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ABSTRACT 

Bioprosthetic heart valves (BHVs) for transcatheter aortic valve implantation 

(TAVI) have been rapidly developing over the last decade since the first valve 

replacement using the TAVI technique. TAVI is a minimally invasive valve 

replacement procedure offering lifesaving treatment to patients who are denied 

open heart surgery. The biomedical engineering research group at Stellenbosch 

University designed a 19 mm balloon expandable BHV for TAVI in 2007/8 for 

testing in animal trials.  

In the current study the valve was enlarged to 23 mm and 26 mm 

diameters. A finite element analysis was performed to aid in the design of the 

stents. New stencils were designed and manufactured for the leaflets using 

Thubrikar‟s equations as a guide. The 23 mm valve was manufactured and 

successfully implanted into two sheep.  

Fluid structure interaction (FSI) simulations constitute a large portion of 

this thesis and are being recognized as an important tool in the design of BHVs. 

Furthermore, they provide insight into the interaction of the blood with the valve, 

the leaflet dynamics and valve hemodynamic performance. The complex material 

properties, pulsating flow, large deformations and coupling of the fluid and the 

physical structure make this one of the most complicated and difficult research 

areas within the body. The FSI simulations, of the current valve design, were 

performed using a commercial programme called MSC.Dytran. A validation study 

was performed using data collected from a cardiac pulse duplicator. The FSI 

model was validated using leaflet dynamics visualisation and transvalvular 

pressure gradient comparison. Further comparison studies were performed to 

determine the material model to be used and the effect of leaflet free edge length 

and valve diameter on valve performance. The results from the validation study 

correlated well, considering the limitations that were experienced. However, 

further research is required to achieve a thorough validation.  

The comparative studies indicated that the linear isotropic material model 

was the most stable material model which could be used to simulate the leaflet 

behaviour. The free edge length of the leaflet affects the leaflet dynamics but does 

not greatly hinder its performance. The hemodynamic performance of the valve 

improves with an increase in diameter and the leaflet dynamics perform well 

considering the increased surface area and length.  

Many limitations in the software prevented more accurate material models 

and flow initiation to be implemented. These limitations significantly restricted 

the research and confidence in the results. Further investigation regarding the 

implementation of FSI simulations of a heart valve using the commercial software 

is recommended. 
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OPSOMMING 

Bio-prostetiese hartkleppe (Bioprosthetic Heart Valves - BHVs) wat gebruik word 

vir transkateter aortaklep-inplantings (Transcatheter Aortic Valve Implantation - 

TAVI) het geweldig vinnige ontwikkeling getoon in die afgelope tien jaar sedert 

die eerste klepvervanging wat van die TAVI prosedure gebruik gemaak het. TAVI 

is ŉ minimaal indringende klepvervangingsprosedure wat lewensreddende 

behandeling bied aan pasiënte wat ope-hart sjirurgie geweier word. Die 

Biomediese Ingenieurswese Navorsingsgroep (BERG) by Stellenbosch 

Universiteit het in 2007/8 ŉ 19 mm ballon-uitsetbare BHV vir TAVI ontwerp vir 

eksperimente met diere, en hierdie tesis volg op die vorige projekte. 

 In die huidige studie is die klep vergroot na 23 mm en 26 mm in deursnee. 

ŉ Eindige element analise is gedoen om by te dra tot die ontwerp van die 

rekspalke vir die klep. Nuwe stensils is ontwerp en vervaardig vir die klepsuile, 

deur gebruik te maak van Thubrikar se vergelykings. Die 23 mm klep is 

vervaardig en suksesvol in twee skape ingeplant. 

Vloeistruktuur interaksie (Fluid Structure Interaction (FSI)) simulasies 

vorm ‟n groot deel van die tesis en word gesien as ŉ noodsaaklike hulpmiddel in 

die ontwerp van BHVs. Die simulasies verskaf ook insig in die interaksie van die 

bloed met die klep, die klepsuil-dinamika en die klep se hemodinamiese 

werkverrigting. Die komplekse materiaal eienskappe, polsende vloei, grootskaalse 

vervorming, die verbinding van die vloeistof en die fisiese struktuur maak van 

hierdie een van die mees gekompliseerde voorwerpe om te simuleer. Die FSI 

simulasies van die huidige ontwerp, is uitgevoer deur van kommersiële sagteware, 

MSC.Dytran, gebruik te maak. ŉ Geldigheidstudie wat data gebruik het vanaf die 

hartklop-nabootser, is uitgevoer. Die FSI model word geverifieer deur klepsuil 

dinamika visualisering en ŉ vergelyking van die drukgradiënt gebruik te maak. 

Verdere vergelykende studies is uitgevoer om te bepaal watter materiaal model 

om te gebruik, asook die uitwerking van die klepsuil-vrye rand en klepdeursnee 

op die klep se werkverrigting. Die resultate van die studie korreleer goed, in ag 

genome die beperkings wat ervaar is. Verdere navorsing is egter nodig vir ŉ 

volledige geldigheidstudie. 

