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Abstract

Transcatheter Aortic Valve Implantation (TAVI) is a procedure developed for replacing the
defective aortic valve of a patient as an alternative to open heart Surgical Aortic Valve
Replacement (SAVR). In the TAVI procedure a prosthetic valve, which is assembled on to a

stent, is crimped and delivered to the patient’s aortic root site through several available
percutaneous means. The percutaneous nature of TAVI, which is its core advantage in
comparison to other SAVR procedures, can however also be its main disadvantage. This is
due to lack of direct access to the calcified leaflets, and hence reliance on the host tissue for
the proper positioning and anchorage of the deployed prosthetic valve. Therefore, it is
desired to have a preoperative quantitative understanding of patient-specific biomechanical
interaction of the stent and the native valve to be able to maximise the chance of success of
the procedure.

The aim of this study was to develop a patient-specific Finite Element (FE) model of the
Transcatheter Aortic Valve Implantation (TAVI) procedure for two patients, using a model
of the 23 mm percutaneous prosthetic aortic valve developed by Strait Access Technologies
(SAT), for the purpose of its post-operative performance. In this regard, the image
processing software ScanlP was used to extract the 3D models of the patient-specific aortic
roots and leaflets from the provided Multi-Slice Computer Tomography (MSCT) images of
the patients.

An anisotropic hyperelastic material model was implemented for the roots and leaflets, using
two and one families of collagen fibres for their tissues respectively. The stent is made of a
cobalt-chromium alloy and its mechanical response was modelled as an isotropic elasto-
plastic material, with a linear elastic initial response, followed by plastic behaviour with
isotropic hardening. The prosthetic leaflets are made of polymer and were modelled as an
isotropic hyperelastic material, using the provided experimental test data. The results for the
first patient showed that the stent maintained its structural integrity after deployment, and
successfully pushed the native leaflets back to keep the aortic root clear of all impediments.
No obstruction of the coronary ostia was observed, and prosthetic leaflets were seen to
function normally. The stent radial recoil was calculated to be between 2 to 4.28 % after
deployments. Its foreshortening was calculated to be approximately 20%. The stent was
observed to move back and forth by approximately 3 mm in the last simulation step in



which cardiac cycle pressure were applied to the aortic root and prosthetic leaflets. Also, two
openings were observed between the stent and aortic root wall during this simulation step,
which indicates the possibility of paravalvular leakage. From the second patient simulation,
it was observed that the 23 mm stent was not a good choice for this patient, and will cause
severe damage or tissue tearing. The maximum principal stress in the aortic root and valve
tissues were observed to follow approximately the defined collagen fibre directions.
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Chapter 1

Introduction

This chapter introduces the topic of this thesis and presents its background. It also mentions
the approach taken and the result of some of the similar studies reviewed, and defines the
scope and objectives of the project. It concludes with a presentation of the the structure of
the thesis.

1.1 The global burden of valvular heart disease

According to the World Heart Federation, Cardiovascular Disease (CVD) is the leading
global cause of death [1]. In 2012, an estimated 17.5 million deaths occurred due to CVD and
this number is expected to grow to more than 23.6 million by 2030 [1,2]. Africa’s
contribution to this figure in 2012 was 1.25 million, approximately 7.2%, with CDV
remaining as the second most common cause, after infectious diseases, in most African
countries and as one of the top five in South Africa [1,3].

One of the major branches of CVD is Valvular Heart Diseases (VHD) and its burden is
rising mainly due to two reasons; prevalence of Rheumatic Heart Disease (RHD), which
occurs due to Acute Rheumatic Fever (ARF), and degeneration. The heart has four valves
that allow for unidirectional flow of blood from atria to ventricles, namely the tricuspid and
the mitral valve, and from ventricles to the aorta and the pulmonary artery, namely the
aortic and the pulmonic valve [4]. Permanent damage to the heart valves tissue, mainly the
mitral/aortic valve or both, is the associated symptom of ARF that can become chronic
leading to congestive heart failure, endocarditis, stroke and death [5].
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Figure 1.1 Valves of the heart [6].

Although ARF is a significant public health concern globally, it is the developing nations
specifically that are bearing the brunt. In Africa, ARF is the predominant cause of VHD and
mainly affects children and young adults [7]. Sub-Saharan Africa has the highest prevalence
of RHD with 5.7 per 1000 as compared to North Africa with 1.8 per 1000 and the developed
countries with 0.3 per 1000 [7].

In the developed countries, the main cause of aortic VHD is degeneration as a result of
ageing, since rheumatic disease has substantially reduced due to improved living conditions.
According to the collected data of 5001 patients with mean age of 64 + 14 years across
Europe in 2001 who had significant primary VHD or infective endocarditis, the most
common lesion was aortic stenosis (43%) followed by mitral regurgitation (32%), aortic
regurgitation (13%) and mitral stenosis (12%) [8]. The main aetiologies of aortic stenosis and
regurgitation along with mitral regurgitation were degeneration, whilst 85% of the cases with
mitral stenosis were due to RHD [8,9]. The global prevalence of clinically significant aortic
stenosis in patients over 70 is approximately 1 to 3% and it is estimated that up to 40% of
those aged 60 or over, and 75% of those aged over 85 have mild calcified aortic valve [9].

1.2 Treatment of aortic valve disease

Surgical Aortic Valve Replacement (SAVR) remains the gold standard methodology [10] to
treat severe aortic valve disease/defect. Generally there are two types of SAVR: open heart
(full sternotomy) and minimally invasive [10]. In open heart SAVR, the surgeon makes a 10

inch-long cut in the middle of the patient’s chest to expose the heart and the aortic root. A
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heart-lung bypass machine will be used to take over the normal operation of the heart and
lung for the duration of the procedure [11]. The patient’s aortic valve is then removed and a
new mechanical or biological valve is sutured in place. With regard to the minimally invasive
approach, the incision length is considerably smaller than the full sternotomy and its
location varies according to the surgeon’s decision based on the optimal location for accessing
the aortic valve.

The general advantage of the minimally invasive approach includes less trauma, less pain,
faster recovery, less blood loss and therefore decreased transfusion requirements, less risk of
infection, better cosmetic results and decreased cost. Most definitely there are also
disadvantages associated with minimally invasive procedures and therefore not all patients
are appropriate candidates.

Traditional Open-Heart Surgery Minimally Invasive Valve Surgery

Figure 1.2 A Schematic drawing of open heart and minimally invasive SAVR (from [12]).

The implanted prosthetic valves used in open heart and minimally invasive aortic valve
replacement surgeries are of two types (see Figure 1.3): mechanical and biological. The
advantage of mechanical valves in comparison to biological valves is that, ideally, they would
not degrade over the life span of the patient. However, anticoagulation medication should be
used by the patient for the remainder of his/her life to prevent blood clotting. With regard
to the biological valves, however, no anticoagulation medication is necessary, but these
valves have a life span limitation associated with them and have an average life of about ten
to fifteen years. Therefore, most probably, the patient would need a second SAVR at about
15 years from the initial surgery [13].

In recent years, a new intervention has been developed as a result of a major advancement in
the prosthetic heart valve designs. Transcatheter Aortic Valve Implantation (TAVI) or
Transcatheter Aortic Valve Replacement (TAVR) is a new method in which a specially
developed, balloon expandable or self-expanding stented prosthetic valve is delivered to the
aortic root location, using a catheter, without the requirement of an incision for the exposure
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of the aortic root. With this revolutionary intervention, the procedure time, complexity,
trauma and post-operative rehabilitation period are drastically reduced.

Figure 1.3 Different types of prosthetic aortic valves: (A) Bileaflet mechanical valve (St Jude); (B)
monoleaflet mechanical valve (Medtronic Hall); (C) stented porcine bioprosthetic (Medtronic Mosaic);
(D) stented pericardial bioprosthetic (Carpentier-Edwards Magna); (E) percutaneous bioprosthetic
balloon expanded (Edwards Sapien); (F) self-expandable percutaneous bioprosthetic ~ (CoreValve)

(from [14]).

According to the EuroHeart survey on VHD [8], as many as one-third of the patients with
symptomatic aortic stenosis do not undergo surgical valve replacement due to old age and
other comorbidities, such as high-risk cardiac disease and/or lack of referral to surgery. In
addition to this group, a significant number of patients in the developing countries, in which
RHD is mostly prevalent, are not treated due to lack of adequate healthcare professional and
cardiac surgery equipment. For these groups of patients TAVI can provide a new vital
option.

1.3 Transcatheter Aortic Valve Implantation (TAVI)

In the mid-1980s, Professor Alain Cribier and his research team developed a minimally
invasive procedure for the management of AS. The goal of the Balloon Aortic Valvuloplasty
(BAV) was to provide an alternative option for the symptomatic patients with AS who at
the time were deemed unable to go through open SAVR, mainly due to age and other
comorbidities. BAV allowed for midterm improvement of quality of life of the patients and
therefore it was rapidly adopted globally. But due to the lack of survival benefits and high
recurrence rate of 80 %, its use was drastically reduced [15].
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Building upon the experience gained with BAV, Cribier went on to pursue a long term
solution for the treatment of AS and the idea of deploying a prosthetic valve, within the
diseased aortic valve emerged. The general concept however was not new. In the 1970s, there
had been several experimental projects seeking to treat aortic regurgitation [16,17]. In 1989
Henning-Rud Andersen implanted the first model of a catheter-mounted balloon-expandable
stented valve in the aorta of pigs [18]. Philip Bonhoeffer performed the first human
implantation of a stented bovine jugular vein conduit, which he developed, in a right
ventricle to pulmonary artery in 2000 [19]. From the late 1980s to the year 1999, Cribier and
his team worked on and developed the first balloon-expandable transcatheter heart valve
(THV) through international collaboration and did considerable amount of laboratory work
and animal trials. The first human implantation of the developed valve was carried out by
him in 2002 and the result was excellent [15]. Since then, there has been great interest in
TAVI and many medical/engineering research groups and biomedical companies have done
extensive studies on this technology in order to improve the design of the valve, both
hemodynamically and structurally, and develop better materials to increase its chance of
success.

1.3.1 Percutaneous valves and the TAVI procedure

The specially designed percutaneous-type valves that make TAVI possible, are comprised of
three leaflets (biological or polymeric) to mimic an actual human tri-leaflet aortic valve.
These leaflets are mounted in a stent structure that has the ability to be crimped to a small
diameter, in order to be delivered to the deployment site using a catheter and through the
arteries. The balloon expandable valves are usually made of medical-grade stainless steel or
cobalt-chromium, and are specifically designed to withstand the large elastic-plastic strains
that they are subjected to during the crimping and expansion processes. In addition to this,
they are able to tolerate the cyclic biomechanical loading due to cardiac cycle, and have
excellent durability against corrosion. The self-expandable valves, on the other hand, are
mainly made of Nitinol (Nickel-Titanium), which is a super-elastic metallic alloy that is
mostly known for its shape memory property [20].

Figure 1.4 A graphical representation of transaortically delivered Edwards SAPIEN valve
(from [21]).
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TAVI procedure is performed using fluoroscopy, which is a real-time X-ray imaging modality
that allows for planar visualization of the entire process [22]. Due to the nature of the TAVI
procedure that limits the surgeons from having direct access to the native aortic valve, pre-
surgery echocardiography and Multi-Row Detector Computer Tomography (MDCT also
known as Multi-Slice Computer Tomography MSCT) are utilized to visualize the patient’s
aortic root [23]. These images allow for performing the required annular measurements, and
aid in determination of the severity of the leaflets calcification. They are also often used for
finding an appropriate fluoroscopic projection angle for having an orthogonal view of the
deployment site during the TAVI procedure [24].

In order to ensure the success of the intervention and prevent any post-operative incidents
relating to suboptimal anchorage of the stent, its size is chosen based on the native valve’s
“annular” diameter, measured during the systolic phase of the patient’s cardiac cycle. This is
because typically the annulus is the tightest section of the native valve and will provide the
first anchorage load on the stent. Valvuloplasty might be used prior to the deployment of

the prosthetic valve to dilate the aortic root’s annulus and “soften” the highly stiff leaflets to
allow for proper siting of the stent [25]. Rapid Ventricular Pacing (RVP) might be induced
to temporarily arrest left ventricle ejection for the duration of valve deployment [26]. The
TAVI procedure can be done either under general anaesthetic or conscious sedation, and the
patient does not need to be connected to a heart-lung machine. The actual implantation
procedure usually takes about an hour, and the patient is normally discharged after a week
or two post-surgery.

Currently there are four approaches by which the prosthetic valve is delivered to the root;
transfemorally, transapically, transaortically or via the subclavian artery. Depending on the
condition of the patient, surgeons choose the type of valve and delivery approach that has
the highest chance of success.

1.3.2 Challenges associated with TAVI and the need for a reliable predictive tool

The percutaneous nature of TAVI, which is its core advantage in comparison to the SAVR
procedures, can also be its main disadvantage. This is due to lack of direct access of the
surgeons to the calcified leaflets and hence reliance on the host tissue for the proper
positioning, maintenance and function of the deployed prosthetic valve. Some of the
published intraoperative and postoperative adverse events of TAVI procedure include aortic
injury due to excessive radial expansion force during deployment [27], paravalvular leak or
impairment of coronary flow or both, stroke, cardiac tamponades [28] and valve migration
[29]. Figure 1.5 shows two fluoroscopic images from a published case report [29] of a TAVI
intervention taken immediately after the prosthetic valve deployment and 43 days later
when the patient complained of acute shortness of breath. It was found that the implanted
valve had rotated and migrated caudally into the left ventricle, partially obstructing the
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inflow of the mitral valve. Open heart surgery was performed to retrieve the implanted valve
and replace the native malfunctioning valve.

Figure 1.5 Fluoroscopic images of a TAVI procedure showing the position of implanted valve when
deployed (A) and when rotated and migrated in to the left ventricle (B) (form [29]).

From these events and some of the clinical published data, it can be deduced that surgeons
are not able to predict reliably the outcome of the procedure due to the nature of the
intervention. In the absence of a reliable predictive tool, surgeons are left to rely on personal
experiences, guidelines from the prosthetic valve manufacturers and published reports on
previous interventions to be able to make decision regarding the optimal valve size and
positioning site. In this regard, Professor Tirone E. David, a pioneer in heart valve surgery,
states that “like most reconstructive procedures in cardiac surgery, the actual performance of
the operation remains more art than science” [30]. It is therefore essential to have a
preoperative quantitative understanding of patient-specific biomechanical interaction of the
prosthetic valve and the native valve to be able to maximise the chance of success in the
TAVI procedure [31].

In recent years, close collaboration between cardiac surgeons and engineers has led to the
development of patient-specific Finite Element (FE) models of TAVI procedures that can be
used as a predictive tool by surgeons to be able to perform trial deployment simulation and
assess the results.
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1.4 Modelling of the aortic root, its tissue properties and the

patient-specific TAVI procedure

1.4.1 Patient-specific three-dimensional model of the aortic root

For the creation of a finite element model of a patient-specific prosthetic valve deployment
procedure, a three-dimensional computer model of the patient’s aortic root must be extracted
from the pre-operative cardiac MDCT imagies. Currently a few medical image processing
software packages, such as ScanlP (Simpleware Ltd, Exeter, UK) and Mimics (Materialise,
Leuven, Belgium), are available for conversion of MDCT images to modifiable three-
dimensional computer models. These models are initially imported into a Computer Aided
Design (CAD) software to be processed, and are then imported into a Finite Element
Analysis (FEA) software package for analysis.

1.4.2 The aortic root and valve tissue property and constitutive material model

The first mathematical studies on the aortic valve were carried out in the 1970’s [32,33] to
characterize the mechanics of the leaflets and computed the stress and strain distributions on
them. Over the past two decades, many computational and experimental studies have been
conducted to determine the valve’s tissue properties for the purpose of material modelling,
and to gain a better understanding of its general functioning, pathology and biomechanics.
The aortic root’s tissue is known to be nearly incompressible and exhibit viscoelastic,
anisotropic and nonlinear behaviour [34]. However, to have a reproducible and stabilized
mechanical response, preconditioning loading is used to reduce tissue hysteresis [35].

