
increases. If the strut was oriented in the θ-direction, κip and α decrease in the high-
affected tissue. We assume that this is caused by the local compression of the fibers in the
θ-direction. Through the increasing fiber density, the fibers have to align and the dispersion
decreases.

4.4.3 Impact on stented arteries

To summarize these key findings, we transfer them to the scenario of a straight element
of a stent strut that indents into the tissue of a porcine coronary artery, as depicted in Fig-
ure 4.1(b). For a better understanding, we interpret the findings by consulting Figure 4.10
together with Table 4.3. We now consider two cases of stent strut indentation, both with an
indentation pressure in the supraphysiological range:

Case (A) – strut points toward z (φ = 90◦): A large number of collagen fibers in the
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Figure 4.10 Schematic sections of the fibrillar collagen structure of the media (M), inner adventitia (IA),
and exterior adventitia (EA) as well as the development of the damage mechanism at increasing indentation
pressure inside coronary arteries for the strut orientation angles φ = {0◦, 90◦}.

Table 4.3 Development of damage mechanisms at increasing indentation pressure pind for low- and high-
affected tissues influenced by the stent strut orientation angle φ.

φ = 90◦ φ = 0◦

λmin
r >
λr,L =Tissue compression
λr,H <
∆λz <Tissue softening
∆λθ >
αmedia Increase – Decrease
αadventitia Decrease – Increase
κmedia
ip Increase – Decrease
κadventitiaip Decrease – Increase

Fiber dispersion

κop =
Lesion extent kmax >

λmin
r : compression directly under the strut; λr,L: compression of the low-affected tissue; λr,H: compression

of the high-affected tissue.

media and IA get compressed along the entire strut length, but both layers keep their thick-
ness ratio. In the EA, mainly fibers are affected, which are located directly under the strut.
In addition, a flat but broad lesion starts to form. These broad lesions may provoke ex-
tensive cell proliferation and, therefore, pronounced in-stent restenoses. The fiber density
increases inside the tissue, and the volume of the extra-cellular matrix shrinks next to the
strut and beyond, as the indentation pressure is distributed over a large area. Thus, the
tissue stretches which results in softening in the z- and in particular in the θ-direction. We
assume that the fibers in the media and IA get pushed into each other. Due to the increasing
density, they give way to the neighboring fibers and cause an increase in the degree of the
fiber dispersion and the mean fiber angle. A few affected fibers in the adventitia align along
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the strut due to stretching, i.e., the fiber dispersion decreases together with the mean fiber
angle as the compression in the θ-direction is only moderate.

Case (B) – strut points toward θ (φ = 0◦): In comparison to case (A), the collagen fibers
in the media and IA get compressed more and mainly in the immediate vicinity of the strut.
The thick fiber bundles of the EA have to bear most of the load. The lesion is deeper, and
its sidewalls are steep. This may cause only local restricted cell proliferation. Nevertheless,
these narrow lesions located perpendicular to the flow direction could increase the risk of
thrombus formation. The softening is now more severe in the z-direction since most of
the fibers of the EA are affected. The softening in the θ-direction is smaller if compared
with case (A) as only a few fibers of the media and the IA get stretched under and next
to the stent strut. The degree of the fiber dispersion in the adventitia increases as fibers
get squeezed into each other, but decreases in the media as fibers align parallel to the stent
strut. In both cases, the fibers directly under the stent strut might get severely squeezed
or even destroyed, as individual fibers under the strut were not visible in our SHG images
(see Figure 4.8(e)).

4.4.4 Further findings

The preconditioning behavior reveals that only three loading cycles are enough to repro-
duce the material behavior in the assumed physiological range. The stress-stretch rela-
tionship matches with the results of Wang et al. [404]. We found that a waiting time of
45 mins is adequate to reach a biochemical, thermodynamical, and mechanical equilibrium
for porcine coronary arteries prior to tensile tests (see Figure 4.6(b)). Only then it can
be guaranteed that experimental data are reproducible. The activities of vital SMC in the
tissue might be decisive for this phenomenon. We suppose that the waiting time is in-
fluenced by sample preparation and storage techniques. Humphrey [377] q.v. mentioned
that this equilibrium also depends on the imposed mechanical loads. Finally, we defined a
relaxation time of at least 30 mins for the tissue of porcine RCA to overcome viscoelastic
processes and creep if a strut indents with pind = 8.30 MPa (compare with Figure 4.6(c)).
This rather long relaxation time is a sign of a very high amount of viscous material in the
RCA tissue and might be caused by a high content of SMC in the medial layer [80].