Vergelykende studies het getoon dat die liniêre isotropiese materiaalmodel 

die meer stabiele materiaalmodel is wat kan gebruik word om klepsuilgedrag te 

simuleer. Die vrye-rand lengte van die klepsuil affekteer die dinamika van die 

klepsuil, maar belemmer nie die werkverrigting grootliks nie. Die hemodinamiese 

werkverrigting van die klep verbeter met die toename in deursnee en die klepsuil-

dinamika vertoon goed in ag genome die verhoogde oppervlak area en lengte.  

Die vele beperkings in die sagteware het die implementering van meer 

akkurate materiaalmodelle verhoed. Hierdie beperkings het ŉ verminderde 

vertroue in die resultate tot gevolg gehad. Verdere ondersoek rakende die 

implementering van die FSI simulasies van ŉ hartklep deur kommersieel 

beskikbare sagteware te gebruik, word aanbevel. 
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CHAPTER 1 

1 Introduction 

1.1 Background and motivation 

The heart consists of four separate chambers, the left and right atriums and the left 

and right ventricles. A valve is located at each chamber to control the flow of 

blood through the heart and the rest of the circulatory system. The aortic valve, 

which is the focus for this thesis, is a one way valve allowing blood to be pumped 

from the left ventricle to the rest of the body. It is the hardest working valve as it 

has to allow blood to be pumped through the entire circulatory system. Moreover, 

the valve must prevent leakage into the left ventricle when the circulatory system 

exerts a high back pressure on the valve when it is closed. The aortic valve is thus 

more prone to damage or disease, resulting in a malfunctioning valve.  

In the United States, aortic valve disease is estimated to affect roughly 11 % of the 

population over the age of 65 [1]. Aortic valve stenosis (AVS), caused by 

progressive calcification, is one of the leading causes of vulvular heart disease and 

is the most frequent reason for prosthetic valve replacement in adults [2]. Aortic 

valve replacement (AVR) improves symptoms and prolongs life in patients with 

severe AVS [3] and is considered to be the only effective treatment of 

symptomatic AVS [4]. However, of the 20 % of the elderly population affected by 

AVS, it is estimated that close to 30 % of these patients are denied open heart 

surgery due to comorbidities [5] [6].  

Moreover, developing countries, such as South Africa, which make up 80 % of 

the world‟s population, are significantly affected by rheumatic heart disease 

(RHD) which is a consequence of rheumatic fever (RF) [7]. In 1994, incidence of 

RHD in Africa was estimated at 17-43 % of all cardiovascular disease [8]. RF, 

commonly known as the poor person‟s disease, is still a major public health 

concern affecting young adults and children [9] [7]. According to Engel et al. [7] 

in 2009, RHD accounted for nearly 60 % of open heart surgeries in tropical Africa 

and incidence of RF remained quite high in South Africa. RF occurs as a 

consequence of an untreated “strep” throat. The ideal mitigation plan would be to 

improve living standards and treat the less harmful sickness before it becomes life 

threatening. However, while this is not implemented, the best solution is to find a 

way to treat the symptom of RHD. This requires cost-effective ways to treat or 

replace diseased valves caused by RHD. The major challenge is that the 

populations affected by this disease are young. This requires a valve which can 

last the lifetime of the patient without failing or requiring replacement.  

The established procedure for repairing or replacing damaged or diseased aortic 

heart valves is to perform open heart surgery. Over 50 years of experience has 

been gained since the first AVR by Harken et al. [10] using a mechanical ball in 

cage valve. Many advances have been made which have led to the design of ball 
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in cage valves, tilting disk valves, bileaflet valves and stented or stentless 

bioprosthetic valves. Despite the significant advances made, several challenges 

remain due to poor long-term durability caused by calcification and mechanical 

failure. Moreover, the surgery places enormous stress on the body and many 

patients are denied open heart surgery because of this and other comorbidities. 

Furthermore, third world countries often do not have access to the trained 

personnel, facilities or finances to perform such operations [11]. A promising 

alternate, less-invasive, technique has emerged over the last decade, particularly 

for AVR. The technique is called transcatheter aortic valve implantation (TAVI), 

otherwise known as percutaneous aortic valve replacement.  

TAVI is performed using a catheter-based system which requires access to the 

femoral artery or apex of the heart. The valve is implanted while the heart is still 

beating. Hence, operative stress placed on the body (and the heart) is significantly 

reduced and the recovery period is shorter. This breakthrough in BHV technology 

allows previously „at risk‟ patients access to life saving treatment.  

The first successful AVR by TAVI was reported by Cribier et al. [12] in 2002. 