Billiar et al. [36] developed a specialized biaxial testing technique and performed several
experiments using natural and glutaraldehyde treated specimens of porcine aortic leaflets
tissue for the purpose of property data generation and hence constitutive model
development. The results confirmed the predicted nonlinear and anisotropic behaviour of the
tissue is due to its histological architecture.

Due to the limited availability of human samples, researchers often make use of porcine and
ovine material data to approximate human tissue response. In an effort to study the
differences between the material properties of aged human and porcine aortic sinuses, Martin
et al. [37] performed planar biaxial tests on ten samples from the aortic roots of each species
and reported major mechanical property differences between the two tissues. In a subsequent
study [35], similar experiments were conducted on ovine, porcine and aged human aortic
leaflets and the results showed significant histological and mechanical property differences
between the three species. These differences raise many questions regarding the validity of
studies that approximate the behaviour of an aged human valve tissue with that of porcine
or ovine.




Introduction

To date, several finite strain theory based phenomenological, isotropic and anisotropic,
constitutive material models have been proposed for soft tissue and arterial wall [38-41].
Some of these models have been further developed, modified and successfully implemented
for a particular type of tissue. Since then, they have been adapted by a large number of
researchers experimenting with that particular type tissue. Fung et al. [38] developed a
general two-dimensional strain-based orthotropic model for arterial walls to approximate its
mechanical response when subjected to internal pressure and longitudinal stretching. It
remains one of the most versatile and widely used constitutive models that capture the
response of many types of tissues, including aortic sinuses and leaflets, with reasonable
accuracy.

Another well-known model, developed for the arterial wall by Holzapfel et al. [39], is an
invariant based hyperelastic model that allows for up to three families of fibre directions
with arbitrary angles between them. This model was later improved by Gasser et al. [42] to
account for the dispersion of the collagen fibres that is shown to significantly affect the
response of the tissue. It therefore provides more modelling freedom and allows for somewhat
better representation of anisotropic behaviour of the tissue, especially when the tissue’s
histological structure is altered by a disease affecting the collagen fibre orientation.

Isotropic hyperelastic material models are more often utilized for the aortic root finite
element models than anisotropic models. This is either done to simplify the FE model and
avoid the complexity associated with the anisotropic models, or due to a suggestion by some
of researchers that fixation of tissue affects its histology and alters its response to behave
more isotropically [43, 44]. Mooney-Rivlin [45, 46], Ogden [40] and Yeoh [41] are some of the

more used isotropic constitutive models, specifically adapted for the aortic root’s tissues.

Morganti [47] developed a FEA model in Abaqus and separately implemented isotropic and
anisotropic hyperelastic material models for a set of bioprosthetic valve leaflets made of
bovine pericardium tissue to analyse the difference between the stress distribution and valve
structural behaviour (see Figure 1.6). The anisotropic hyperelastic material model presented
by Holzapfel et al. and a simple hyperelastic isotropic model with a Young’s modulus of 8
MPa and Poisson’s ratio of 0.49 were implemented for the respective cases. From the results
it was reported that the anisotropic case showed a more homogenous stress distribution and

smoother valve closure along with significantly larger (more than twice) leaflets coaptation
area.
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Figure 1.6 Stress (MPa) distribution at the end of diastole for (A) isotropic and (B) anisotropic
material models (from [47]).

1.4.3 Some of the existing studies on patient-specific finite element analyses of the
TAVI procedure

Finite element analysis of patient-specific TAVI was conducted by Morganti et al. [48] to
model the biomechanical interaction of an Edwards SAPIEN XT valve deployed in the aortic
root of two different severely symptomatic aortic stenosis cases (see Figure 1.7). The patients
were injected with iodinated contrast agent to obtain contrast-enhanced CT images, which
were used to extract the patient-specific aortic root and calcific component’s three-
dimensional models. Leaflets were later separately drawn and added to each root, taking into
account their unique morphologic structure. The calcific components were then added to the
sections of the leaflets that were observed to have the lesions in the images. An isotropic
hyperplastic material model, based on the work by Yeoh [41], was implemented for the
native root and leaflets. The calcifications were characterized by a density of 2000 kg/m?,
elastic modulus of 10 MPa and Poisson ratio of 0.3. A von Mises plasticity model with
isotropic hardening was implemented for the cobalt-chromium alloy stent, along with an
isotropic elastic model for the biological leaflets that were made of bovine pericardium. Two
cylindrical surfaces, with displacement boundary conditions, were used to crimp and expand
(deploy) the stent. The prosthetic leaflets were not included in the crimping and expanding
steps and were later mapped into the deployed stent. The simulations were performed using
Abaqus/Explicit and the results were compared with the actual surgical results.

Regions of high stress along with anatomical conformation of the aortic roots and the stent
were observed in both patients. The eccentric shapes of the deployed stents are seen to
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directly affect the non-symmetrical prosthetic coaptation of the leaflets in both patients. The
isotropic material model of the prosthetic leaflets could also be one of the contributing
factors to their non-symmetrical coaptation, which has been observed previously by
Auricchio et al. [49]. The resulting mild prosthetic’s leaflets leakage predicted by FEA was
also observed in the post-operative follow-up evaluations of both patients. The FEA and the
surgical results were observed to be in good agreement.
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Figure 1.7 The extracted 3D patient-specific aortic root and calcific components of one of the patients
and the created leaflets model (top). The final shape of the deployed stent, showing the point-wise
distance contours of the crown of the stent from the aortic wall (middle). Stress (MPa) distribution in
the aortic roots of the two patients as a result of stent implantation (from [48]).

Similar work was conducted by Wang et al. [31] using a model of the same prosthetic valve,
without the inclusion of the prosthetic leaflets. The finite element model of an aortic root

11
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and left ventricle of a patient was extracted from MSCT images, and a similar approach to
Morganti et al. was taken with regard to the addition of the native leaflets to the root (see
Figure 1.8). The section of myocardium that surrounds the annulus of the root is also
included in the FEA model to investigate its effect on biomechanical interaction of the stent
with the root. The effect of rapid ventricular pacing on the aortic root was also included in
the model as a ten percent reduction in the annulus diameter due to a resulting pressure
reduction (from 21 to 19 mm). The material model developed by Holzapfel and Gasser et al.
[39, 42] was implemented for the sinus, leaflets and myocardium, incorporating two families
of fibre directions, using tissue specific material parameters. The local calcium deposits were
modelled with the properties of hydroxyapatite, using a Young's modulus and a Poisson’s
ratio of 60 GPa and 0.3 respectively.

Healthy Leafleg\.
o

Calcified Leaflet

Balloon

TAV stent

Figure 1.8 Image segmentation and the aortic root model extraction (A). Assembly of the aortic root
and leaflets, with inclusion of the calcifications (B). The catheter and stent are positioned
concentrically with the annulus and are ready for deployment simulation (from [31]).

Two different simulations were carried out in Abaqus to investigate the individual effects of
inclusion of annulus diameter reduction as a result of induced RVP, and the combined effects
of RVP and addition of the myocardium section surrounding the annulus. The results were
then compared to a third simulation that did not include any of the mentioned effects in the
first two simulations. In these simulations, the stent was expanded by applying a controlled
displacement boundary condition to a catheter positioned inside the stent to act like a
balloon. It is reported that the contact forces between the stent and the aortic root and the
resulting stress distributions were considerably lower in the third simulation in comparison
to the other two. With regard to the first two simulations, it was also observed that with
inclusion of the myocardium section, the contact forces were slightly higher than the case
with only RVP condition.

12
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Figure 1.9 Cut-away views of the deployed stent in native valve and root with inclusion of the
surrounding myocardium section (A), and without the myocardium section (B) (from [31]).

Auricchio et al. [49] performed their simulation using a different model of the Edwards
SAPIEN valve. They extracted the aortic root model from computer tomography-
angiography images without the inclusion of the native leaflets (see Figure 1.10). The
material model proposed by Holzapfel et al. [39], with two families of fibres, was adopted for
the aortic root in this study. The Abaqus/Explicit solver was used for performing the
simulation. The stent was crimped without the prosthetic leaflets, using a cylindrical surface
to mimic the action of a crimper. The deployment of the stent was, however, done by
applying pressure boundary condition to inflate the created balloon model, positioned
concentrically within the stent, to mimic the actual expansion process. The leaflets were later
mapped onto the expanded stent and their closure in the diastolic phase was simulated by
gradually applying a pressure to their inner surface. The prosthetic valve was deployed in
two different positions, proximal and distal to coronary Ostia, to study its performance and
the resulting stress distributions on the root. The stress distribution in the root was observed
to be 22.4% higher when the stent was deployed in the distal position. No significant
difference is reported for the stent’s stress distribution between both positions.

13
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Figure 1.10 Sectional views of the patient’s root at the end of the expansion process, showing the
stent and the balloon (A), stress distribution in the root as result of the stent implantation in the
proximal (B), and distal (C) positions (from [49])

The study by Capelli et al. [50] focused on five patients, of whom four were diagnosed with
severe aortic stenosis and one with aortic valve incompetence. The four patients were
deemed fit for open heart aortic valve replacement and prosthetic valves were surgically
implanted in them. However, these valves had failed due to prosthetic leaflets stenosis and
these patients were now being considered for TAVI intervention. The aortic root models of
all the patients were extracted from post-operative CT images and their FE model was
created in Abaqus. The individual shape of the previously implanted valves was observed in
the CT images and their FE model was created and positioned in the respective patient’s
aortic FE models. An FE model of the Edwards Sapien stent was used for all the patients
and its deployment was done using a balloon model. The Mooney-Rivlin [45,46] isotropic
hyperelastic constitutive material model was adopted for the roots and native leaflets of the
patients, and the Abaqus/Explicit solver was used for the analysis. For the first four
patients, the stent was deployed in the existing prosthetic valve and had minimal interaction
with the native root. For the fifth patient, however, the stent was deployed in three different
positions and the results were analysed (see Figure 1.11). The stent’s radial recoil was
measured after deployment for all the patients, with the average being 13.1%. For the fifth
patient, the highest radial recoil was measured to be 20.2% when the stent was deployed at
the distal position from the median line (Ep model) of the native valve. The maximum
principal stress distribution for the root and native leaflets were also measured at this point.
For the stent, the highest von Mises stress was measured at its strut junctions for all cases.
For the first four patients, the distance of the deployed stent was measured from the
coronary ostia and no occlusions were reported.
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Figure 1.11 The three positions in which the stent was deployed in the fifth patient (top left). Stress
contours in the stent for the distal “Ep” position (top right), principal stress distribution in the native
root and leaflets of the fifth patient (bottom) (from [50]).
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1.5 Aims of the thesis

The aim of this research is to develop two efficient patient-specific finite element simulations
of Transcatheter Aortic Valve Implantation procedure using a model of the 23 mm
percutaneous prosthetic aortic valve developed by Strait Access Technologies (SAT), for the
purpose of its mechanical assessment and post-operative performance.

MSCT images of the chest area of two patients, in DICOM (Digital Imaging and
Communications in Medicine) format, were provided by SAT, from which the 3D models of
the aortic roots were to be extracted. These models were to be imported separately into
Abaqus v6.13 (Dassault Systems, SIMULIA, Providence, RI, USA) for the purpose of finite
element model generation, material assignment and simulation.

One-third cyclic symmetric section of the stent, and a computer model of the prosthetic
leaflet along with its material property data were also provided by SAT. The balloon used
for deploying the stent is to be simplified as a catheter to reduce the complexity of the
model.

The FE model developed in this research project will serve as a platform for further realistic
simulation of TAVI procedure, using the SAT developed percutaneous valves, and a
framework for performance assessment of future valve design. The model will also be part of
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the basis for the Computational Fluid Mechanics (CFD) models needed for the 1SO
requirements to assess the flow fields in the vicinity of the valve.

1.6 Structure of the thesis

In Chapter 2, the anatomy, histology, physiology and the relevant pathology of the aortic
root and valve is presented, and the biomechanics of their tissues is briefly discussed.
Further, the decisions made with regard to the chosen material model for each tissue are
outlined, and the process of extraction of the three-dimensional patient-specific aortic roots is
explained. In Chapter 3, the process of generating the required finite element models of the
stent and the prosthetic valve is outlined and the details of the material models implemented
for each part is explained. Further, the created models of the crimper and the balloon used
for crimping and deployment of the stent are presented. Finally, the analysis procedure
chosen for performing the simulations is described, and the results of the mesh sensitivity
studies conducted in order to choose the most appropriate mesh for the stent and the
prosthetic leaflets, are presented. In Chapter 4, the process of further improving the
geometries of the patient-specific roots and their finite element model generation and
material models implementation is described. Further, the process of creation of the patient-
specific valve leaflets is also described and the result of the mesh sensitivity study conducted
for the roots and leaflets is presented. Thereafter, the steps taken for the creation of the
analysis models for the TAVI simulations for each patient are outlined. In Chapter 5, the
results of the simulations are presented, and the mechanical interaction of the stent with the
patient-specific anatomies is analysed. Finally, conclusions of the work are presented along
with final remarks and recommendations in Chapter 6.
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Chapter 2

The Aortic Root and Valve

This chapter presents a description of the relevant anatomical and histological features of the
human aortic root and valve, and briefly outlines the effects of tissue alterations, due to
relevant pathological processes, on the mechanical response of their tissues. Thereafter, the
physiology of the aortic valve is also briefly discussed, with special focus on its biomechanics
and characterization of its tissue property. Finally, the processes followed for extracting the
patient-specific three-dimensional models of the aortic roots of the two patients who were
diagnosed with aortic stenosis is described.

2.1 Anatomy and physiology of the aortic root and leaflets

The aortic root is defined as the section of the aorta that connects the left ventricle to the
ascending aorta. Its function is to allow for unidirectional flow of blood from the left
ventricle to ascending aorta, and in turn to the rest of the body. It consists of the Sinuses of
Valsalva and three leaflets that are referred to as the aortic valve.

The anatomic features of the root are [4, 51, 52]:

e the commissures

e the interleaflet triangles

e the sinotubular junction

¢ the anatomic ventriculo-aortic junction

e the virtual basal ring (also known as the annulus)
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Figure 2.1 Detailed anatomy of the aortic root (adopted from [4] with reference to figure 2.3 (right))

The leaflets are semilunar in shape, flexible and structurally thinner than the sinuses. Three
pronounced features of a leaflet are [4]:

o the belly — the central section of the leaflets, from the attachment points to the
Lunula.

e the Lunula — the slightly thicker band that is located towards the top of the leaflet.

e the nodule of Arantius — the sectional thickening of the leaflet’s tunica intima layer
in the middle-upper region of the Lunula [53].

Nodule of Arantius

Lunula

Figure 2.2 A photograph of an excised leaflet of an aortic valve that shows its general fibre
architecture (left) (from [54]). A schematic drawing of a leaflet outlining its features, and presenting
the generally accepted directional convention (right).
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A healthy leaflet has variable thickness along its geometry and on average is less than one
millimetre thick [55]. Its thickest section is located on the upper central region and near the
nodule of Arantius.

The Sinuses of Valsalva are the three distinct dilations on the root that support the leaflets
and are named according to their inclusion of the coronary ostia (Figure 2.3 (left)). The
right, left and non-coronary sinuses extend from the sinotubular junction to the anatomic
ventriculo-aortic junction, whilst the leaflets extent slightly further to the virtual basal ring,
which is the nadir point of the semilunar attachments of the leaflets, and is usually referred
to as the annulus [51,52]. The triangularly shaped spaces in between the neighbouring
leaflets, with their sides and base being the semilunar attachments of the leaflets and the
virtual basal ring respectively, are known as the interleaflet triangles.