LAESIO, the proposed testing device, was found to be suitable to realistically simulate
the loading scenario of stented coronary arteries and to chemically fix the specimen under
load. The testing protocol demonstrated to be robust and straightforward to perform.

The combination of 3D-surface as well as a set of in- and out-of-plane SHG scans enabled
the determination of the lesion extent and the fibrillar collagen structure. The method
proposed by Schriefl et al. [394, 395] could be adapted for analyzing alterations of the
mean fiber angle and the fiber dispersion in low- and high-affected tissues of the medial
and adventitial layers. The subsequent computer-assisted image preprocessing made it
possible to derive structural parameters from deformed and injured tissue.
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4.4.5 Limitations

In the biaxial extension tests, dynamic effects caused by the blood pressure and the rapid
expansion of the stent were not considered and instead a static loading scenario was as-
sumed (see Figure 4.1(a)). Furthermore, we only investigated vascular injuries caused by
straight stent struts. In the future, different stamp designs with curved struts should be
added to the study. As it is technically not feasible to measure the indentation pressure of a
stent strut in situ, the extremum of the loading range was taken as a first reference from the
FEA investigation of a Palmaz-Schatz stent [405]. The boundary conditions between the
epicardial adipose tissue and the adventitia were ignored during testing to enable stretch
measurements. The number of samples in the subsequent tests should be significantly in-
creased since tissues of coronary arteries tend to be heterogeneous and also seem to differ
from pig to pig. Sample preparation, indentation tests, chemical fixation, tissue clearing,
and the imaging process turned out to be very time consuming. Thus, a fixed and cleared
specimen is ready after approx. 24 h. Imaging takes up to 6 h. While performing SHG
scans, we were confronted with poor signal quality in the media of some specimens, even
after tuning the wave length and the resolution. Imaging issues caused by a weaker SHG
signal in the media layer of coronary arteries have already been mentioned by Zoumi et
al. [54]. Fluorescence microscopy with antibody labeling of certain collagen types might
enhance the signal quality.

4.4.6 Future aspects

At this stage, it is challenging to formulate recommendations for the improvement of con-
stitutive damage models, to simulate the presented damage mechanism with the finite el-
ement method. Within a continuum framework, an expansion of the model proposed in
[329] seems to be feasible. Additional parameter sets need to be incorporated in such a
model, which allow to fit the numerical results to an experimentally obtained function that
describes the stress-stretch relationship in dependency of the radial compression λr. For
this purpose, whole specimens of healthy and diseased tissues have to be compressed ho-
mogeneously with defined varying pressures and the stress-stretch response in the z- and
θ-direction subsequently measured. Nevertheless, with this study we have shown that the
material response and the injury development of stented coronary arteries seem to be in-
fluenced by the load-, direction-, and position-dependent damage mechanisms inside the
tissue. Thus, the collagen structure adapts to the load, compresses, and fibers reorientate
(see Figure 4.8(e)), while the severity of the damage decreases with increasing distance to
the stent strut. Therefore, a discrete modeling approach might be preferable to describe
the dominant damage mechanism more accurately. Due to the lack of experimental data
and for deeper insights into these pathological events, the proposed study should be pur-
sued. Further experiments, including tests with healthy and diseased human tissues with
extended test series including a wider variety of indentation pressures and strut orientation
angles have to be carried out. By analyzing empirical data, Swier et al. [387] successfully
linked the injury score of Schwartz et al. [5, 384] with the degree of neointimal growth.
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We suppose that the same injury score could be used to classify artificially created vas-
cular injuries of the proposed experiments. In this way, cell growth could be correlated
with mechanical and imaging data. Additionally, the contributions of other constituents
to vascular damage formation such as elastin and proteoglycans should be investigated at
the nano, micro, and macrolevels. Finally, the observation of stent-triggered alterations of
the contractile or synthetic phenotype of endothelial cells, fibroblasts, and vascular smooth
muscle cells as well as apoptosis and cell proliferation in active tissue is an important task
to assign if the induced vascular damage is irreversible.