There has been substantial research into the design of bioprosthetic heart valves 

(BHV) for TAVI over the last 10 years with two companies emerging as the 

leaders in this technology. Edwards Lifesciences has developed a balloon 

expanding valve using a stainless steel stent and bovine tissue leaflets and 

Medtronic has developed a self-expanding valve using a nitinol stent and porcine 

tissue leaflets. TAVI has become a feasible alternative for high risk patients who 

are denied open heart surgery. However, there are still many problems that must 

be overcome before TAVI becomes a standard treatment trusted by professionals 

and patients alike.  

The above-mentioned valves are widely available in the first world countries with 

the majority of research taking place in UK and US, however they are very 

expensive. There is still a need to provide a reasonable alternative to developing 

countries at a lower cost. There is also still very little known about the long-term 

durability of TAVI BHVs within the human body. Cardiac pulse duplicator (CPD) 

fatigue tests are used to test the valve durability and performance in vitro. There 

still remains, however, an absence of viable measurement methods for flow and 

stress data to support BHV design [13].  

„The simulation of the behaviour of the aortic valve has received much attention 

as a research topic‟ [13]. Simulations of the valve using the finite element method 

(FEM) and fluid structure interaction (FSI) have proven to be invaluable during 

the design phase. These methods give insight to valve performance and areas of 

high stress leading to fatigue or tearing of the leaflets or sutures.  

The development of a bioprosthetic heart valve (BHV) for TAVI was initiated in 

2007 by the Biomedical Engineering Research Group (BERG) from Stellenbosch 

University in response to the growing number of patients requiring valve 
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replacement but being denied open heart surgery. The initiative consisted of three 

sub-projects which focused on the design of the leaflets [14], the design of the 

stent [15] and the simulation of the valve function using FSI simulations [16]. The 

culmination of their work concluded in the production of a 19 mm diameter BHV 

which can be implanted using a balloon catheter. The valve was designed for trial 

implants into juvenile sheep. Several sheep implants had been attempted by the 

BERG from 2008 to 2010. 

1.2 Objectives 

The main objective of this thesis was to develop a BHV to be implanted into 

humans using TAVI. Furthermore, after numerous attempts at implanting the 

19 mm valve into sheep with minimal success, it was evident that the BHV 

needed further development. The knowledge and experience gained from the 

previous research will be used to accomplish this.  

The following objectives were set at the onset of the thesis: 

1. Develop a process to electropolish laser cut 19 mm cobalt chrome stents 

manufactured at BERG. 

2. Design the stent and leaflets for BHVs with enlarged diameters of 23 mm 

and 26 mm.  

3. Test the valve for hemodynamic function at physiological and accelerated 

heart rates. This may give insight into the stress experienced by the valve 

and causes of fatigue failure.  

4. Investigate numerical FSI simulations to aid in the development of the 

valve and gain further insight to the valve behaviour, focusing on the 

material model, leaflet geometry and valve size. If time allows, the effect 

of pulse rate, asymmetrical leaflets, differing leaflet thicknesses and holes 

in the leaflet will also be investigated. 

1.3 Thesis outline 

The order that the thesis has been arranged does not necessarily correlate with the 

time that the activities were performed. The order and structure of the chapters has 

been adopted to improve the flow of the thesis and readability. 

CHAPTER 2, the literature review, discusses the knowledge gained on the subject 

of TAVI and FSI throughout the project. The aim of the chapter is to introduce the 

reader to the physiology of the heart, key concepts and background of TAVI 

including the procedures, types of valves and techniques, the FSI techniques, 

history and methods and finally the previous work conducted by the BERG upon 

which this study builds. 
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CHAPTER 3, the valve development, discusses the development of an enlarged 

(23 mm and 26 mm) BHV for human implants. This includes the design of the 

stent, the finite element (FE) analysis of the stent structure, the optimized leaflet 

calculations and the design of a stencil for the leaflet cut-out. 

CHAPTER 4, valve testing in the cardiac pulse duplicator, discusses the tests 

performed on the 19 mm BHV at physiological and accelerated heart rates. This 

includes investigating the hemodynamic function of the valves, the leaflet open 

and closing deformation during systole and the comparison between the two heart 

rates. 

CHAPTER 5, FSI validation study, discusses the attempt to validate the FSI 

simulation software using the CPD test data obtained from Chapter 4.  

CHAPTER 6, FSI comparison studies for valve design, discusses the simulation 

studies performed for a physiological resting cardiac function. This includes an 

investigation of the leaflet material model to be implemented, the effect of a 

longer leaflet free edge length and the effect of increasing the valve diameter on 

valve function. 

CHAPTER 7 concludes the study with a discussion of the research outcomes. It 

addresses the key contributions, challenges and shortfalls experienced and 

whether the objectives were achieved. It also includes recommendations for future 

work which have been gained through experience. 

APPENDIX A, fluid structure interaction simulation methods, boundary 

conditions, modelling and limitations, discusses the set-up of the simulations for 

the FSI studies. This includes a brief introduction to MSC.Dytran, the numerical 

methods implemented for the simulations, the setup of the model and boundary 

conditions and a discussion on the limitations of the software which had a 

significant impact on the direction of the studies. It is recommended that 

APPENDIX A be read before CHAPTERS 5 and 6 for a clear understanding of 

the boundary conditions and methods used for the simulation studies. 