Sinutubular junction Crown-like
semilonar attachments

Anatomic ventriculo-aortic junction
Virtual basal ring

Figure 2.3 Exterior view of the aortic root, indicating the position of the coronary ostia on the
sinuses (left) (from [56]), and the outlined features of the aortic root and the conventional naming
adapted in this text (right) (from [52]) - in reference to Figure 2.1.

The sinotubular junction, which is nearly circular, is defined as the ring outlined by
connecting the upper most peripheral attachment points of the leaflets to the sinuses and is
the border line between the aortic root and the ascending aorta [51, 52]. Starting from this
border, the commissures are the small parallel running sections of two neighbouring leaflets.
The ventriculo-aortic junction is a ring-like border between the muscular ventricle structure
and the fibro-elastic wall of the aortic sinuses [52].

The aortic valve functions passively and opens during the systolic phase of the cardiac cycle
as a result of blood being forced to push open the leaflets on its way to the ascending aorta.
The ventricular pressure reduces after reaching its peak, at about 120 mmHg, and in turn
causes the aortic pressure to reduce which results in closure of the valve at just below 100
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mmHg [52]. All structures proximal to the leaflets-sinuses semilunar attachment lines are
subjected to the ventricular pressure changes, whilst the distal sections are subjected to
aortic pressure changes [52]. The upper portion of the root expands during the systolic phase
to facilitate the retraction and opening of the leaflets. The lower part of the root however
expands during the initial stages of the systolic phase, and contract when the ventricular
pressure is at its peak in order to reduce the traveling distance required for leaflets
coaptation [51].

The sinuses play two crucial roles in the general physiology of the aortic root. Firstly, they
provide an adequate amount of space behind the leaflets so that they do not occlude the
coronary ostia when fully opened. Secondly they allow for the development of eddy currents
in these spaces that hold off the leaflets at an optimal point, so that they can easily be
caught by the reversely flowing bloodstream and coapt at the end of the systolic phase [51].

—\ O =

Figure 2.4 Two-dimensional schematic drawing of the aortic root flow pattern (adapted from [57])

The average resting heart rate of an adult is between 60 to 80 beats per minute (bpm) [58],
which is an indication of the amount of complex cyclic dilation/contraction that the aortic
root goes through every second. It is therefore essential to have a good understanding of the
histology of the aortic root and valve tissues to be able to develop a reliable computational
model that can correctly estimate its biomechanical behaviour.

2.2 Histology of the aortic root and valve tissues

2.2.1 Histology of the aortic valve’s leaflets

The aortic valve leaflets are mainly made up of three layers that are named according to
their anatomic location, cellular composition, extracellular matrix and biomechanical
properties [55].
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These layers are:

e Fibrosa
e Spongiosa

e Ventricularis
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Figure 2.5 A schematic sectional view of the aortic valve leaflet showing its layered configuration of
Fibrosa, Spongiosa and Ventricularis [59] (Note the folded, stacking configuration of the collagen fibres
in the Fibrosa at the central region of the leaflet) (left). Sectional microscopic image of an aortic
valve leaflet, outlining its three layers [60](right).

The cellular architecture of the leaflets is mainly made up of valvular interstitial cells (VIC),
smooth muscle cells and myofibroblasts that are enclosed by a layer of valvular endothelial
cells (VEC) [55] (Figure 2.6). The fibrosa, which is the main load-bearing layer, contains
type one and three fibrillar collagens that have folded configuration at the leaflets central
region and unfold when the leaflet is radially stretched [55]. These are mainly oriented
circumferentially, hence making the fibrosa stiffer in this direction. The ventricularis
consists of a radially aligned matrix of elastin that adds more compliance to the leaflets. The
glycosaminoglycans (GAG) in the spongiosa layer facilitate the rearrangements of the fibres
in the ventricularis and fibrosa during the considerably high deformations.

Leaflets, by dry weight, contain approximately 50% collagen and 13% elastin [61]. Although
this might suggest that elastin’s contribution to the leaflets biomechanics is minimal relative
to collagen, it is believed that elastin is responsible for the considerable part of the leaflets
ability to extend beyond 50% strain and successful recoil - in addition to the collagen
realignment and straightening action before full engagement- during the diastolic phase of
the cardiac cycle [59].
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Figure 2.6 Cellular architecture of the aortic valve leaflts [55].

Studies conducted to investigate the influence of collagen fibres on the biomechanics of
leaflet tissue have reported that for the duration of the high strain stage, these fibres help to
efficiently reduce the critical stress in the sensitive parts of the leaflets and stabilize their
motion, in both systolic [62] and diastolic [63, 64] phase of the cardiac cycle.

2.2.2 Histology of the aortic sinuses

Histologically, the aortic sinuses have layered structure similar to those of large arteries and
are made up of three layers:

e Intima
e Maedia
e Adventitia

A schematic of the idealized architecture of the layers is shown in Figure 2.7. The Intima (1),
which is the thinnest and innermost layer, mainly consists of a single sheet of endothelial
cells followed by a membrane base and sub-endothelial layer of collagen fibrils. The Media
(M) is separated by elastic laminae in to a number of fibre-reinforced transversely isotropic sub-
layers consisting of elastic and collagen fibrils along with smooth muscle cells. The Adventitia
(A), which is the outermost layer, is mainly composed of thick bundles of collagen fibrils
that are helically arranged [65].
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Figure 2.7 Idealized histological architecture of a healthy human artery, outlining its layered
structure (from [42,65]).

2.3 Biomechanics of the aortic root and valve and

characterization of their tissue properties

The aortic root is a dynamic structure that experiences continuous and complex mechanical
loading patterns during the cardiac cycle that can initiate permanent tissue scarring and
degradation. Figure 2.8 shows a schematic of a normal aortic root during the systolic and
diastolic phase of the cardiac cycle, and outlines the types of forces experienced by the
leaflets. It also shows the histological layers of the tissue, and how their constituents react in
response to the induced forces.

In normal physiological conditions, the leaflets are subjected to an orthogonally acting
transvalvular pressure of between 80 to 120 mmHg, with Fibrosa being the main supporting
structural layer [34]. Thubrikar [66] who made use of marker-fluoroscopy with radiopaque
markers positioned on canine aortic leaflets, assuming cylindrical geometry of the aortic root,
measured a membrane circumferential stress of 0.167 and 2.4 kPa during systole and
diastole. Somewhat similar results has been reported by other researchers utilizing finite
element models with the major sources of discrepancy being the simplistic assumptions and
approximations made for the tissue material behaviour and the root geometry. In one of the
earlier FE models developed by Cataloglu et al. [67], based on a human aortic leaflet
thickness of 0.6 mm and a pressure of 144.7 mmHg, the maximum principal stress was
reported to be 2.19 kPa, which is comparable to the experimental results from Thubrikar’s
study.
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Figure 2.8 Two-dimensional schematic drawing that outlines the mechanical forces experience by the
aortic valve leaflets during systole (left) and diastole (right), from both structural and histological
points of view (from [34]).

High regional shear and bending stresses experienced by the leaflets, which can cause tissue
degradation, is of major physiological and pathological importance. If the tissue is already
affected by a disease, such as RHD or endocarditis, these regions become even more
vulnerable due to the existing lesions. During the systolic phase, the ventricular sides of the
leaflets experience shear stress as a result of blood flowing past the leaflets. In the diastolic
phase, the aortic side of the leaflets experiences oscillatory shear stress due to blood pooling
in to the sinuses and the formation of vortices. These vortices are, however, proven to reduce
bending stress on the leaflets and aid coronary flow [66].

The leaflets are subject to a considerable amount of bending during the cardiac cycle. When
the tissue bends, the convex and concave sides of the leaflets are wunder tensile and
compressive stress respectively. The collagen and radially aligned elastic fibres can freely
bend circumferentially and do not have significant resistance in this direction. The leaflet’s
semilunar attachment lines, which act like a hinge to allow for their easy movement, and the
leaflets belly, which experiences curvature reversals, are the two regions particularly under a
considerable amount of bending stress.
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Figure 2.9 (left) shows the two common patterns of degradation and calcification observed
form structural examination of affected leaflet tissues. It can be seen that the coaptation
band and the semilunar attachment lines (extending towards the belly region) are the most
affected regions due to the highest shear and bending stress occurring in these sections.

Figure 2.9 The common patterns of age related degradation and calcification observed from structural
examination of affected leaflets (left) (adapted from [68]). An excised leaflet of an aged human (right)
(from [35]).

2.4  Pathology of the aortic valve leaflets

Aortic Stenosis and regurgitation are the two major conditions that may severely disrupt the
function of the aortic valve. In this section, a brief explanation of each condition will be
provided.

2.4.1 Aortic stenosis

Aortic Stenosis (AS) is the medical term for the narrowing of the aortic valve due to
congenital malformation or degeneration/damage of the leaflet, which is either due to
deposition of calcium or ARF, that cause inflammation and thickening of the tissue. The
abnormally thick or fused-together leaflets either do not close properly or obstruct the flow
of blood, forcing the heart to work harder to compensate [69].

In the congenital case, the abnormalities include leaflet malformation, abnormal attachment
of the leaflets to the root, and incorrect valve size formation. Bicuspid Aortic VValve Disease
(BAVD) is the most common congenital aortic valve disease and it is estimated that about
2% of the population is affected by it [70]. As the name suggests, the valve consists of only
two leaflets which may severely affect its function.
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Figure 2.10 Comparison between normal and malfunctioning aortic valve leaflets in opened and
closed arrangements [71].

Calcific aortic stenosis, on the other hand, can occur due either to age-related inflammatory
degradation of the leaflet tissue, which is being subjected to continuous “wear and tear”, or
as a result of biochemical and humoral processes [72].

It is believed that the mechanism of calcific AS development is, in many ways, similar to
atherosclerosis. In the initial stage of the process, mechanical stress causes endothelial injury
which allows for the penetration and accumulation of inflammatory cells and lipids [72].
Progression beyond this stage will cause the tissue to considerably thicken and the
inflammation process to continue, with bone lamellar and calcific lesion formation in the
fibrosa that extends to the surface on the leaflet on the aortic side. This process ultimately
stiffens the leaflets up to an extent that they are not able to flex adequately and will lose
their compliance. This in turn hampers the valves functionality by causing blood flow
blockage that can be fatal if not treated. A histological sectional view of this process is
presented in Figure 2.11 (right), showing the significant structural change that caused
considerable thickening of the leaflets.

Rheumatic AS is identified by a triangular orifice formation due to commissural fusion,
calcification and thickening of the leaflets. The inflammation, scarring and degeneration
mainly occurs on the edges of the leaflets and is due to the reaction of the body’s immune
system to the infection caused by the group A streptococci bacteria. Rheumatic fever almost
always affects the mitral valve first. Therefore, rheumatic aortic valve disease is usually
occurs in conjunction with rheumatic mitral valve disease.
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Figure 2.11 A photograph of a calcified aortic valve leaflets (left), and histological sectional view of a
leaflet affected by calcification that shows its histological alteration (right) (from [55]).

2.4.2 Aortic regurgitation

Aortic regurgitation AR is the condition in which the aortic valve leaflets cannot effectively
stop the backflow of blood in to the left ventricle at the end of the systolic phase. In addition
to the factors that cause AS, infective endocarditis and disease that affect the aortic root and
annulus -such as the idiopathic aortic root dilation- are also the reasons behind AR.

2.4.3 Diagnoses of aortic valve disease

For the past three decades, major advancements have been made in understanding and
diagnostics of aortic valve disease. The diagnosis is made by running a few tests that help
the cardiologist to evaluate the type and severity of the disease. Echocardiography is the key
non-invasive imaging technique used in this regard [71]. It utilises ultrasound waves to
generate real-time 2D or 3D dynamic images of the heart that allow the cardiologist to
observe, listen and make the necessary measurements to be able to assess and make the
correct diagnoses.

2.5 Characterization of the aortic root and valve

biomechanical tissue property

Uniaxial and biaxial testing is performed on specimens taken from human and animal aortic
root tissues in order to characterize and compare their mechanical behaviour. The aortic
root’s tissues are known to be inhomogeneous, viscoelastic, anisotropic and nonlinear [33].
However, in an effort to simplify and allow for reproducibility of the experimental results, an
appropriate preconditioning cyclic loading regime is adopted to reduce tissue hysteresis and
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stabilize its mechanical response. In these experiments, the common assumption is that the
tissue is homogeneous and incompressible.

Figure 2.12 shows two samples of stress-strain plots from two different studies performed on
aged human leaflets, with the presence of calcific deposits, and sinuses. These plots allow for
graphical representation and quantification of the nonlinear and anisotropic behaviour of the
tissues in their respective two dimensional axes (circumferential/radial for the leaflets and
circumferential/longitudinal for the sinuses).
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Figure 2.12  Equibiaxial experimental stress-strain data of aged human specimens: the aortic valve
leaflets (left) (from [35]) and sinuses (right) (from [37]).

For the purpose of better understanding the tissue response, each plot can be divided into
three phases according to Figure 2.13. In the initial stage of loading, the tissue behaves
isotropically and is much more compliant relative to the second and third stages, which is
due to the straightening/realignment action of the wavy collagen fibres and the presence of
elastin. It is known that the collagen fibres are stiffer than elastin and as they unfold and
become straighter and more aligned with loading axis, the tissue becomes stiffer and the
strain increase is considerably less than the previous stage.

Srun

Figure 2.13 The schematic diagram of a typical stress-strain plot, showing the suggested
categorization in to three main stages according to collagen fibre morphology (from [73]).
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Although the circumferential response of the leaflets is expected to exhibit a relatively stiffer
response due to the mainly circumferentially aligned collagen fibres, from the plot in Figure
2.12 (left) it can be seen that very low to no strain increase is visible in this direction, and
cannot easily be divided in to the suggested three stages. This is due to the existence of
calcium deposits on the leaflets that has affected the histological structure of the tissue and
severely stiffened its response.

With regard to the material response of the sinuses, it has been reported that with ageing,
the aortic collagen density increases and their waviness is considerably reduced [74]. These
factors cause the tissue to exhibit stiffness response and become less compliant in both the
longitudinal and circumferential directions.

Due to the limited availability of human samples, porcine and ovine aortic root tissue data
are commonly used as an approximation for aged human data in the material models
employed in computational simulations. Martin et al. [37] has recently performed biaxial
tests on sample lealets of young porcine, ovine and aged human (80.6+ 8.34) aortic leaflets,
to put in perspective the differences between the tissues of these species. He has reported
that, anatomically, the human and the ovine leaflets samples were the thickest and thinnest
of the three, with the porcine sample being considerably thinner than the other two. From
the histological point of view, the human and porcine leaflets samples had considerably more
collagen fibres in comparison to ovine sample and that the Spongiosa layer in ovine sample
where the thickest of the three species. Further, the human samples exhibited a considerably
stiffer mechanical response in the circumferential direction than the other two samples.

A similar study [35] was carried out for the comparison of the sinus’s tissue responses of aged
human and young porcine tissues. Ten aged human tissues, with a mean age of 90.1 * 6.8

years, were compared against ten 6 to 9 month old porcine tissues. It was reported that the
thickness of the samples were somewhat similar, and histologically the porcine tissue
contained relatively higher amount of elastin, which made it more compliant than the human
sample. The elastin fibres of the human tissue were appeared to be straighter and thinner
than that of the porcine sample. Further, the mechanical response of the human tissue
exhibited a much stiffer mechanical response than that of the porcine and that the porcine

tissue showed a somewhat “linear” response with greater compliance at low stresses.

Both of these studies conclude that there are significant differences in structural composition
and mechanical response between the considered samples, and questions the validity of the
studies conducted by approximating the response of aged human aortic tissues with that of
porcine or ovine.