4.5 Conclusion
The main finding of this study is that PCI-triggered damage mechanisms such as tissue
compression and softening, and changes in collagen fiber dispersion contribute to the for-
mation of vascular damage. We demonstrated that the development of these damage mech-
anisms and the extent of lesions are directional, and the severity is linked to strut orienta-
tions, the indentation pressure, and the position. No fiber ruptures were discovered during
our tests. To our knowledge, we have presented the first approach that links multiaxial
mechanical data of high-affected tissue with structural parameters obtained from three-
dimensional scans of the collagen structure. The testing device LAESIO has shown to be
suitable to simulate PCI in vitro and to quantify mechanical alterations. Our testing proto-
col was adapted to the findings of equilibrium and relaxation tests. Imaging methods like
3D-surface and SHG scans could be performed on deformed specimens.

This research should be considered as a foundation for further studies, which focus on the
examination of vascular damage – the most potent stimulus for in-stent restenosis develop-
ment. More data would be necessary to strengthen the statistical power of these findings
and to develop more accurate damage models for the use in FEA to contribute further to
the optimization process of stents.
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[15] K.N. Dubé, P.R. Riley, and N. Smart. Coronary vessel development and insight towards neovascular
therapy. Int J Exp Pathol, 90(3):262–283, 2009.

[16] R. Madonna, M. Massaro, E. Scoditti, I. Pescetelli, and R. de Caterina. The epicardial adipose tissue
and the coronary arteries: Dangerous liaisons. Cardiovasc Res, 115(6):1013–1025, 2019.

[17] J.T. Dodge, B.G. Brown, E.L. Bolson, and H.T. Dodge. Lumen diameter of normal human coro-
nary arteries. Influence of age, sex, anatomic variation, and left ventricular hypertrophy or dilation.
Circulation, 86(1):232–246, 1992.

[18] Z. Abedin and J. Goldberg. Origin and length of left main coronary artery: Its relation to height,
weight, sex, age, pattern of coronary distribution, and presence or absence of coronary artery disease.
Catheter Cardiovasc Interv, 4(3):335–340, 1978.

[19] A.D. Villa, E. Sammut, A. Nair, R. Rajani, R. Bonamini, and A. Chiribiri. Coronary artery anomalies
overview: The normal and the abnormal. World J Radiol, 8(6):537–555, 2016.

[20] B.F. Waller, C.M. Orr, J.D. Slack, C.A. Pinkerton, J. van Tassel, and T. Peters. Anatomy, histology, and
pathology of coronary arteries: A review relevant to new interventional and imaging techniques–part
I. Clin Cardiol, 15(6):451–457, 1992.

[21] P.S. Douglas, J. Fiolkoski, B. Berko, and N. Reichek. Echocardiographic visualization of coronary
artery anatomy in the adult. J Am Coll Cardiol, 11(3):565–571, 1988.

[22] J. Namgung and J.A. Kim. The prevalence of coronary anomalies in a single center of Korea: origina-
tion, course, and termination anomalies of aberrant coronary arteries detected by ECG-gated cardiac
MDCT. BMC Cardiovasc Disord, 14:48, 2014.

[23] O. Soran, G. Pamir, C. Erol, C. Kocakavak, and I. Sabah. The incidence and significance of myocardial
bridge in a prospectively defined population of patients undergoing coronary angiography for chest
pain. Tokai J Exp Clin Med, 25(2):57–60, 2000.

[24] J.E. Shriki, J.S. Shinbane, M.A. Rashid, A. Hindoyan, J.G. Withey, A. DeFrance, M. Cunningham,
G.R. Oliveira, B.H. Warren, and A. Wilcox. Identifying, characterizing, and classifying congenital
anomalies of the coronary arteries. Radiographics, 32(2):453–468, 2012.

[25] A.C. van der Wal. Coronary artery pathology. Heart, 93(11):1484–1489, 2007.

[26] J. Koerselman, Y. van der Graaf, P.P.Th. de Jaegere, and D.E. Grobbee. Coronary collaterals: An
important and underexposed aspect of coronary artery disease. Circulation, 107(19):2507–2511, 2003.