APPENDIX B, C and D contain the electropolishing process, secondary 

simulations conducted to support the decisions made for the FSI studies, and 

images from the FSI comparison studies, respectively. 

The approach adopted in this thesis for FSI simulations is similar to that of 

Carmody et al. [13], who stated that „the development of strategies, methodologies 

or code for simulating the interaction of fluids and solids/structures was not the 

objective of this study‟. On the other hand, investigation of the methods and 

limitations, which specifically apply to the solver used in this thesis, were 

required and conducted. The commercial FSI solver, MSC.Dytran 2010, was used 

for all FSI studies performed in this thesis. The advantage of using a commercial 

package is that the simulations can be readily learnt and repeated by others. 
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CHAPTER 2 

2 Literature review 

This chapter describes the fundamental information about the heart and the 

functions involved with the heart. An overview of heart valve replacement 

techniques, artificial valve fabrication, current market conditions and numerical 

simulations are discussed. The chapter concludes with a brief summary of the 

previous work conducted by Stellenbosch University Masters students.  

2.1 The Heart 

2.1.1 Anatomy and physiology of the heart 

The heart (Figure 2.1) is split into two halves, with each half consisting of two 

chambers. The right half, which is composed of the right atrium and right 

ventricle, receives deoxygenated blood and pumps this blood to the lungs. The left 

half, which is composed of the left atrium and left ventricle, receives oxygenated 

blood from the lungs and pumps this blood throughout the entire body. The four 

chambers are separated from each other by one way valves. The tricuspid valve 

separates the right atrium from the right ventricle and the pulmonary valve 

separates the right ventricle from the pulmonary artery. The mitral valve separates 

the left atrium from the left ventricle and the aortic valve separates the left 

ventricle from the aortic artery. This thesis is concerned with the aortic valve.  

 

Figure 2.1: Schematic of the heart and blood flow in the heart [17]. 

The contraction and relaxation of the cardiac muscle tissue in the ventricles are 

termed systole and diastole, respectively. During systole, the ventricles contract 
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and force blood out through the pulmonary and aortic valve into the pulmonary 

artery and aorta, respectively. The increased pressure in the ventricles caused by 

their contraction is called the systolic pressure. The tricuspid and mitral valves 

stop blood from being pumped back into the atria. During diastole the ventricles 

relax and blood flows from the atria into the ventricles. The decreased pressure in 

the ventricles caused by their relaxation is called the diastolic pressure. Systole 

and diastole make up the cardiac cycle, of which systole lasts approximately one 

third of the entire cycle. Figure 2.2 shows the transient pressure curves for the 

aorta, Pao (dashed line), and ventricle, Piv (solid line), during a normal cardiac 

cycle. In healthy individuals the magnitude of the transvalvular pressure gradient 

(Plv - Pao) during systole, which is required to force blood through the aortic valve, 

is approximately 7 mmHg to 10 mmHg. The peak velocity during systole, on 

average, is 1.35 ± 0.35 m/s [18]. The aortic valve opens at the beginning of 

systole as indicated in Figure 2.2 by the line labelled AO and closes at the end of 

systole, as indicated by the line labelled AC, for the duration of diastole. The 

difference between the pressure in the aorta and the ventricle, across the aortic 

valve, is the transvalvular pressure. 

 

Figure 2.2: Normal cardiac cycle showing the aortic (Pao) and left ventricle (Plv) pressure and 

flow rate (Q) curves (adapted from [19]). AO – Aortic valve open, AC – Aortic valve closed. 

2.1.2 Anatomy of the aortic valve 

The anatomy of the aortic valve is described using Figure 2.3. Three leaflets (also 

called semi-lunar cusps), consisting of the left cusp (L), right cusp (R) and the 

posterior cusp (P), form the trileaflet aortic valve. The leaflets are attached at the 

aortic annulus at the base of the valve and along the commissural lines which 

extend to the sinotubular junction (STJ) at the peak of the valve. The aortic sinus 

between the aortic annulus and STJ contains the origin of the coronary arteries 
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(right and left coronary ostium, RC and LC respectively) which distribute a 

constant supply of oxygen and nutrient rich blood around the heart. The aortic 

sinus facilitates the distribution of blood to the coronary arteries and the closing of 

the leaflets by creating a vortex flow behind the leaflets at the beginning of 

diastole [18].  