29



The Aortic Root and Valve

2.6 Multi-Slice Computer Tomography imaging and the aortic

root three-dimensional model extraction

2.6.1 Multi-Slice Computer Tomography (MSCT)

MSCT images are obtained via a CT scanner that has an X-ray tube and rows of detectors,
which rotate around the patient, capturing both volumetric data and cross-sectional images
(see Figure 2.14). The various atomic densities of different tissues cause different attenuation
of the X-ray fan beam passing through, with the highest attenuation occurring in tissues
with the highest atomic density, hence producing grey-scaled image slices. The rotation
allows for the calculation of attenuation at every single point of the slice and therefore

produces a cross-sectional image of the concerned section of the patient’s body. MSCT is the
most recent development in the spiral computed tomography technology with the scanners
being equipped with multiple thinner detector rows and allowing for faster x-ray tube
rotation, hence improving the quality of the data captured and therefore improving the
quality of the 3D model that is later extracted [75].

X ray tube

Patient
% X ray beam

Gantry Detectors

Figure 2.14 Simplified schematic of a MSCT or MDCT scanner showing it main components (left)
(from [75]) and the samples of thinly sliced images that are recorded and later processed for the
purpose of 3D anatomical model extraction (right) (from [76]).

2.6.2 Three-dimensional model extraction of the aortic root

The mid-chest area MSCT images of two patients were provided by SAT, in the DICOM
(Digital Imaging and Communication in Medicine) format, for the purpose of three-
dimensional aortic root model extraction®. The image processing software ScanlP was used
for this purpose, which allows for 3D image data visualization and model generation [76].

! The use of these images was approved by the University of Cape Town’s Ethics Committee (see
Appendix A).
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Hence, each patient’s aortic root model was extracted by firstly cropping the aortic root’s
region and a small section of the left ventricle and ascending aorta from the rest of the
image. Several experiments were carried out to determine the optimal grayscale threshold
band that allow for the optimal segmentation of the lumen (meaning blood which appears as
a luminous medium in CT images) in the aortic root and aid in clutter reduction. The
segmented lumen was then extracted as a 3D model and the surrounding unwanted three-
dimensional clutter, which was unavoidable during segmentation, were deleted by using a
combination of 3D modification tools. The Gaussian recursive filter and several other 3D
model processing tools were utilized to smoothen the raged surface of the 3D model and to
further improve its shape. Although the walls of the aortic root were faint and mostly
invisible, a combination of the available enhancing filters that allow for outlining some of the
faint feature in the images were used to improving its visibility. Thereafter, the lumen model
was duplicated and dilated until it was observed that the aortic root walls were fully covered
with little to no overextension. The core lumen model was then deleted. The appearance of
the aortic root model was further enhanced and compared with the CT images to ensure that
it is as similar as possible to the imaged anatomy. Figure 2.15 shows the step by step
evolution of this process for the first patient. The extracted roots are shown in Figure 2.16.

It should be mentioned that due to the thin structure of the aortic leaflets, their
segmentation and extraction were not possible. Therefore, the native leaflets models were
created in SolidWorks (Dassault Systemes, USA), based on the observation from the MSCT
images, and were later attached to the roots. This process is described in Chapter 4. Each patient-
specific root’s short and long diameters were measured using Simpleware’s 3D measuring tool
and are shown in Table 2.1.
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Figure 2.15 The step by step process of extracting the first patient’s aortic root. At the top, the

orientation of the anatomical planes, used for visualizing and segmenting the root, are shown.
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These models were initially imported into Solidworks for further 3D processing and leaflets
model creation, and then were imported to Abaqus for their FE model creation and

assembly.

First patient Second patient

Figure 2.16 The extracted three-dimensional models of the first and second patient’s aortic
roots. For both patients the measured wall thickness was approximately 1.35 mm.

Table 2.1 The measured dimensions of the annulus of the patients.

Short axis (mm) Long axis (mm)
First patient 19.65 22.3
Second patient 17.0 18.8
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Chapter 3

Finite Element Model of the Stent and
Prosthetic Valve

This chapter presents a description of the procedures followed in developing a finite element
model of the 23 mm percutaneous prosthetic aortic valve, designed by Strait Access
Technologies (SAT), which will be used for the patient-specific TAVI simulations in chapter
4. The flow chart below shows a summary of this process:

Stent Mesh .| Stent Material Model
Generation Definition

A

A 4
Solver Choice

v

. Prosthetic Leaflets
Prosthetic Leaflets Material Model

Mesh Generation Definition

v

Crimping Plates and
Balloon Model
Creation

v

A 4

Geometrical
Comparison with
Laboratory Results
for Validation

Stent and Prosthetic
Leaflets Mesh
Sensitivity Study

A 4

Figure 3.1 The flow chart of the procedure followed in developing the finite element model of the
stent and prosthetic valve.
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3.1 The finite element method

Many scientific and engineering physical phenomena can be described using partial
differential equations (PDE), which are often of nonlinear nature. Solving these equations by
analytical methods for arbitrary geometries is almost impossible [77]. The finite element
method is a powerful numerical approach through which these PDEs can be solved
approximately. In all applications, the purpose of the analysis is to solve for a field quantity
such as displacement or temperature [77].

The basic idea of the finite element method is to divide the domain of interest into a number
of subdomains or finite elements, such as quadrilaterals, triangles, tetrahedra or hexahedra
(see Figure 3.2). The relevant field quantity, for example displacement for stress analysis,
over an element is interpolated from its nodal values, which are the inter-elemental
connection points. The solution for the entire geometry can then be obtained when the
elements are connected together and the field quantity is interpolated over the entire domain
in a piecewise manner. In general, the accuracy of the solution improves with an increase in
the number of elements (and hence nodes); however, this increases the computation time and
hence results in an increase in the cost of the analysis [77].

! ) 1

Figure 3.2 An example of a complex geometry (patient-specific aortic root) which is discretized using
quadrilateral shell elements.

In the context of TAVI, finite element simulations can be used to study the following topics:

e stress distribution in the stent as a result of large deformations due to crimping,
deployment, and interaction with the aortic root and leaflets;

o the percentage of radial recoiling and axial extension/foreshortening of the stent after
crimping and deployment;
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o stress development in the aortic roots and leaflets for predicting potential tissue
damage; and

o the possibility of coronary ostia obstruction by the prosthetic valve and/or the
defective native leaflets;

3.2 Finite element model of the stent

3.2.1 Element selection and considerations

Depending on the geometry of the stent, occasionally these are modelled using beam or shell
elements. However, hexahedral elements are more frequently used [31,48-50,78] to capture
the local peak stress and strain.  This is due to their ability to provide a good balance
between accuracy and computational efficiency. As stents are mainly loaded in bending, the
linear fully integrated hexahedral element is not suitable for this type of application due to
its tendency to become overly stiff in such loading applications, a condition commonly
known as “shear locking”. This phenomenon occurs due to the sides of the element not being
able to bend to curve when it is subjected to bending, and as a result, conforming to an
auxiliary shape shown in Figure 3.3 (right). This in turn results in development of tensile
and compressive stresses in the upper and lower surfaces of the elements respectively, which
is visible from lengthening and shortening of these faces. Looking at the plotted lines going
through the integration point, it can be seen that their orthogonality is lost in the auxiliary

shape, which indicates the existence of shear stress o,, at these points. Theoretically this is
not correct due to the assumption that in a section of a material that is subjected to pure
bending, the shear stress is zero. The consequence of this phenomenon is that the parasitic
shear absorbs strain energy that results in smaller bending displacement, stiffer reaction and
spurious stresses [79,80].
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Figure 3.3 A 2D view of a fully integrated linear hexahedral element (left) that is deformed (right) by
being subjected to pure bending (adapted from [79]).

The shear locking problem is alleviated with the incompatible mode and reduced-integration
linear hexahedral elements. The incompatible mode element’s displacement field is
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augmented internally with additional displacement modes, which improve their behaviour
when subjected to bending by eliminating the parasitic shear stresses that cause the artificial
stiffness in fully integrated element. However, this element is computationally more
expensive than the reduced-integration elements due to the added extra modes and its usage
of full integration [80].

With regard to reduced-integration elements, locking is mitigated by the uniformly reduced
integration scheme it utilizes, therefore making it computationally more efficient due to only
having a single central integration point. A major disadvantage of this element is that it can
result in a mesh instability phenomenon commonly known as “hourglassing”. This
phenomenon occurs due to the presence of spurious zero energy modes that interfere with the
true response of the element and can severely affect the solution accuracy. Figure 3.4 shows
a 2D schematic drawing of a linear hexahedral reduced-integration element and its inability
to detect strain at its integration point due to the hourglassing effect. In order to avoid any
potential problem, at least four elements should be used through the thickness of the
structure along with appropriate hourglass controls. With this approach, each element
detects either tensile or compressive axial strain, not both, and hence the problem is
alleviated. To make sure that hourglass controls do not significantly alter the solution, the
Artificial Energy (AE) used to control hourglassing should be monitored to be not more than
1-2% of the Internal Energy (IE) [79].
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Figure 3.4 A 2D view of a reduced-integrated linear hexahedron element being subject to pure

bending, outlining its inability to detect strain at its integration point (a). The usage of four elements
across the concerned thickness will mitigate this problem (b) (adapted from [79]).

The linear reduced-integrated hexahedral element are used more often than the incompatible
mode element in studies concerning finite element analysis of stents, despite their
underestimation of stress values. This is due to their ability to provide a good balance
between accuracy and efficiency. However, a well-structured mesh of incompatible mode
elements, with a minimum of four elements across the thickness and width is known to give
good results in bending dominated problems [79]. In this study, efficiency was one of the
major considerations and hence reduced integrated elements were primarily chosen for the

37



Finite Element Model of the Stent and Prosthetic Valve

stent, and provision was made during mesh generations to allow for upgrading to the
incompatible mode elements for the mesh sensitivity study.

3.2.2 Mesh generation for the stent

The 23 mm diameter balloon expandable SAT stent was designed to have one-third cyclic-
symmetric geometry. A 3D computer model of its one-third geometry was provided by SAT
to be used for its full model generation. As can be seen in Figure 3.5, it has a relatively
complex geometry and is comprised of several thickness and width changes throughout its
structure. In order to be able to generate an optimal structured mesh of hexahedral
elements, the one-third model was partitioned into 10 geometrical sections that were
categorized in sets so that they could be selected separately and meshed using a suitable
meshing technique. However, even with this approach, the formation of structurally sub-
optimal elements in the geometrically complex regions, such as the central section which is
the meeting point of the two halves of the scallop and the bottom section, continued to
affect the quality of the mesh in the surrounding region. Comparing the two meshes
generated with and without the employed technique, it was observed that the shape quality
of the elements in these regions was noticeably improved in the latter case and their adverse
effects on the mesh quality of the surrounding partitions were substantially reduced.

Aortic end (top)

(b)

() (d)
Left ventricular end (bottom)

(@)

Figure 3.5 The front view (interior) of the one-third cyclic-symmetric geometry of the SAT stent (a),
showing two of its most complex regions, i.e. the upper side arms (b) and the central section (c). The
full 3D solid model of the stent (d) was created in Abaqus.
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For the partitioning to be possible, the virtual topology tool in Abaqus was used extensively
to combine faces and edges, and to correct some of the extremely small faces that were not
recognised by Abaqus during the importing process. Among a few meshing techniques and
algorithms that Abaqus utilizes, the structured, sweep and bottom-up techniques performed
optimally and hence were utilized for the appropriate partitions.

Based on the observations made from other similar studies and the recommendations on the
usage of the reduced-integrated hexahedral element in bending dominated problems, and
finally, keeping in mind the possibility of upgrading to incompatible mode elements later,

initially a mesh architecture of at least 4 elements across all thickness artd elements pep0°
bend was adopted, which resulted in a total of 319008 elements. In order to conduct a mesh
sensitivity study to determine the most appropriate mesh density for the final FE model of
the stent later, the initial mesh density was doubled and used as the second mesh (see Figure
3.6). These details of these generated meshed are shown in Table 3.1.

Table 3.1 Details of the three generated meshes for the stent.

Mesh Type of element Number of elements

S1 C3D8R 319008
S2 C3D8R 638016
S3 C3D8lI 319008

The generated meshes were checked and their quality verified using the mesh verification
tool in Abaqus, which examines factors such as elemental shape and size metrics
characteristics and reports any potential problems.

(a) (b)

Figure 3.6 Two cutaways sections of the stent’s top crown, showing the density of the first (a) and
second (b) meshes genrated for the mesh sensitivity study.
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3.2.3 The material model for the stent

The SAT stent is made of cobalt nickel chromium molybdenum (CoNiCrMo) alloy, originally
known as MP35N, which is highly corrosion resistant and has relatively superior fatigue
strength that makes it a suitable material for this type of application [81]. In this study, the
mechanical response of this alloy is modelled as an isotropic elasto-plastic material, with a
linear elastic initial response followed by plastic behaviour with isotropic hardening, using
the mechanical properties and the stress-strain experimental data shown in Table 3.1 and
B.1 (see Appendix B). This is the most common approch adapted for the material modelling
of stents made of similar materials in other relevent studies.

Table 3.2 The mechanical properties of the MP35N alloy used in this study (from SAT)

Parameter Value
Density 8415 kg/m?®
Young’s modulus 239.5 GPa
Poisson’s ratio 0.3775
Yield stress 350 MPa

Ultimate Tensile Stress 1520 MPa

3.3 Solver choice

Finite element analysis of TAVI contains all forms of nonlinearity in structural mechanics,
namely material geometric and contact. Hence, a decision had to be made on the type of
analysis procedure to be employed based on its ability to handle the severe nonlinearities
present in the process. For this reason, following the work by Auricchio et al. [49], a trial
simulation was set up by using the first generated mesh of the stent and creating a catheter
part for crimping it (see Figure 3.7), which was meshed with 8760 reduced-integrated surface
elements. The catheter diameter was set to be slightly larger than the stent outer diameter
to avoid initial contact between the two. A radial displacement boundary condition was
defined for the catheter’s outer surface to crimp the stent to 6 mm diameter. An axial
displacement boundary condition was defined for a single node of an element in one of the
struts of the stent to constrain the geometry from axial movement. A static general analysis
step, as part of Abaqus/Standard, was defined for this analysis with a surface-to-surface
contact for catheter-stent interaction and self-contact for the stent’s self-interaction. A
frictionless hard contact property was assigned to these interactions to avoid any associated
numerical issues.
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Figure 3.7 The assembly of the stent and catheter, showing the applied displacement boundary
condition to the catheter (arrows) to crimp the stent to 6 mm diameter.

Many issues were observed as the process for solving the problem progressed. Convergence
was the main issue, and despite many modifications made with regard to the incrementation
variables and contact settings, all of the simulations aborted at some stage of the simulation
process.

Thereafter, the focus was shifted to Abaqus/Explicit which is the second finite element
analysis product incorporated in the package and is primarily designed for short duration
dynamic events such as ballistic impact and drop testing simulations. Based on the
information provided in the documentation of the software, its ability to efficiently handle all
forms of nonlinearities and simulations involving large models, for a given limited computer
hardware, makes it well suited for the simulation of variety of quasi-static events. Almost all
of the studies on the FEA simulation of TAVI, which used Abaqus, and were viewed by the
author chose the explicit dynamic solver for their analysis due to its ability in handling the
numerical complexities associated with this type of application. However, there are special
considerations in utilizing this solver for the particular class of problems that this study is
concerned with. These are will be discussed in the next two sections.