[27] C. Seiler. The human coronary collateral circulation. Heart, 89(11):1352–1357, 2003.

[28] M. Félétou. The endothelium, part I: multiple functions of the endothelial cells – focus on endothelium-
derived vasoactive mediators, volume 3. Morgan & Claypool Life Sciences, San Rafael (CA), USA,
2011.

[29] W.P. Arnold, C.K. Mittal, S. Katsuki, and F. Murad. Nitric oxide activates guanylate cyclase
and increases guanosine 3’:5’-cyclic monophosphate levels in various tissue preparations. PNAS,
74(8):3203–3207, 1977.

[30] R.K. Kharbanda and J.E. Deanfield. Functions of the healthy endothelium. Coron Artery Dis,
12(6):485–491, 2001.

[31] A. Pothula, V.L. Serebruany, P. Gurbel, M.E. McKenzie, and D. Atar. Pathophysiology and therapeutic
modification of thrombin generation in patients with coronary artery disease. Eur J Pharmacol, 402(1-
2):1–10, 2000.

[32] W.C. Aird. Phenotypic heterogeneity of the endothelium: I. Structure, function, and mechanisms.
Circulation research, 100(2):158–173, 2007.



115 References

[33] W.C. Aird. Phenotypic heterogeneity of the endothelium: II. Representative vascular beds. Circ Res,
100(2):174–190, 2007.

[34] M.M. Thompson and R. Fitridge, editors. Mechanisms of vascular disease: A reference book for
vascular specialists. Barr Smith Press, Adelaide, 2011.

[35] N. Zhou, S. Stoll, C. Leimena, and H. Qiu. Vascular smooth muscle cell. In K. Sakuma, editor, Muscle
cell and tissue - current status of research field. InTechOpen, 2018.

[36] M.R. Roach and A.C. Burton. The reason for the shape of the distensibility curves of arteries. Can J
Biochem Physiol, 35(8):681–690, 1957.

[37] H. Wolinsky and S. Glagov. Structural basis for the static mechanical properties of the aortic media.
Circ Res, 14:400–413, 1964.

[38] T. Matsumoto and K. Nagayama. Tensile properties of vascular smooth muscle cells: Bridging vas-
cular and cellular biomechanics. J Biomech, 45(5):745–755, 2012.
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contribution of vascular smooth muscle, elastin and collagen on the passive mechanics of porcine
carotid arteries. Physiological measurement, 33(8):1335–1351, 2012.

[40] X. Lu and G.S. Kassab. Vasoactivity of blood vessels using a novel isovolumic myograph. Ann
Biomed Eng, 35(3):356–366, 2007.

[41] Y. Huo, Y. Cheng, X. Zhao, X. Lu, and G.S. Kassab. Biaxial vasoactivity of porcine coronary artery.
Am J Physiol Heart Circ Physiol, 302(10):H2058–63, 2012.

[42] L. Bacakova, M. Travnickova, E. Filova, R. Matějka, J. Stepanovska, J. Musilkova, J. Zarubova, and
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[353] D. Möller, W. Reimers, A. Pyzalla, and A. Fischer. Residual stresses in coronary artery stents. J
Biomed Mater Res, 58(1):69–74, 2001.

[354] F. Rondeau, P. Pilet, D. Heymann, D. Crochet, and G. Grimandi. Balloon surface changes after stent
deployment: Influence of the crimping technique. ITBM-RBM, 23(6):357–362, 2002.

[355] H.-H. Choi, S.-M. Hwang, Y.H. Kang, J. Kim, and B.S. Kang. Comparison of implicit and explicit
finite-element methods for the hydroforming process of an automobile lower arm. Int J Adv Manuf
Technol, 20:407–413, 2002.

[356] L. Olovsson, M. Unosson, and K. Simonsson. Selective mass scaling for thin walled structures mod-
eled with tri-linear solid elements. Comput Mech, 34:134–136, 2004.

[357] M.A. Geith, G. Sommer, T. Schratzenstaller, and G.A. Holzapfel. Biomechanical and structural quan-
tification of vascular damage: A unique investigation of stent implantation. Art Res, 20:50, 2017.

[358] M. Wagner. Lineare und nichtlineare FEM: Eine Einführung mit Anwendungen in der Umformsimu-
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