 

Figure 2.3: Schematic of the aortic valve (a) from above and (b) open view of the three 

leaflets. R – right cusp, L – left cusp, P – posterior cusp, RC – right coronary ostium, LC – 

left coronary ostium, STJ – sinotubular junction, LV – left ventricle, * – top of the 

commissures. [20] 

It is vital that the heart receives a constant blood supply and hence it is important 

that the coronary arteries are not blocked or restricted from receiving this blood 

supply. Piazza et al. [21] reported that the left and right coronary artery orifices 

are located 12.6 to 14.4 mm and 13.2 to 17.2 mm above the aortic annulus, 

respectively. The presence of a stenotic valve did not produce a significant 

difference in the measurements [21]. The diameter of the aortic annulus has been 

reported to be 23±3.3 mm [18]. 

2.1.3 Disease of the aortic valve 

Two types of valvular disease which affect the aortic valve are valvular stenosis 

and valvular insufficiency/regurgitation. Stenosis is the narrowing of the valve 

opening due to stiff, calcified or fused leaflets and regurgitation is the leaking of 

blood back across the valve due to the valve failing to close tightly. Both require 

more work to pump the blood through the valve. This leads to heart failure and 

ultimately death if left untreated. Regurgitation also occurs due to valve prolapse, 

which is the folding back of the valve into the LV during diastole. 

Figure 2.4 (a) is a normal, healthy, aortic valve which is used as a comparison to 

the diseased valves. Common causes of diseased aortic valves are congenital 

diseases, such as a bicuspid aortic valve (Figure 2.4 (b)) affecting the younger 

population, degenerative diseases, such as calcification (Figure 2.4 (c)) affecting 

the elderly population, rheumatic fever (Figure 2.4 (d)), affecting primarily young 

adults and children within third world countries, and endocarditis [5], [9].  
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Figure 2.4: Images of a normal healthy aortic valve (a), a diseased bicuspid valve (b), a 

diseased calcific valve (c) and a diseased (rheumatic fever) fused valve (d). [22] 

2.2 Background and development of heart valve replacement 

2.2.1 History  

Heart valve replacement (HVR), using mechanical and bioprosthetic valves 

(Figure 2.5 (a)-(c)), has been in development since 1952 when Charles Hufnagel 

successfully sewed an acrylic ball valve into a patients descending aorta to palliate 

chronic aortic insufficiency [23]. Following these newly designed valves was the 

homograft (Figure 2.5 (d)) which was successfully implanted in a human in 1960 

[24]. A homograft is a valve taken from another human heart and implanted in 

place of the damaged or diseased valve. The first successful human implant of the 

mechanical caged ball valve in the aortic valve position was reported in 1962 by 

Harken et al. [10]. By the second half of the 1970‟s, crude initial prototypes had 

evolved into the valve prostheses commonly used today in conventional heart 

valve replacement surgery [11].  

 

Figure 2.5: Images of mechanical valves; (a) mechanical ball in cage valve, (b) mechanical bi-

leaflet valve, (c) BHV, (d) homograft valve. [25][26] 

The first balloon catheter was developed in 1975 [27] with the first percutaneous 

intervention for treatment of vulvular disease following shortly after in the 1980‟s, 
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known as balloon vulvoplasty [28]. A new artificial aortic heart valve for 

implantation by the transluminal technique via balloon catheter was developed 

and tested in pigs by Andersen et al. [29] in 1992. This demonstrated the 

feasibility of what is now called transcatheter aortic valve implantation (TAVI). 

The first TAVI, using a balloon expandable stent, was performed on a 57 year old 

man with aortic stenosis by Alain Cribier in April of 2002 [12]. During the same 

year, a new valve using a self-expanding stent was being developed and tested in 

pigs [30]. There are currently several valves and devices developed for TAVI 

procedures. Section 2.3 describes the continued development of these valves.  

2.2.2 Conventional heart valve replacement (open heart surgery) 

Conventional HVR surgery is a common procedure used to replace a damaged 

valve with a mechanical valve, bioprosthetic valve or homograft during open heart 

surgery. An incision is made along the sternum and the chest opened to provide 

access to the heart. The patient is placed on bypass and the heart is stopped while 

the damaged or diseased native valve is removed and the prosthetic valve is sewn 

into its place. This procedure places great strain on the patient‟s body and requires 

long recovery periods. Conventional surgery is considered the gold standard 

treatment for HVR [31] and is still the procedure of choice for low-risk patients 

who require aortic valve replacement. This is, in part, due to the limitations of 

TAVI devices [32]. 

Several types of artificial valves are used with conventional HVR surgery, as 

previously shown in Figure 2.5. Mechanical prosthetic valves, such as the ball in 

cage, the tilting disk and the bi-leaflet designs, are widely in use. The materials 

used for these valves are stainless steel, cobalt chrome alloys, titanium, and 

pyrolytic carbon [11]. BHVs are made from animal tissue, commonly porcine 

(originating from a pig) or bovine (originating from a cow) pericardium (the sack 

that surrounds the heart).  

2.2.3 Transcatheter aortic valve implantation (TAVI) 

TAVI is a less invasive HVR technique used for replacing damaged and diseased 

aortic valves. An artificial heart valve is crimped (compressed to a smaller 

diameter) onto a catheter, manoeuvred through the artery and deployed at the 

native aortic valve position, forcing the native valve cusps against the annulus 

wall. There are two general types of artificial heart valves for TAVI which govern 

the type of catheter used and the delivery technique, namely, balloon expandable 

and self-expanding valves.  