3.3.1 An overview of the Abaqus explicit dynamic solver

The explicit dynamic procedure in Abaqus duly makes use of an explicit integration scheme,
commonly referred to as forward Euler or central-difference method, for integrating the
equations of motion [79]:

it1 i
wi u"'Tl-l-At 2—1— At >

. . . 1
u£-+l =1 + Ate-+lut+2 \

whereu, u andu are velocity, acceleration and displacement respectively, with “i” denoting
the increment number. The computational efficiency of this procedure is due to its utilization
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of diagonal elemental mass matrices that makes the calculation of the accelerations at the
beginning of an increment simpler, since both the inversion of a lumped matrix and its
multiplication with a vector are much less computationally intensive [79]. Thus

uf =M Y(F’ -17)

where N4 the diagonal lumped mass matrix, withF and Idenoting the applied and
internal load vectors. The central difference method is conditionally stable and its stability is
dependent on the magnitude of the time incrementation At The Ilimit on the time

increment, given in terms of the highest eigenvalue of the system (without damping), can be
written as

2

(
““J'm,m.‘::

At <

Abaqus/Explicit has two methods for estimating the appropriate time incrementation:
element-by-element and global. An analysis always starts with the element-by-element
estimation, since it is the more conservative than the other, and may switch to the global
method if the accuracy of the solution is acceptable. However, for the latter method, if the
cost of determining the global time estimation is more than its benefit, the code will only
implement the element-by-element method to save computation time. An additional

“improved” elemental characteristic length estimation is available for certain element types
(plane stress and three-dimensional continuum elements) that result in larger stable time
increment utilization compared to more traditional methods [79].

Despite the need for large amounts of small time increments in an analysis using the explicit
dynamic solver, these increments are relatively inexpensive. Hence, it is an attractive
analysis procedure for problems where the dynamic response time to be modelled is longer by
a few orders of magnitude relative to the incremental stability limit. Abaqus/Explicit can
efficiently treat severely discontinuous forms of nonlinearities, such as complex contact,
which also makes it an attractive candidate for modelling static processes where very general
complicated three-dimensional contact is present in deformable bodies. Its general contact
algorithm allows for easy and efficient definition of contact between all or selected regions of
the model with a single definition. However, it should be mentioned that its elemental
library has fewer element types than Abaqus/Standard and mostly includes first-order
elements with some exceptions [79].
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3.3.2 Quasi-static analyses

In the context of dynamic analyses, a static solution is a long-time solution and hence often
computationally impractical to be solved in its real time scale using the explicit dynamic
procedure due to the excessive number of very small time increments required. The aim is to
model the problem in the shortest possible time, whilst ensuring that the inertial forces are
insignificant. Increasing the loading rate and mass scaling are generally the two ways in
which this can be achieved, whilst ensuring that the total Kinetic Energy (KE) is a small
fraction, i.e. between 5 to 10%, of the total Internal Energy (IE) of the system [79].

With regard to the loading rate, in order to be able to model a problem that involves a rate-
insensitive material quasi-statically, the time period T associated with the lowest frequency
of the relevant mode of the structure at hand is of interest since the response of the structure
is dominated by this mode [79,82]. This period can be determined by using the equation

T 1 (3.1)

fst.r"u.(:t'u. rad

with f.;,......; being the frequency of the relevant mode of the structure. This period is the
minimum time that can be used for the loading step and is used for the estimation of the
impact velocity for loading the structure. The general recommendation is that the impact
velocity should be less than 1% of the wave speed in the material of the structure [79]. In
conjunction with a smooth and gradual application of load, this will allow for a quasi-static
response of the structure and avoid localization, whilst keeping the kinetic to internal energy
ratio within acceptable limits [79].

Mass scaling, on the other hand, allows for an artificial increase in the stable time increment
by increasing the mass of the structure. This has a direct impact on the dilatational wave
speed in the material, resulting in the reduction of the analysis time. The dilatational wave
speed in a material and the stable time increment can be roughly estimated by the equations
[79]

Cqg=+4/— , At =— |
P Ca
where L¢, E and pare the smallest characteristic elemental length, Young's modulus and
material density respectively. Similar to increasing the loading rate, mass scaling adds
unwanted inertial effects and can cause undesired deformations in the concerned structure.
Hence, trial simulations should be conducted to find the optimal mass scaling factor so that
the simulation time can be reduced whilst obtaining acceptable results.

In Abaqus there are two mass scaling approaches available, namely fixed and variable, which
allow for specifying either a direct scaling factor or a desired stable time increment as bases
for calculating the corresponding scaling factors. The difference between the two methods is
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that for the fixed approach, the scaling factor is applied at the beginning of each analysis
step, whilst for the variable approach the masses of the elements are periodically scaled
during the step. The second method is most useful when elements experience large
deformations or their stiffness properties change drastically during the analysis step [79].

With regard to the trial crimping simulation of the stent that was carried out at the
beginning of this section, a natural frequency extraction analysis was performed to determine
its lowest radial mode frequency, which was found to be 769.2 Hz. Using equation (3.1) the
minimum period that could be used for the concerned quasi-static analysis step was

calculated to be 1.3 x 10~* (s). Hence an explicit dynamic simulation was subsequently
defined with the previously mentioned boundary conditions, using the calculated period for
its duration. The simulation was conducted using a quadcore desktop computer, which took
31 hours to complete and encountered no problems. Therefore Abaqus/Explicit was chosen
to perform the required TAVI simulations in this study. Figure 3.8 shows the deformed
configuration and stress distribution of the stent.

3.4 The finite element model of the prosthetic valve
3.4.1 Mesh generation for the prosthetic leaflets

A single 3D shell model of the SAT’s one-third cyclic-symmetric leaflet was used to generate
the full geometry of the prosthetic valve in Solidworks (see Figure 3.9). The linear reduced-
integrated large strain triangular shell element was used for meshing the leaflets. This
element is computationally efficient, has no propagating hourglass modes [79] and is better
suited for this particular topology and application where the geometry is subjected to large
rotations and folding during the crimping and deployment procedure [79].

(@) (b)

Figure 3.8 The front view (interior) of a single shell model of the SAT prosthetic leaflet(a) that was
used to generate the full geometry of the valve (b).

44



Finite Element Model of the Stent and Prosthetic Valve

Initially, the quadrilateral shell element with reduced integration was used for meshing the
leaflets. However, due to the repeated occurrence of excessive mesh distortion as a result of
structurally suboptimal elements, and the need for repeated mesh refinement, which required
having to start with an approximate global element size of 0.1 mm, it was decide to switch
to triangular elements. With this element, the maximum approximate global elemental size
that could be used for the first mesh, with no mesh distortion problem, was 0.3 mm, which
allowed for a much more efficient mesh sensitivity study. Table 3.2 shows the details of the
five generated meshes for the prosthetic valve that will be used for the mesh sensitivity
study.

Table 3.3 The details of the prosthetic valve meshes.

Mesh  Approximate global element size (mm) Number of elements per leaflet

1 0.3 6273

2 0.25 10382
3 0.2 17002
4 0.15 24812
5 0.1 67949

3.4.2 The constitutive material model for the prosthetic valve

The leaflet of interest is made of polymer and is 15@m thick. The stress-strain results of
the uniaxial test conducted on the polymer to characterize its mechanical response (see
Table B.2 in Appendix B) were provided by SAT and were used to determine the most
suitable constitutive material model for it. The material evaluation tool in Abaqus was
utilised for this purpose, which allowed for fitting a suitable material formulation to the test
data. The isotropic hyperelastic material model proposed by Marlow [83] matched the
experimental data optimally and hence was chosen for the leaflets (see Figure 3.10). This
model is given by

v =U(J)+ U(I)
5 2 5 2 ~ 2 . -~ I
where I, = X"+ A, + A, with A, = JV3 N

with the U(J) and ¥(I;) denoting the volumetric and deviatoric part of the potential

respectively and Xeing the deviatoric stretches [79,83]. According to the Abaqus
documentation, when only one set of data is available for isotropic hyperelastic material, the
model proposed by Marlow is recommended to be adapted for the material. In this process,
Abaqus constructs an energy potential to reproduce the uniaxial data exactly, which will
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perform reasonably well in the other forms of deformations [79]. The version of Marlow’s
hyperelastic model that is implemented by Abaqus is a special case of the proposed dual
strain invariant based potential, where only the first strain invariant is used, allowing for the
exact fitting to the experimental data. For this material, the deviatoric part of the potential
was defined by the uniaxial test data and the volumetric part from the defined Poisson's
ratio of 0.41.

an (MPn)
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Figure 3.9 Curve fitting to the experimental uniaxial test data, using the isotropic hyperelastic
material model proposed by Marlow.

3.5 The crimper and the finite element model of the balloon

The SAT stent is crimped to 6 mm diameter before being delivered to the aortic valve
location for deployment. The crimper used for this purpose consists of 12 plates which are
designed to apply a radial force to the stent to crimp it to the desired diameter. In this study
each of these plates was modelled as a single analytical rigid plate with a length and width of
40 and 25 mm to avoid loss of contact when the stent elongates as a result of crimping. It is
then patterned circumferentially around the stent to a total number of 12 plates and was
only allowed to interact with the stent and prosthetic leaflets during the simulations.
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25 mm

40 mm

Figure 3.10 An analytical rigid plate (left) that is patterned circumferentially (right) to mimic the
action of an actual crimper.

The catheter to be used for the expansion and deployment of the stent was designed to have
an initial diameter and length of 0.8 and 35 mm respectively to fit axially in between the
prosthetic leaflets without any initial interaction. It was modelled as a deformable surface,
and was meshed with reduced-integrated four-noded quadrilateral surface elements, which is
computationally efficient and suitable for this kind of application. According to the study
conducted by Grogan et al. [84] the use of a catheter as a replacement for the balloon to
deploy the stent yields similar results for both deformation and stress distribution, whilst
eliminating the complexities associated with modelling a balloon and simulating its inflation.
A rigid cylinder with the same length as the catheter and a diameter of 0.9 mm was created
for the purpose of enfolding the balloon and preventing the crimping prosthetic leaflets from
deforming it in the crimping analysis step. It should be noted that the interaction between
these two parts are disabled during the TAVI simulations.

The catheter in
its expanded stage \

The enfolding cylinder

The catheter in
its initial stage

Figure 3.11 The created model of the catheter (and the enfolding cylinder (blue)) shown in its initial
(cutaway view) and expanded form.
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3.6 The crimping of an actual model of the stent for use in

validation of the numerical results

In order to be able to validate the results of the mesh sensitivity simulations, an actual
model of the stent was crimped in the SAT laboratory, using the manual crimper that
consists of 12 plates (see Figure 3.13). Before doing so, its top and bottom diameters and its
length were measured and recorded. These measurements were repeated for the recoiled
stent, and the results are shown in Table 3.2. It should be mentioned that all measurements
were repeated three times and the presented values are the calculated means.

@ (b)

(d)

Figure 3.12 A photograph of the crimper used in the experiment (a), outlining the configuration of
plates during the crimping process (b). The undeformed geometry of the stent used in this experiment
(c), and two views of its crimped geometry (d).

The elastic radial recoil “R¢, ” of a stent is mainly dependent on its geometry, material and
strut dimension [85] and is best expressed as a percentage. It is a major design factor, which
is generally desired to be minimized specifically after the stent’s deployment. Percentage
radial recoiling of a stent after crimping can be calculated using the following [86]
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where “D” denotes the diameter of the stent at a particular stage, which is indicated as a
superscript. Following a similar logic, the percentage lengthening of a stent after crimping
and recoiling can be calculated by the following equation

LR(fnii’w-d o L()'r'.i_qin,rmi
Recoiled _ avg avyg
L% - L()r-igi'n.u.l x 100 !
avy

with “L” being the length of the stent at a particular stage. Using these equations, the
percentage radial recoil of the stent’s top and bottom crown and percentage lengthening were
calculated and are also shown in Table 3.2.

Table 3.4 The recorded measurements (mm) of the stent’s dimensions before and after the crimping

experiment, and its calculated percentage radial recoil and lengthening.

Geometry Top Crown @ Bottom Crown @ Length

Undeformed 22.60 22.91 23.67

Recoiled 6.43 6.63 29.06
Ro/ Crimped L‘f Recoiled

7.17 10.50 22.77

3.7 Determining the most suitable mass scaling factor for the

stent and its mesh sensitivity study

3.7.1 Mass scaling

Before conducting a mesh sensitivity study for the stent, the most suitable mass scaling
factor had to be determined by running a number of trial simulations. Hence, an analysis
model was created for the first mesh of the stent to be crimped by the crimping plates. The
analysis step time for this simulation was set to be equal to the time period associated with
the lowest radial mode frequency of the mesh found in Section 3.3.2. A boundary condition
was defined for a node in a designated section of the stent to prevent axial translation. A
displacement boundary condition with a smooth amplitude curve was prescribed for the
plates to crimp the stent from 23 mm to 6 mm diameter (see Figure 3.13).
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Figure 3.13 The assembly of the crimping plates and the stent. The displacement boundary condition
applied to the plates to crimp the stent is shown with orange arrows. The magnified red dot outlines
the position of the displacement boundary condition applied to a node on the stent to prevent axial
translation.

Several trial simulations were conducted to correct the general issues and assess the effect of
different mass scaling factors on the energies of the system and on the stent deformation to
obtain the most suitable scenario. By comparing the results, it was concluded that the use of
variable mass scaling allows for superior results. It was found that the problematic elements,

which are mainly located in the complex regions of the stent, cause the initial stable time

10

increment to be as small as 7.14 x 10" s. Hence, by defining a target stable time increment

for the analysis step to be equal to the average stable time increment of the stent’s mesh, i.e.

5.19 x 10~%, a good balance was achieved between speeding up the simulations and keeping
the inertial effects lower than the recommended 10% threshold (see Figure 3.14). With this
scenario, the crimping simulation took 4.5 h to complete. This is a major improvement
compared to the simulation conducted at the end of Section 3.3.2, which did not make use of
mass scaling. Therefore, the same approach was adopted for the other meshes during the
mesh sensitivity study.
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Figure 3.14 The internal and kinetic energy (m]) graphs of the mass scaled stent after its crimping
simulation. The calculated KE/IE ratio is 8.2%.

3.7.2 The mesh sensitivity study of the stent and validation of results

At the end of Section 3.2.2, two stent meshes were presented which were created by
reviewing other similar studies and taking into account the recommendations on the element
choice for bending dominated problems. In this section, a mesh sensitivity and validation
study is conducted using those meshes in order to be able to choose the most suitable case
that will allow for accurate and efficient TAVI simulations.

The crimping simulation involving the first mesh, in the previous section, was rerun with an
additional analysis step in which the stent was allowed to recoil. With the results of this
simulation at hand, a similar analysis model was created for the second mesh. Further, in
order to assess the performance of incompatible mode elements, an additional analysis model
was created with the first mesh, in which the element type was accordingly changed. The
results of these simulations are shown in Figure 3.16. The time taken for each simulation
along with the KE/IE and AE/IE ratios, and the percentage radial recoil and percentage
lengthening were calculated for comparison with the experimental results for validation, and
are shown in Table 3.3.

From a geometrical point of view, it can be seen that the recoiled geometry of the stent with
incompatible mode elements is different to that observed in the laboratory experiment. The
inward buckling of the scallops is also not observed in the simulations with the other two
meshes. The recoiled geometries of S1 and S2 however are very similar to those of the
laboratory experiment. The difference between the highest stress values observed in these
two meshes is approximate 3.4%, which is relatively insignificant, specifically when the time
taken for each simulation is also considered.

The calculated AE/IE ratios of S1 and S2 are 2.68% and 1.46%. Although at first this might
indicate that the S1 results are affected by the hourglass control utilised; however it should
be noted that the recommended threshold of 2% for this ratio is a general guideline and it
can be seen that for this specific case, the result is not significantly affected and S1 provides
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a good balance between accuracy and efficiency. Hence, S1 is seen to be the better of all the
three meshes and was therefore chosen for the TAVI simulations.
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Figure 3.15  The results of the mesh sensitivity simulations (MPa) that were conducted in order to
choose the most appropriate stent mesh for the TAVI simulations. From the top: S1 mesh one with
reduced-integrated element; S2 mesh two with reduced-integrated element; and S3 mesh one with
incompatible mode element.

Table 3.5 The calculated percentage dimensional change and energy ratios of the mesh sensitivity
simulations at the end of the recoiling step.

Mesh R, 7 top Ry, 7P bottom Lo, #0°ed AE/IE (%)  KE/IE (%)  Time (h)
Experiment 7.17 10.50 22.77 - - -
s1 6.83 8.83 25.75 2.60 8.22 9
S2 8.67 13.50 25.49 1.46 8.16 26
s3 6.50 10.83 25.05 - 8.08 53
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Figure 3.16 The Artificial (AE), Internal (IE) and Kinetic (KE) energy-time graphs of the crimping
and recoiling simulation of the first mesh of the stent (S1).

3.8 The mesh sensitivity study of the prosthetic valve

An experimentally measured left ventricle and aortic pressure profile of a single systolic-
diastolic cycle of a resting heart with a rate of 70 bpm was provided by SAT to be used for
assessing the stent’s performance after its deployment and subjection to cyclic loading as a
result of interacting with the native valve and root. The pressure profile on the leaflets was
acquired by subtracting the ventricular from the aortic pressure profile. In order to be able
to include this pressure profile in the quasi-statically run mesh sensitivity simulations, its
period had to be scaled down. This period had to equal the period associated with the
leaflets’ lowest structural frequency, which dictates the total simulation time. Therefore, a
frequency analysis was performed on the leaflets and their structural mode frequency and
associated period were found to be 83 Hz and 12 ms. The original and scaled pressure
profiles are shown in Figure 3.17.
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Figure 3.17 The unscaled (left) and scaled (right) pressure profiles corresponding to the aortic region
of the heart.
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An analysis model was created for each generated mesh of the leaflets, in which a
displacement boundary condition was defined for the nodes on the edges of the leaflets to
prevent them from any movement in order to mimic their connection to the stent.
Thereafter, a pressure load was defined on the leaflets, using the generated scaled leaflet
pressure profile. Figure 3.19 shows the highest von Mises stress observed at the end of one
cardiac cycle in each mesh. The time taken for each simulation to complete is also indicated
next to each data point. As can be seen, the difference between the maximum stresses of the
fourth and fifth mesh is very small, i.e. approximately 0.28%. However, the time taken for
the simulation with the fifth mesh is approximately 2.3 times higher. On the other hand, the
difference between the maximum stress in the third mesh and the two proceeding meshes is
0.93 and 1.2% respectively, whilst this mesh is 3.6 and 8.5 times more efficient than the
other two. This makes the third mesh a better choice than the fourth mesh since it offers a
good balance between accuracy and efficiency.

4 - 4 S
3h40min 8h33min

3.9

3.8 -

3.7 |

3.6

3.5 4

Max. Von Mises Stress (MPa)

3.4

0 20 40 60
Number of elements per leaflet (x1.E3)

Figure 3.18 The results of the mesh sensitivity study at the end of a cardiac cycle, conducted for the
prosthetic leaflets.
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Chapter 4

Finite Element Models of the Aortic
Roots and Native Leaflets, and
Simulations of Patient-Specific TAVI

This chapter presents a description of the procedure followed in developing the finite element
models of the aortic roots and leaflets of the two patients whose anatomies were extracted
from MSCT images and presented at the end of the second chapter. Further, the steps taken
in setting up the finite element analyses of TAVI for each patient are outlined. The flow
chart below shows a summary of these processes:

Creation of the 3D
—» model of the native
leaflets

Patient-specific aortic
roots mesh generation

Implementation of Benchmark
the constitutive [ simulations
material model

v

Mesh sensitivity study

v

Addition of the calcific
components

v

Setting up the TAVI
simulations

Figure 4.1 The flow chart of the procedure followed in developing the finite element models of the
patient-specific aortic root and leaflets, to be used in the finite element simulations of TAVI.
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4.1 The 3D models of the patient-specific aortic roots and
leaflets and their mesh generation

41.1 Element selection

Modelling patient-specific aortic roots and leaflets as thin shells instead of solids is a common
approach in computational studies [50,87-90] in order to reduce the analysis cost of the
required simulations. In this study a similar approach is adapted and the aortic roots and
leaflets were modelled as thin shells and meshed with reduced-integrated large-strain
quadrilateral shell elements, in order to have an economical simulation and optimally capture
the geometry of the models. This is a robust and efficient element and is suitable for a wide
variety of applications. However, due to the reduced integration scheme used by this
element, the artificial energy of the model, which is added to suppress hourglassing, should
be monitored to be less than 1-2% of its internal energy [79].

4.1.2 The patient-specific aortic root mesh generation

After the extraction of the patient-specific aortic root models, they were imported into
SolidWorks to be converted into shell models and to eliminate their ragged edges. In order to
generate an optimal structured mesh for each patient-specific root, their complex areas were
partitioned into several rectangular faces to help improve the structural quality of elements
in those regions during mesh generation (see Figure 4.2). Thereafter, a combination of the
meshing tools and techniques in Abaqus were utilized to mesh these faces.

Due to the geometrical complexity of these models, the generation of an optimal mesh that
captured all the multifarious concave and convex surfaces of the roots was a challenging task
and dictated an approximate global element size of less than 0.4 mm. Hence, the meshes for
the both patients’ roots were generated using an approximate global element size of 0.3 mm,
which resulted in 31860 and 22755 elements respectively. Compared to similar studies that
used comparable elements, the generated mesh is finer and is expected to offer relatively
accurate results. In order to ensure of this, a second mesh was generated for the first patient
with the approximate global element size of 0.2 mm, which resulted in 70794 elements, to be
used in the mesh sensitivity study, so that the results of the two can be compared and an
optimal element size can be chosen for meshing the patient-specific roots and leaflets.
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Figure 4.2 The three stages of mesh generation for the first (left column) and second (right column)

patient’s 3D aortic root models. The last row shows the first generated mesh for both patients.
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4.1.3 Creation of the native valve leaflets

The native aortic valve leaflets were drawn and added to each root model in SolidWorks by
mimicking their observed individual coaptation pattern in the MSCT images of the patients.
They are then retracted slightly to create an opening configuration to avoid initial contact
with the stent during its recoiling step. These models were then imported into Abaqus to be
meshed. Since the geometry of these generated models was relatively simpler, no partitioning
was required and these were meshed with the same approximate element size as the roots.
Each set of leaflets were then attached to the appropriate root by constraining the degrees of
freedom of the nodes on the attaching edges of the leaflet to move with those of the aortic
root along this attachment edge.

Figure 4.3 The view from the left ventricle of the first (top) and second (bottom) patients’ native
leaflets, drawn based on the observations from the MSCT images and their attachment to the
respective aortic roots. The nodes on the attachment edges that were used to assemble the leaflets on
the respective root are shown in red. These leaflets were modelled with the thickness of 0.5 mm.
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4.2 The Constitutive Material Model of the Aortic Roots and
Leaflets

As mentioned in the first chapter of this thesis, the aortic root and leaflet tissues are known
to be nearly incompressible and can be modelled as a hyperelastic material with anisotropic
response. In this study, the invariant based hyperelastic anisotropic material model proposed
by Holzapfel et al. (2000) [39], which was further improved by Gasser et al. (2006) [42] for
arterial wall tissue, is implemented for the patent-specific roots, by incorporating two
families of collagen fibres (see Figure 4.4 (left)). In order to be able to do this, a global
cylindrical coordinate system had to be defined for each of the aortic roots, which served as a
guide for the individual elemental coordinate system to which the fibre direction are applied.
For the native leaflets on the other hand, one family of collagen is defined circumferentially
to mimic the architecture of the tissue. A separate local coordinate system was defined for
each leaflet to be able to assign the fibres circumferentially to their elements (see Figure 4.4

(right)).
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Figure 4.4 The adapted fibre architecture for the aortic roots (left) and native leaflets (right).

The material parameters of the material model were obtained from a study by Morganti [47]
who used biaxial and uniaxial test data from studies by Martin et al. [37] and Stradins et al.
[91] on the human aortic sinuses and leaflets tissues.
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4.2.1 Continuum mechanical framework of the implemented constitutive material
model

In order to summarize the general continuum mechanical equations that provide the
description of the deformation and the stress response of anisotropic hyperelastic materials,

consider a solid body 3B, in the reference or undeformed configuration atf,. Two
neighbouring material points characterized by their position vectors X(¢,) and Y(t;) relative
to a fixed origin is defined on3,,. It is then assumed that body 2B,moves to acquire a hew
configuration & time t, known as the deformed or current configuration, under the motion
 that carries the two material points to their new position denoted by x 2 (X,t) andy =
¢ (Y,t) on Bee Figure 4.5) [92].

A crucial quantity in nonlinear continuum mechanics is the deformation gradient F, which is

a second order tensor that maps a line element dX in the reference configuration to dx in the
deformed configuration, hence

dp(X, )
X

dx = F(X,t)dX with the definition F(X,t) =

time £t =0
lags| =1

©

Figure 4.5 Deformation of a line element dX =Y — X with ay, = % and dl =Y —X| in the

reference configuration at t = 0 to dx =y —x with length |y —x|=Xdl in the current
configuration at time t (adapted from [92]).
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For a material that incorporates two families of fibres as reinforcements, the stress at a
material point depends on F and the two preferred directions, commonly known as fibre

direction. These directions at material point X € B, are defined as two unit vectors a,(X),

lag;| = 1 and a,,(X), |a,,] = 1 and their presence are assumed to be the only anisotropic
property that the solid possess. Under a deformation, the fibres move with the material
points of B, and attain their new configuration at the deformed state B Therefore, the new

fibre directions at point x€ B, are defined by the unit vectoes, (X, t)a,| =21landa, (X,
t), |a,| = 1. The length changes of the fibres can be determined by the stretch \along their

individual direction a,,and a,, which is the ratio of the length of a fibre element in the
current and reference configurations. For a single fibre direction, shown in Figure 4.5, the
stretch vector is defined as [92]

A

Apl (

X, t) =F(X,t) ay, with [X ay, =X, (4.1)

= \a, . (4.2)

Ay 1

By combining (4.1) and (4.2), the following equation is driven to relate the fibre direction in
the reference and current configurations

Aa,(x,t) = F(X,t) a, (X).
The square of stretch can then be found by

a,; " Ay,
= a F'Fa,, =a Ca with C=FTF
- 01 - 01 — <01 - 01 v - "

Hence, it can be seen that fibre stretch is dependent on the fibre’s direction in the reference
configurationa,,, and the strain measure known as the right Cauchy-Green deformation

tensor {92].

It is further assumed that the concerned solid is hyperelastic and characterized by Helmholtz
free energy function(per unit reference volume). Since the directions are deformation
dependent, it is required for the free energy to be explicitly dependent on the right Cauchy-
Green deformation tensor &hd the two fibre directions, andajn the refgrence

configuration. Since there is no restriction on the senses of the fibre directions, V¥ is taken to
be an even function of a,, and a,,. By introducing the second order structural tensors A

and A, which are the tensor product of a,, ® a,, and a,, ® a,,, the Helmholtz free-energy
function may then be written as [92]

T =0(C,ALA,) . (4.3)
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Now, in order to be able to express a scalar-valued tensor function in terms of principal
invariants, a fundamental requirement needs to be satisfied. Known as the “representation
theorem for invariants”, it states that the free energy must remain unchanged if it undergoes

any rotation denoted by the proper orthogonal tensor {92]

¥(C,A,A,) =7(QCQM, QA,Q",QA,QY) . (4.4)

Since it is a requirement for the free energy to be independent of the coordinate system,
hence satisfying the objectivity condition, and sinCe A, andA.,are defined in the
reference configuration, they remain unaffected by superimposition of rigid-body motion on

the current configuration and consequently (4.4) is satisfied. Therefore, ¥'(C, A, A,) may be
expressed as a function of independent invariants of its arguments [92]

U =V[[(C),1,(C),I1,(C),I1,(C,ay),I;(C,a, ), I4(C,a,,),
I.(C,a,,), I,(C,a,,a4,), I4(a,,a,)] , (4.5)
with
I(C) =trC = N2+ XN + N,
I, C :%[(trC)z Ctr G = NN £ NN 4NN (4.6)

I,(C) = detC = J* = \2X2N?

177273

— —_ 2
I, Ca; =a, .Ca, =A*,

_ 2
I; Ca; =a;, .C%a ,

I(C,ay,) = ay, . Cag, = A* N
I,(C,ay,) = ay, .Ca, ,

I,(C,ay,a4,) =a,, .Cay, ,

Iy(ay ay,) = (ag, -ay,)” . J

The invariants /,, I, and I, are identical to those in the isotropic case. The pseudo-

invariants 1, and I; and I; to I, characterize the first and second family of fibres with
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direction a,, and a,, respectively. The constitutive equation for the stress in the Lagrangian

description, i.e. the second Piola-Kirchhoff stress S, is found from [92]

CLOU(CLA LA R0, I)d,
S=2 e =l (4.9)
with
81’1_8trC_8(I:C)_I )
ac — aCc — aCc
a1, 1 otr(CY _
56 =3 (20T =11-c. —
al,
—=,LC"',
oC J
ol
a—é =a,®a ,
oI, o
8—6 =ay ® Ca, +a,C ® ay
01, )
ac ~ A2
4.12)

ol - |
87(; = ag, ® Ca(,g + a()gc ® a9 »
Ol 1
8—8 = 5(301 ®ay, +a;, ®ay) . 7

By substituting (4.10), (4.11) and (4.12) in to (4.9), the expression for S can be rewritten as

S =2 [(6—_[1-'_ 16—1-2) I—a—j_zc + I{a—[; C_l +8—I4A1 +6—I.) (a(]l ®Ca[]1 + a(lic ®a(u)
o o 10w
+ 8—_[(]A2 + 6—.[7(&“2 ® Ca()Q + a()QC ® a()2) +§8—I8(am_ ® a,
+ay, ®ay) (4.13)

For a hyperelastic material with one family of fibres, the free energy depends on C and A |,

therefore

U =¥(C,a, Qa) .
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There are only two additional invariants to the isotropic case i.e. I, and I, and the stress is

given by
_ ov(C,a;, ®@ag) _ > 6‘11(11,...,15) ol,
5=z oC =7 Zl o1, oC
ov ov ov ov
= —+ I, —|I-—C+I,— C!
: [(811 4 8]2) ! ol, s ol, )
ov Ny

+ 6—.74&(”® a,; + ol (a;, ® Cay, +2,,C Qay,)|. (4.14)

The Cauchy stress o for the two cases can then obtained by a push forward operation on
(4.13) and (4.14) using the relation

o=J'FSFT

where J = detF.

4.2.2 An overview of the Holzapfel and Gasser (2006) constitutive material model
and its parameters

In the material model proposed by Holzapfel et al. (2000), the Helmholtz free energy
function is decoupled into volumetric [and isochoric ywarts to allow for modelling

compressible behaviour of the arterial tissue and avoid numerical complication when full
incompressibility cannot or is not desired to be implemented. Thus,

U=U(J)+ ¥(C,ag,ay)

where U(.]) is the volumetric and Ws the isochoric contribution to the free energy. The

proposed isochoric strain-energy functionlis split into isotropic abid, anisotropic T
parts, with each part being associated with the respective response of the tissue at different
strains. This is based on the histological findings that the wavy collagenous fibres in the
arterial wall are not activated at low strains and hence, the isotropic part of the strain
energy function is only associated the mechanical response of the matrix material. On the
other hand, at relatively high strains, the collagenous fibres almost entirely provide

resistance to the applied stretch and their mechanical response is assumed to be governed
by E-;Lnihu'
is [39]

Hence, the proposed additive decomposition of the isochoric strain-energy function

C)+w

i (C,a(,i,am) = lpis—m( 'ani:-.n(E? amaaoz) ) (4.15)

64



FE Models of the Aortic Roots and Native Leaflets, and Simulations of Patient-Specific TAVI

where C=FTF=J %%C | F=(J "“I)F.
Following (4.4) and (4.5), (4.15) is written as
(C A A ) 15()(‘[1 IZ) ‘I’thn(‘[l IZ Il I ) . (416)

In the case of assuming full incompressibility I; = detC = 1 and is therefore omitted form
the function. For further simplification and minimizing the number of material parameters,

the model adapts the reduced form given below, by omitting the invariants 1, I, I; and Ig.
Thus,

E (63A13A2) = Eisn(‘rl) + ‘I’an)(fi Ih) . (417)

As mentioned in the previous section, I, and I; are the stretch measures for the two families

of fibres in the a,, and a,, directions and the anisotropy in the model arise from their
existence. The classical neo-Hookean model is adapted for the isotropic part of the strain

energy. For the anisotropic part, on the other hand, the strain energy stored by the collagen
fibres is described by an exponential function, which is motivated by their strong stiffening

effect at high strains [39]

Eis()(‘[l) = c(ly —3) . (4.18)
Ea,nis-.o(‘{l Ib Z {E‘Xl) I - ]- - ]-} (419)
le i—4,6

Combining (4.18) and (4.19), the further simplified free energy function of the model is given
as

U= ¢, (I, —3) Z {explhy(Iy; — 1)%] — 1}, (4.20)

2,12

where i runs over the number of fibres,I,jis the square of stretch in the i direction, the
¢y > 0 and k&, > 0 are stress like parameters, and k,is a dimensionless number. It should be

noted that appropriate choices for £, and k, drive the histologically based assumption that
at low strain, the collagen fibres do not influence the response of the tissue. Another
important assumption in this model is that the fibres are only active in extension and cannot
sustain compressive load due to their wavy structure. Hence, the anisotropic part of the
strain-energy function would only contribute when the fibres are in extension i.e. when

I, >1 and I; > 1. If any of these conditions is not satisfied, the relevant part of the
anisotropic function is discarded from (4.20) [39].