Two delivery approaches, transfemoral and transapical, are currently used for 

TAVI. The transfemoral approach uses a catheter inserted through the femoral 

artery and manoeuvred through the artery, around the aortic arch and into the 

native valve position. The transapical approach uses a sheath inserted through a 

small incision in the chest and the apex of the heart. A third approach, transseptal, 
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was discontinued due to the complexity of delivery and risk of damaging the 

mitral valve during implantation [33].  Figure 2.6 illustrates the different 

approaches. 

Early limitations of TAVI consist of the requirement for a large diameter delivery 

catheter, the challenge of accurately and securely deploying the valve, risk of 

perivalvular leak, interference with the coronary ostium [34] and unknown valve 

durability, amongst others [32]. It has however been reported more recently that it 

is unlikely that current valves directly result in coronary flow obstruction [35]. 

TAVI places lower physical stress on the body of the patient. This is attractive for 

elderly patients who cannot undergo conventional surgery as well as for 

developing areas where conventional surgery is not feasible. TAVI procedures 

also have the potential to decrease the cost to replace diseased valves, thereby 

allowing people in developing countries access to life saving treatment.  

 

Figure 2.6: Different approaches for implanting a transcatheter aortic valve: a) transfemoral 

approach, b) transapical approach and c) transseptal approach. [36] 

2.3 Bioprosthetic valves for TAVI 

There are currently several corporations researching new valve designs for TAVI 

procedures, using both the self-expanding and balloon expandable stent. Approval 

is required to legally market a medical device. The CE mark is used as the 

approval in Europe and the food and drug administration (FDA) gives approval in 

the United States (US).  

Five companies have received the CE mark approval in Europe of which only one, 

Edwards Lifesciences, has obtained  FDA approval in the US [37]. Edwards 

Lifesciences and Medtronic, obtained CE mark approval for the Edwards 

SAPIEN™ and CoreValve™ valves, respectively, in 2007 [36]. They are well 

established in the market having conducted vast clinical trials, treating over 

10,000 patients worldwide by 2010 [38]. The Edwards Sapien and CoreValve 

valves have been used for trials in South Africa (SA) for the past 3 years with 120 

Edwards valves and 5 CoreValve valves used from October 2009 to October 
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2011 [39]. The valves are estimated to cost approximately $30 000 

(approximately R230 000) each, excluding the hospital and operation costs [40].  

The Sorin Group [41], Symetis [42] and JenaValve Technologies [43] obtained 

approval in 2011 for the Perceval™ S, ACURATE TA™ and JenaValve™ 

valves, respectively. These second generation valves boast a superior and safer 

delivery with self-positioning and easy delivery steps. The market for TAVI 

devices is estimated to exceed 2 billion dollars by 2014 [42].  

Table 2-1 provides a summary of the more established TAVI bioprosthetic aortic 

valves. The unit Fr, called French, is the measurement of the external diameter of 

a catheter. A catheter of 1 Fr will have an external diameter of 1/3 mm. Other 

valves include the Paniagua (Endoluminal Technology research), Enable (ATS), 

AorTx (Hansen Medical), Zegdi, ValveXchange and Lutter [31]. It is interesting 

to note that majority of the stents have been manufactured from nitinol. This 

material is popular because it is a shape-memory alloy and is therefore self-

deploying. Time will tell if the nickel content, in the nitinol, will cause allergic 

reactions in some patients. 

2.4 Valve design attributes 

The design of a TAVI valve incorporates three critical aspects: the design of a 

collapsible frame (stent), the design of leaflets and the assembly of the valve i.e. 

the suturing of the leaflets to the stent. Each design element has a direct influence 

on the delivery profile and the performance of the valve.  

According to Concha et al. [44] and Sacks and Schoen [45]  the ideal valve should 

be easily implantable, non-obstructive, non-thrombogenic, non-immunogenic, it 

must perform silently, achieve prompt and complete closure, accommodate the 

somatic growth of the recipient and develop a physiological hemodynamic 

performance without structural deterioration, lasting the lifetime of the patient.  

2.4.1 The stent frame 

Choosing the correct stent material, in terms of its properties and the type of 

tubing, is paramount to producing a quality valve. The desired material properties 

are corrosion resistance, vascular compatibility, fatigue resistance and visibility 

using standard x-ray and magnetic resonance imaging (MRI) equipment [46]. A 

high elastic modulus will minimize recoil, a low yield strength will allow 

effective crimping and manual balloon expansion and high tensile properties will 

give good radial strength and allow thinner struts to be designed thus achieving a 

lower crimped profile and increasing flexibility. The most common materials used 

for stents are medical grade stainless steel, cobalt chrome alloys, titanium and 

nitinol [46]. 
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Table 2-1: Commercial TAVI valves currently on the market. 