In the improved model, proposed by Gasser et al. (2006), the anisotropic part of the free
energy function is modified to account for fibre dispersion
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U= cy (h —3) + ;Tl Z {explky(rly + (1= 3K)1y; — 1)) = 1} . (4.21)

2 =12

Here « is a constant that incorporates the effect of fibre dispersion in the model and can be
determined experimentally or with material parameter calibration. When =0, no fibre
dispersion is accounted for, i.e. perfect alignment of fibres with the specified directions, and
when « = = the fibres are randomly distributed, resulting in isotropic response of the tissue
[42].

For the aortic root and leaflet FE models, it was assumed that the material and structural
properties were constant over their respective geometries and that the fibres are embedded in
the plane of the individual elements with no radial component. The calibrated material
parameters that are used for the roots and leaflets are given in Table 4.1. In this study, the
two of family of fibres are assumed to have the same mechanical properties and hence having
the same i:and valpes. Since Abaqus/Explicit has no mechanism to implement full
incompressibility, a Poisson’s ratio of 0.49 is used for both tissues, which is consistent with

parameters acquired from the study by Morganti.

Table 4.1 The calibrated material parameters for the Holzapfel and Gasser (2006) material model
acquired from Morganti et al. [47]. Note that~ is the defined angle between the two families of fibers

in degrees.
Model Material Parameters
crplkPa)  ky(kPa) ko k 7 (deg)
Aortic Roots 38.01 852.5 2245 0.22 38.5
Leaflets 41 14.71 3.83 0.05 -

4.2.3 The benchmark simulations for validating the correct implementation of the
constitutive material models

In order to ensure that the methodology used for the implementation of the fibre orientations
is correct, the uniaxial benchmark simulations of the adventitial layer of human iliac arteries,
which is modelled using the Holzapfel and Gasser (2006) material model with two families of
collagen fibres presented in [79], are replicated and the results are compared. The
orientation, dimensions, loading and boundary conditions applied to the two excised axial
and circumferential specimens are shown in Figure 4.6. Similar to what is presented in [79],
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the simulations were conducted using the Abaqus/Standard with material parameters shown
in Table 4.2.

Axial\ | 1 | R—

7}

Zl.\"l

g—

Circumferential

Figure 4.6 The adapted definition of the orientation of the two families of collagen fibres on the two
specimens from the adventitial layer of human iliac arteries presented in [79]. The loading and
boundary conditions applied to the strips for the benchmark simulations are shown on the right.

Table 4.3 The Holzapfel and Gasser (2006) material model parameters used in the benchmark study
(from [79]).

b4 Material Parameters
crp(kPa) &y (kPa) k. K v (deg)
Holzapfel and Gasser 3.82 996.6 524.6 0.226 49.98

In the simulations presented in [79], the reduced-integrated hexahedral element is used to
mesh the specimens. Since in this study the aortic root and leaflets are meshed with the
reduced integrated quadrilateral shell element, the replicated benchmark simulations are
performed using this element so that the results can be compared for both correctness of
implementation and elemental performance.

Figure 4.7 and 4.8 shows the results of the benchmark simulations. As can be seen, the stress
distribution and the response of both the axial and circumferential specimens are very
similar to that of the ones presented in [79]. As can be seen from Figure 4.8, the

circumferential specimen has stretched more than the axial. This is due to ~being larger

than 90 — v and hence the fibres having to rotate through a larger angle to become aligned
with the load, resulting greater elongation of the specimen.
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Figure 4.7 The results of the benchmark simulations, showing the stress in the direction of the
applied load for the specimens cut in axial (top) and circumferential (bottom) directions. The left
column shows the results for the quadrilateral shell elements and the column on the right shows the
results of the same simulation, using reduced-integrated hexahedral elements, presented in [79].
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Figure 4.8 The graph of load vs. displacement response of the benchmark simulations.

4.3 Mesh sensitivity study of the aortic root and leaflets

In order to reduce the cost of the mesh sensitivity study, it was decided to conduct it in the
form of valvuloplasty, using the created catheter. As mentioned in section 4.1.2, since the
focus is on two topologically similar patient-specific anatomies, the mesh sensitivity study
was only conducted for the first patient’s generated meshes and the results were to be used
to choose the most suitable global approximate element size for both patients. Hence, a
separate analysis model was created for each mesh of the first patients’ aortic root and
leaflets. Before proceeding to import the balloon in to the assembly module of the analysis
models, a frequency analysis was conducted to determine the lowest radial mode frequency of
the root-leaflets assemblies and the associate period, which was found to be 11.6 Hz and 86
ms. Thereafter, the balloon was imported into the assemblies and aligned with their central
axis. An explicit dynamic analysis step was then defined for each analysis model, assigning
the respective time period associated with the found frequency as the duration. A radial
displacement boundary condition with a smooth amplitude curve was prescribed for the
catheter to expand to a diameter of 23 mm to mimic the action of a balloon. Following the
work by Morganti et al. [48], a displacement boundary condition was defined for the edges of
the root, i.e. the ventricular out flow tract and the ascending aortic side, to constrain them
to their original plane of configuration, whilst allowing for radial movement. The interaction
between the catheter, leaflets and the root was defined using a frictionless contact property.
These simulations were conducted using a quadcore desktop computer.
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By comparing the results of the two simulations, it was observed that the stress distribution
pattern in both meshes was similar and that the peak stress in the second mesh was higher
by 4.2%. For the native leaflets, these maximum stresses were mainly observed at their
central/belly and commissures region. For the aortic root on the other hand, the maximum
stresses were mainly observed at the interleaflet triangle regions. The time taken for these
two simulations to complete was 4 and 7.5 days respectively. Despite the underestimation of
the stress values by a narrow margin, the first mesh allowed for a simulation that was 1.87
times more efficient than that with the second mesh.

It should be noted that the stable time increment of the stent mesh is smaller than that of
the other parts in the simulations and therefore dictates the time increment advancement of
the entire simulations. With the relatively longer periods required for the analysis steps
involving the loading of the aortic roots and leaflets, it can be seen that efficiency of TAVI
simulations is highly dependent on the correct choice of the mesh density for these
anatomies. With this in mind, it can be deduced that the mesh density associated with 0.3
mm approximate global elemental size will substantially improve the overall efficiency of the
TAVI simulation, whilst allowing for an acceptable level of accuracy. Figure 4.9 shows the
stress distribution in the chosen mesh.

S, Mises

SMEG, (fraction = -1.0)

(Avg: 75%)
+3.288e+00
+3.014e+00
+2.740e+00

5, Mises
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+8.890e+00
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Figure 4.9 The stress distribution (MPa) in the aortic root and leaflets of the chosen mesh.

A similar valvuloplasty simulation was conducted for second patient’s geometry, in order to
assess its performance. It was discovered that at 21 mm expansion of the catheter, the root’s
tissue could not handle the induced amount of stretch. This was due to its noticeably smaller
annular dimension relative to the stent. Hence it was decide to expand the stent to 20 mm
diameter in the TAVI simulation, taking in to consideration the further narrowing of the
root due to the addition of the calcific components to the leaflets.
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4.4 Addition of the calcific components to the native leaflets

In order to be able to see the stenotic components, the MSCT images of the two patients
were further processed using the available filtering tools in ScanlP. Thereafter, these
components were segmented and converted to three-dimensional models in order to assess
their proportions, position and individual shapes so that they could be replicated and added

to the patient’s leaflets models (see Figure 4.10).

Figure 4.10 The identified calcific components that were segmented and converted to 3D model (left)
and the their FE model on the native leaflets (right) for the first (top) and second (bottom) patient.

For both patients, no calcific components were observed on the concerned sections of the
aortic roots; these were mainly concentrated on the leaflets. For each patient, the thickness
of the segmented calcific components was measured and their average was calculated to be
2.7 and 2.3 mm for the first and second patient respectively, so that the entire lesion could
be modelled with the same thickness. They were then added to the respective leaflets by
initially marking their observed positions and then offsetting elements from the underlying
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leaflets i.e. increasing their thickness, with linear hexahedral incompatible mode elements.
Following the work by Morganti et al. (2014) [48] the calcifications was modelled using a
density of 2000 kg/m?, Young’s modulus of 10 MPa, and Poisson ratio of 0.35.

4.5 Patient-specific finite element analyses models of TAVI

procedure

The finite element analysis model of the TAVI procedure for each patient was set-up by
creating an analysis model and importing the respective FE models of the patients’s root and
leaflets into its assembly module. The constraint defined for attaching the leaflets to the
root, and the boundary condition defined for restraining the motion of the aortic root-leaflets
assembly, mentioned in the previous section, was replicated for the second patient. The FE
model of the stent was then added to the assemblies and aligned with their central axis
which was also set to be the main alignment axis of the assembly. This was done by
following the positioning and deployment instruction set out by SAT, which requires that
the nadir of the stent scallops should approximately match with the nadir of the native

leaflets. The SAT leaflet’'s FE model was then imported into assemblies, aligned with the
stent, and attached to it by defining a similar attachment constraint that was defined for the
roots and leaflets. Thereafter, the crimping plate was imported and tangentially aligned with
the stent and patterned around it to form the crimping mechanism. The balloon and its
protective cylinder were then imported and aligned with the central axis of the assemblies.

The following analysis steps and boundary conditions were then defined for each analysis
model:

Step 1: Crimping

In this step, a radial displacement boundary condition with a smooth amplitude
curve was prescribed for the plates to crimp the stent from 23 mm to 6 mm diameter.
The restraining displacement boundary condition defined to prevent axial movement
of the stent, mentioned in the Section 3.7.1, was repeated here. The duration of the

step was set to be equal to the calculated period associated with the stent’s radial
mode frequency. Each individual plate was only allowed to interact with the stent
through frictionless contact since the required friction coefficient for the two
materials was unknown.

Step 2: Recoiling

In this step, the crimping plates are moved radially outwards, allowing the stent to
recoil freely without any interaction with the surrounding parts in the assembly
except for itself. The time period used for this step was the same as the previous
step.
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Step 3: Expansion/ Deployment

For this step, a radial displacement boundary condition with a smooth amplitude
curve was prescribed for the catheter to expand the stent to 23 mm diameter in the
first, and 20 mm in the second patient’s geometry. The displacement boundary
condition that was applied to the edges of the root in the mesh sensitivity study to
restrain their motion was repeated here. The required interaction between the
catheter and the stent was defined using the same interaction property in step 1. A
new interaction property was defined for the contact surfaces of the stent with that
of the root, leaflets and calcific components to take into account the friction involved.
Since the friction coefficients between stents and aortic root tissues are currently
unknown, in this study the approach by Wang et al. [31] is adapted and a friction
coefficient of 0.1 was defined for this property. The initial boundary condition used
for the stent to prevent it from axial movement in step 1 was propagated to this step.
The time period set for this analysis step was the calculated period associated with
frequency of the radial mode of the concerned root and leaflets.

Step 4: Relaxation

In this step, the balloon is crimped radially inward to leave the stent in its expanded
state and allow it to go through its second recoiling phase. The time period set for
this step was the same as the first step.

In order to be able to use the experimentally measured systolic-diastolic pressure profiles,
shown in Figure 3.18, to assess the performance of the stent during its interaction with the

aortic root and native valve for the individual TAVI simulations, their period had to be
rescaled to that of the respective period associated with the frequency of the individual aortic

root and leaflets. These profiles were then applied to the appropriate sections of the
concerned anatomies, which are colour coded according to the respective pressure profile (see

Figure 4.11).
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Figure 4.11 The scaled pressure profiles of the first (left) and second (right) patients applied to the
corresponding colour coded aortic region of the heart (bottom). Note that the leaflet pressure is
applied to the prosthetic leaflets during the TAVI simulations.

Hence the fifth analysis step was defined to be:

Step 5: Interaction

The pressure profiles are applied to their respective surfaces by defining a pressure
load for each. The boundary condition defined for the aortic root edges in the
preceding steps is propagated to this analysis step along with all of the interaction
definition. The displacement boundary condition that was applied to the stent in
steps 1-4 was however cancelled in this step to allow for the free interaction of the
stent with the aortic root/leaflets and the calcific components. The time duration of
this step was set to be the same as the third step.
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Chapter 5
Results and Discussion

This chapter presents the results of the patient-specific TAVI simulations. Firstly, the
general outcomes of the TAVI procedure for each patient are discussed, and thereafter the post-
operative performance of the stent in each individual case is presented.

The simulations were carried out on a 16 core computer. Typical run times for the full
simulations were well in excess of 15 days. For the second patient, some sections of the
calcific components resulted in excessive element distortion and, as a result, difficulty in
completing the simulation. Thus, while all four stages of the simulations were completed for
patient 1, for patient 2 the simulation was stopped at the primary stages of step 4.
Nevertheless, the results obtained for patient two sufficed to give a good indication of
mechanical response of soft tissues and stent, during the implantation procedure, and these
results are presented in this chapter along with those for patient one.

5.1 General outcomes of the TAVI simulations

Figure 5.1 shows the stress distribution in the deformed configuration of aortic root and
native valves for the two patients at the end of the expansion/deployment simulation step.
This is one of the most crucial stages in of the simulations, since at this point the aortic root
and leaflet tissues have to stretch to accommodate the catheter and the stent, and may
become damaged or torn during the process. As can be seen, the stress is mainly
concentrated in the interleaflet triangle and annulus regions of the aortic root walls, which
are the narrowest sections of the root that has to stretch relatively more in order to expand
to the designated deployment diameter of the stent. The maximum principal stresses in the
aortic root and valve tissues were observed to follow approximately the defined collagen fibre
directions (See Figure 5.2). This is consistent with the results of previous studies, which
implemented an anisotropic material model for the aortic root and valve [88].
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Figure 5.1 The stress (logarithmic-MPa) distribution in the deformed configuration of aortic roots
and leaflets for the two patients at the end of the expansion (a,c) and relaxation (b,d) simulation

steps.
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For the leaflets, the stress concentration is observed to be mainly in the belly region and is
distributed circumferentially. The circumferentially oriented family of fibres in the leaflet
tissue, and the accumulated calcific components that have caused the severe narrowing of
the valve regions and act as an obstruction during the deployment process, have led to the
stiffer response of the tissue. The effect of the calcific components in particular can clearly be
seen by comparing the results of the mesh sensitivity simulation conducted using the first
patient’s anatomy, presented in Figure 4.9, and the results presented in Figure 5.1 (a). It can
be seen that the stress levels in the second case are higher by more than an order of a
magnitude. This stiffening effect is consistent with the experimental and numerical results
from other studies on calcified aortic valve leaflets.

Figure 5.2 outlines the distribution of the maximum principal stress in the root and leaflet
tissues, along with its direction shown with blue arrows.
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Figure 5.2 The maximum principal stress distribution (MPa) in the aortic root and leaflet tissues of
the first (a) and second (b) patient, outlining its alignment with the defined fibre directions. Note that
the blue arrows are the principal stress directions. The defined fiber architecture in these tissues is
show in Figure 4.4.
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As can be seen for the first patient the maximum principal stresses in the aortic root wall are
more than twice than that in the leaflets tissue. For the second patient this is the opposite,
indicating that in the likely case of tissue damage, there is a possibility of detachment of
calcific components into the blood stream.

Figure 5.1 (b) and (d) shows that after the removal of the catheter and recoiling of the stent,
the stress in the aortic root tissues was substantially reduced. It should be noted that the
stress values in the second patient’s leaflets were observed to be higher than those of the first
patient by more than 3.5 times. This is mainly due to their noticeably smaller structure
relative to the stent. By comparing the stress distribution in the aortic root tissue at the end
of the expansion and relaxation simulation steps, it can be observed that for the first patient,
the stress levels drop by approximately 6 times. For the second patient, however, this drop
in stress levels is approximately 29 times, which might be an indication that the tissue was
severely damaged during its expansion to accommodate the stent at 20 mm with the
presence of the calcific components, and lost most of its elasticity.

Figure 5.3 shows the deployed stents in both patient geometries after the removal of the
catheter. As can be seen, in the first patient, the aortic leaflets are successfully pushed
behind by the stent and no obstruction of coronary ostia was observed. However, some parts
of the leaflets belly region, along with the calcific components, protruded through the
openings in the central parts of the stent, but did not impede the opening and coaptation of
the prosthetic leaflets (see Figure 5.4 (b) and (c)). For the second patient however, the
leaflets almost entirely protruded through the openings in the central parts of the stent.
Although from the results it is clear that the stent was not deployed in the anticipated
section of the root and should have been deployed at a slightly higher position, it can be seen
that even in that case the leaflets would have protruded entirely through the opening of the
stent. This will cause a major interference with the function of the prosthetic leaflets and the
normal flow of blood during the cardiac cycle. In addition to this, obstruction of the
coronary ostia could also be a possibility for this patient.

As mentioned before, the native leaflets and the calcific components are meant to be one the
major anchorage providers for the stent. From the results it is evident that for both patients
this is not the case. It can be seen that the stent is almost only supported by the annulus of
the aortic root, which has result in the lack of adequate support.
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e Coronary ostia

@

(b)

Figure 5.3 The deployed stents in the first (a) and second (b) patient geometries after the removal of
the catheter and its position with respect to the coronary ostia.

Figure 5.4 shows the deployed stents in the first patient’s aortic root, and the stress
distribution in the prosthetic valve during the peak diastolic leaflet pressure in the last
simulation step. As can be seen, there are two major openings that appears as a result of the
recoiling of the stent and reduction in its diameter, and the expansion of the root under the
applied aortic and ventricular pressure, which might result in paravalvular leakage. During
this simulation step the stent was observed to move towards the left ventricle and back by
approximately 3 mm at the peak leaflet pressure during the cardiac cycle. This is due to its
inadequate anchorage on the host tissues, and is an indication that in the long term, the
stent might migrate and cause further complications. From these observations it can be
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concluded that the 23 mm valve might not be the correct choice for this patient, and that a
larger valve is required to prevent paravalvular leakage and possible valve migration.
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Figure 5.4 The view from the left ventricle of the first patient’s aortic root and the deployed stent,
showing the stress (MPa) distribution in the prosthetic valve during the peak diastolic leaflet pressure
in the last simulation step, and the possible paravalvular leakage locations (a). The aortic view of the
coapted prosthetic leaflets at the same stage of simulations (b), and the view from the left ventricle,
showing the prosthetic leaflets in their open positions during the systolic phase of the cardiac cycle.

5.2 The assessment of the stent’s post-operative performance

Figure 5.5 shows the stress distribution in the deformed shapes of the stent and prosthetic
leaflets at the end of the crimping, recoiling and expansion simulation steps. The maximum
von Mises stress at each individual simulation step is observed to prevail at the complex
regions of the stent, i.e. the central and the upper side arms regions. This is due to the fact
that these regions have a thinner cross-section and have to endure two phases of large plastic
deformations, which makes them more susceptible to fatigue failure. The highest von Mises
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stress is observed at the end of the expansion simulation step, when the stent has gone
through its second plastic deformation process, and is under pressure from both the host
tissue and the catheter.
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Figure 5.5 The stress distribution (logarithmic-MPa) in the stent and the prosthetic leaflet’
geometries at the end of the crimping (a), recoiling (b), and expansion/deployment simulations
steps in the first (c) and second (d) patient.
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Figure 5.6 shows the stress distribution in the geometry of the deployed (recoiled) stent in
both patients. It was observed that the topology of the aortic roots and the calcific
components has caused the stent to acquire a somewhat elliptical shape after deployment.
However, in the first patient, it was observed that throughout the last simulations step the
stent maintained its structural integrity, which allowed the prosthetic leaflets to function
properly. This is visible from Figure 5.4 where the ventricular and aortic views of the fully
opened and closed prosthetic valves are shown. As can be seen, the stent has maintained the
native aortic valve leaflets out of the path of the prosthetic leaflets, allowing them to
function normally.

Table 5.1 shows the relevant measured dimensions and calculated topological parameters of
the stents after deployment. The radial recoilRgf the top and bottom crowns and the
foreshortening bfthe stent are calculated by using the following equations:

DE:I:;)U. reded DD(:pIr)yr* d

_ ang
R% - D Exponded x 100,

Recoited 1 Deployod
Lo, — Lu-r:g Ln.'r‘_r) % 100
Y [ Becoiled !
g

Here D and L denote the diameter and length of the stent at a particular stage, indicated as a

superscript. Note that L ¢« js the recoiled length of the stent at the end of the crimping.

sty

Table 5.1 The measured dimensions and calculated topological parameters of the deployed stents

Stent in the: @ expanded @ top crown R%i(')['l @ bottom crown R‘%Ibl)ttl)ﬂ’l L Aepllogred L%
First patient 23 22.02 4.28 22.54 2 23.16 20
Second patient 20 19.46 2.71 19.25 2.71 25.33 12.48

As can be seen, the reduction of the stent’s diameter as a result of its radial recoil is
approximately between 2 to 4.28 % for the first, and 2.71 to 3.75% for the second patient.
This indicates that the stent has the ability to maintain most of the induced radial
deformation for its better anchorage in the deployment site. However, by calculating the first
patient’s average annulus diameter from Table 2.1 Chapter 2 to be 20.98 mm, and compare
it with the average recoiled diameter of the stent’s top and bottom crowns, which is 22.28
mm, it can be seen that the difference between these dimensions is only 5.83%. This
indicates that these dimensions are very close and will result in a lack of adequate radial
support from the host tissue; this is the main reason for the observed back and forth
movement of the stent during the last simulation step. The same conclusion is drawn by
doing a similar comparison for the second patient, with the calculated difference being
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7.45%. However, this conclusion for the second patient may not be valid since the stent was
designed to be expanded to 23 mm and not 20 mm.
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Figure 5.6 The stress distribution (logarithmic-MPa) in the recoiled geometry of the stent after
deployment and removal of the catheter in first (a) and second (c) patient, outlining the regions in
which the highest stresses was observed.

A common pattern of the stent behaviour observed in both patients is that one of the struts
in the bottom crown section bundles with the central section of the stent strut after crimping
(Figure 5.6 (b)), and stays in that position throughout the remaining steps in the simulation.
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Although no significant damage or changes in stress levels were observed in either section at
the end of last simulation step, in the long term the central strut section, which has a
smaller cross-section, may experience damage due to the continuous interaction with the
crown. This will reduce the fatigue life of the stent in this region and may result in its
failure.
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Chapter 6

Conclusions and Recommendations

6.1 Conclusions

Patient-specific 3D models of aortic roots and calcified valves of two patients, whose chest
area MSCT scans were provided by SAT, were extracted and their FE models created in
Abaqus. The anisotropic hyperelastic constitutive material model developed by Holzapfel
and Gasser (2006) was implemented for their tissues. The 23 mm balloon expandable
prosthetic aortic valve, developed by SAT, was used for the TAVI simulations for the
purpose of its mechanical assessment and post-operative performance. The stent material
was modelled as an isotropic elasto-plastic material, with a linear elastic initial response
followed by plastic behaviour, with isotropic hardening, using the mechanical properties and
the stress-strain experimental data provided by SAT. The isotropic hyperelastic material
model proposed by Marlow (2003) was implemented for the prosthetic leaflets by using the
provided uniaxial test data.

For the first patient, the stent was expanded to the designated 23 mm and the simulations
were completed. For the second patient however, the annular dimension of the second
patient was observed to be noticeable smaller relative to that of the stent diameter. This
resulted in the rupture of this patient’'s geometry in the annular region at the 21 mm
expansion increment. Hence, for this patient, the stent was only expanded to 20 mm in the
TAVI simulation, which did not complete due to continuous excessive mesh distortion of the
calcific components, and stopped at the end of the expansion/deployment simulation step.

From the first patient patient’s results, it was observed that the stent maintained its
structural integrity throughout the post-deployment simulation step, and successfully pushed
the native leaflets back to keep the aortic root clear of the native leaflets. However, by
comparing the average diameter of this patient’s annulus with the recoiled average diameter
of the stent, it can be concluded that the 23 mm stent might have not been the optimal
choice for the first patient, since these values are very close. It was observed that
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this resulted in the back and forth movement of the stent during the application of the
cardiac cycle pressures, which in turn was due to the lack of necessary radial support that
lead to its inadequate anchorage on the host tissue. This also resulted in the prevalence of
two openings between the stent and the root that might lead to paravalvular leakage.
However, no obstruction of the coronary ostia was observed, and prosthetic leaflets were seen
to function normally. It was also observed that the impact of the patient-specific anatomical
topology on the performance of prosthetic vale was negligible.

For the second patient, it was observed that the nadir of the stent scallops did not match
with that of the native leaflets after deployment, as initially anticipated, and should have
been deployed slightly higher in the root. However from the result in general it can be
concluded that the 23 mm stent is too large for this patient and possibly will cause tissue
damage. Even if this patient had a more compliant aortic tissue and the stent could be
deployed to its designated 23 mm diameter, the native leaflets would have protruded
through the opening in the central regions of the stent and interfered with the correct
functioning of the valve and caused other complications.

Due to the nature of the application, which required simulating large deformations, excessive
mesh distortion was a common occurrence in this project. In order to allow for the
continuation of the simulations, the problematic elements, which were located in the calcific
components, were deleted. Similarly, excessive incremental rotation of certain elements of the
prosthetic leaflets and the aortic root, lead to continuous stoppage of the simulations. These
were two of the main reasons for choosing to start with small approximate element size for
meshing these parts.

6.2 Limitations of this work

In this study, the patient-specific aortic roots were models with shell elements. This was
mainly to reduce the cost of the concerned analyses. However, hexahedral elements,
particularly incompatible mode element, might offer a better and more accurate
representation of the induced stresses. Further, pre-stress, which is known to exist in arterial
tissues, was not included in the developed FE models of the aortic roots. This was mainly
due to the time limitation. Its inclusion would have resulted in a more accurate prediction of
the tissue response under the induced expansions. Generally, due to the complexity
associated with development of TAVI simulation, inclusion of pre-stress in the aortic root’s
tissue is almost always omitted, and almost none of the similar studies found by the author
accounted for it. Incorporation of a damage mechanism into the developed FE model was not
part of the scope of this project. However, its inclusion will further improve the reliability of
the model.
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6.3 Recommendations for future work

In this study, the stent was meshed with reduced-integration linear hexahedral elements.
The maximum stress and strain usually prevails on the surface of the stent due to the nature
of the problem. Due to the fact that material calculations are conducted at the integration
points, errors might have been introduced in the analysis results due to extrapolation over a
larger distance relative to the fully integrated elements. In order to avoid this potential
problem, maintaining the efficiency of the current mesh, and increasing the accuracy of the
solution, overlay membrane elements can be used in conjunction with the reduced-
integration linear hexahedral elements to introduce more integration points on the surface of
the stent to avoid underestimation of the stresses.

From the observations made during post-processing of the results, it is recommended to
apply the required boundary condition for constraining the stent from axial movement to one
of the end surfaces. This will avoid the observed stress localisation at a point, when this
boundary condition was applied to a single node on the stent structure, which is
unfortunately the most common axial constraining method used by previous studies.

In order to be able to assess the post-operative performance of the stent more
comprehensively, it is recommended that a fatigue life assessment study be performed on the
stent’s deformed geometry at the end of the last simulation step. For this to be possible, it is
necessary to acquire mechanical properties of the MP35N alloy used for the stents.

With regard to the patient-specific aortic root FE models, the incompatible model element,
which has been used previously in other similar studies, should be used in the future to be
able to model the response of the tissue more accurately, and capture the local peak stress
and strain on the surface and through the thickness, when time is not a major limitation.
For the leaflets, it is recommended that a smaller element size be used in future to avoid
mesh distortions of the calcific components.
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HREC REF: 365,/ 2015

Do 3 Scharman

Department of Surgery

Chris Barmard Division of Cardiothoracic Surgery
Di-2Z<

MNESH

Dear Dr Schaerman

PROJECT TITLE: THREE-DIMENSIOMAL COMPUTED TOMOGRAPHY GEOMETRY OF THE
AQRTIC ROOT IN PATIENTS SCREENED FOR TRANSCATHETER AORTIC VALWVE
IMPLANTATION (MSc Candidate — Mr M Shirzadi)

Thank you for your responsa letter dated 31 July 2015, addressing the issues raized by the Human
Research Ethics Committese (HREC).
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Flease note that the angoing ethical conduct of the study remains the responsibility of the primcipal
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EROFESSOR M BLOCHMARN

Federal Wide Assurance Number: FWaOO01537.
Institutional Review Board (IRB) number: IRBOOO01938

Hrec/ref-365/2015

This serves to confirm that the University of Cape Town Research Ethics Committee complies to the
Ethics Standards for Clinical Research with a new drug in patients, based on the Medical Research
Council (MRC-SA), Food and Drug Administration (FDA-USA), International Convention on
Harmonisation Good Clinical Practice (ICH GCP) and Declaration of Helsinki guidelines.

The Research Ethics Committee granting this approval is in compliance with the ICH Harmonised
Tripartite Guidelines E6: Note for Guidance on Good Clinical Practice (CPMP/ICH/135/95) and FDA
Code Federal Regulation Part 50, 56 and 312,
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Appendix B

The stress-strain data used in the constitutive material models
of the stent and the prosthetic leaflets

Table B.1 The post-yield material data of MP35N alloy (from SAT)

True Stress(MPa)  True Plastic Strain

599 0.04879

704 0.09531

906 0.182322
1090 0.262364
1250 0.336472
1400 0.405465
1520 0.470004

Table B.2 The summarised stress-strain results of the uniaxial test, conducted by SAT on the type
of polymer that the prosthetic leaflets are made form, for characterizing its mechanical response.

Nominal Stress (MPa) Nominal Strain

0.027636357 0.029020486
0.088279956 0.034022725
0.169897955 0.03903433
0.247695664 0.044045935
0.325292392 0.049057554
0.398684101 0.054069155
0.472678756 0.059071403
0.545181729 0.064073651
0.615830379 0.069075854
0.682588492 0.074078103
7 7
43.30065449 5.376641187
43.38173984 5.38165018
43.46668121 5.386663669
43.54146169 5.391663669
43.62232343 5.396668165
0.074453995 5.401677158
0.062993237 5.406681655
0.060698227 5411695144
0.060267358 5.416704137
0.056638015 5.421708633
0.055983583 5.426605216
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