 Device name Stent 
Leaflet 

material 

Valve diam. 

(mm) 

Aortic 

ann. diam. 

(mm) 

Catheter 

size (Fr) 

 

Edwards 

SAPIEN™ 

(Edwards 

Lifesciences) [47] 

Stainless 

steel, BE 
Bovine  

23 18-22 

22-24 

26 21-25 

 

CoreValve™ 

(Medtronic) [47] 
Nitinol, SE Porcine  

26 20-23 

18-22 

29 23-27 

 

ACURATE TA™ 

(Symetis) [48] 
Nitinol, SE Porcine  

23 21-23 

NR 25 23-25 

27 25-27 

 

JenaValve™ 

(JenaValve 

Technologies) 

[47], [49] 

Nitinol, SE Porcine  

19 19-21 

16 
23 21-23 

25 23-25 

27 25-27 

 

Perceval™ S 

(Sorin group) [28] 

 

Nitinol, SE Bovine  23 NR 24 

 

Direct Flow 

(Direct Flow 

Medical, Santa 

Rosa) [33], [47] 

Dacron
†
 Bovine  23, 25, 27 19-36 18 

 

Lotus™ (Sadra 

Medical, Los 

Gatos) [47], [50] 

Nitinol, SE Bovine  23, 27 19-26 18 

 

PercValve 

(Advanced 

Bioprosthetic 

Surfaces) [51] 

e-nitinol, 

SE 
e-nitinol NR NR 10 

†Inflatable polyester cuff with  a solidifying inflation media, SE – Self Expanding, BE – Balloon expanding 

NR – Not Reported,  
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Stents are commonly manufactured from tubing which can be rolled, welded and 

redrawn, or drawn. The drawing technique produces a seamless tube which is preferred 

as it will reduce defects in the tubing [46]. It is important that the tubing is concentric 

and has an even wall thickness to ensure the accuracy of the laser cutting and even 

deployment of the stent during balloon expansion, respectively. 

The stent profile is cut from the tubing using a laser cutting process. The manufactured 

stent has sharp edges and a rough surface finish. However, the stent surface finish 

should be smooth as to prevent possible thrombosis [52], reduce the risk of damaging 

the leaflets and artery wall, and reduce the risk of the balloon bursting during expansion 

of the valve. The post laser cutting stent surface is treated using an acid pickling process 

followed by electropolishing process to remove the sharp edges and create a smooth 

surface. The electropolishing process must be strictly controlled to achieve even 

material removal and thus maintain the dimensional accuracy of the stent [53].  

2.4.2 The leaflets 

Leaflets must be designed to attach to the inside of the stent frame completing the valve. 

The important aspects to consider for leaflet design are the material selection and 

geometry. The material must be able to withstand constant fatigue loading, be 

biocompatible with the body and thin enough to be crimped inside the stent for delivery. 

The geometric design will affect the energy dissipation during opening and closing. The 

ideal design is one which minimizes the energy it takes to open and close the valve [54]. 

Current animal tissue used for BHVs are bovine and porcine pericardium, as previously 

mentioned. However, these animal tissues are often very thick compared to the native 

leaflet and are reported to have short life spans [55]. An alternative tissue, kangaroo 

pericardium, was proposed by the project instigator, Dr Helmuth Weich, for use as 

leaflet material. The tissue was supplied by BioMD Limited which is a medical device 

and surgical technology company based in Perth, Australia. The kangaroo pericardium 

was treated with the ADAPT
®
 process of Celxcel Pty Ltd (an anticalcification process 

which is designed for glutaraldehyde-crosslinked tissues). Treated kangaroo 

pericardium is thinner and more compressible and collapsible than bovine pericardium. 

It exhibits comparable tensile strength and lower calcification potential [56].  

2.5 3-D Computational simulation 

Computational modelling has been acknowledged by the FDA as being beneficial and is 

consequently becoming a substantial part of the developing process of new prosthetic 

valves [57]. Computational methods, FEA methods, computational fluid dynamic 

(CFD) methods and FSI methods, have formed an integral part of heart valve dynamics 

analysis [58]. These computational methods allow researchers to gain new insight and 

perhaps a better understanding of the stresses on the valve, the flow of blood through 

the valve and the dynamic interaction between the valve and blood flow.  This is useful 

due to the difficulty to acquire this knowledge in vivo or in vitro due to the complex 
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three dimensional shape of the valve and the high resolution required. In addition to 

this, the simulations provide an aid in the design of leaflet geometry and the selection of 

materials. 

CFD simulations are primarily conducted for mechanical prosthetic valves to analyse 

the disruption of the flow passing through the valve and the related turbulence. A 

detailed discussion of CFD is beyond the scope of this thesis. This thesis is concerned 

with the dynamic simulation of a bioprosthetic valve and will discuss FE and FSI 

methods in further detail. 

2.5.1 FEA methods 

FEA of both bioprosthetic heart valves and the native heart valve investigates the 

flexural stresses and strains of the leaflets and stent during the cardiac cycle. This can be 

used to construct better valve prostheses and predict the lifetime and failure areas of the 

leaflets. The earliest 3-D FE models date back to the early 1990‟s where Black et al. 

[59] and Krucinski et al. [60] investigated the stress distribution on a bileaflet and 

trileaflet tissue valve, respectively, with non-linear isotropic material properties. Their 

research indicated high stresses at the attachment areas of the leaflet to the wall and that 

areas of sharp leaflet bending accrue high flexural and compressive stresses which 

promotes leaflet failure. 

Further research [61–67] has been focused on implementing more realistic material 

properties and leaflet construction to accurately predict the stresses within the valve 

leaflets, as well as the valve function during systole. The material property definition (of 

the FE structure) has a direct influence on the simulated opening and closing behaviour 

of the valve. An accurate material definition will better predict the behaviour of the 

leaflets and the areas of high stress, which may cause the valve to fail. Material 

definitions used for FEA simulations fall into four general categories [66]: linear 

isotropic, nonlinear isotropic, linear anisotropic/orthotropic and nonlinear anisotropic. 

It is widely understood that the leaflet tissue, both of the native human valve and 

bioprosthetic valves, exhibits non-linear anisotropic mechanical properties. It is these 

properties which researchers seek to emulate. However it is very difficult to implement 

an accurate non-linear anisotropic material model with FEA software. Several 

researchers have attempted, with fair success, to simulate a heart valve using non-linear 

anisotropic material models. Driessen et al. [62] simulated a tissue-engineered valve 

using a structurally based model which exhibited non-linear anisotropic properties. The 

properties were extracted from uniaxial tensile tests performed on the engineered tissue. 

Sun et al. [66] used a Fung-elastic material model using data extracted from biaxial tests 

and measured leaflet collagen fibre structure. The FEA results were validated using 

structured light projection to analyse the strain on the leaflets at different pressures. 

Mohammadi et al. [63] developed a new high-order element which is anisotropic and 

bilinear. This element reaches a solution in a fraction of the CPU time compared to 

equivalent non-linear FEA methods, and has similar accuracy.  
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2.5.2 FSI methods 

Simulating the dynamics of a heart valve (i.e. the flow of blood through the heart valve 

leading to an interaction between the leaflet and fluid) is an extremely complex problem 

[57]. Carmody et al. [13] reports „The complexity of the geometry, motion, deformation 

and flows and their interactions make the simulation a major challenge‟. The problem 

is highly non-linear due to the material properties and the large deformations 

experienced by the leaflets during opening and closing. Furthermore, it requires 

coupling between a flow solver and a structural solver, which has many challenges to 

accurately implement. 

The phrase FSI will refer to the interaction between a rigid or solid elastic body with a 

fluid. FSI of the heart valve attempts to analyse the valve closure, motion and 

corresponding fluid dynamics during the cardiac cycle [57]. Simulating the leaflet 

opening and closing during the systolic part of the cardiac cycle has received much 

interest, particularly over the last decade. The mitral and aortic valves are the most 

widely investigated using FSI [57]. 

Two general approaches have been used for FSI simulations of the native and prosthetic 

heart valve. The first approach to be discussed is an integrated approach between 

commercial software and customised computer codes. Commercial CFD or FEA 

software packages are coupled with user-defined functions (UDFs) (the customised 

computer code) to extend the standard software packages to FSI applications. For 

instance Boyce et al. [68] used the C++ library and Van Loon et al. [69] extended the 

FEA package, SEPRAN, in combination with a direct HSL solver. Nobili et al. [70] 

used the Fluent CFD package coupled with UDFs  for the structural domain. This 

integrated approach has produced positive results though still in the early development 

phase. Using this approach, it is possible to develop more accurate, design specific, 

software for solving the FSI problem of the heart valve. Boyce et al. [68] was able to 

produce multi-beat simulations of the full cardiac cycle using the Immersed Boundary 

(IB) formulation.  

The second approach, which is the approach adopted for this thesis, is to use a 

commercially available FSI solver. Currently available commercial software, which has 

been successfully implemented for heart valve FSI simulations, are the LS-DYNA 

(solver) package, which uses the ANSYS pre-processor for setting up the simulation, 

and the MSC.Dytran package, which uses MSC.Patran for setting up the model. The 

software chosen for the FSI simulations was MSC.Dytran because Stellenbosch 

University has a licence agreement with MSC and this software was used by a previous 

student who completed his thesis at Stellenbosch University [16].  

Two methods (not to be confused with the approach described previously) are 

commonly used for FSI. The first is the boundary fitted method which uses an 

Augmented Lagrange-Euler (ALE) coupling between the fluid and the structure. The 

Euler mesh adapts to the grid of the moving surface in time or re-meshing occurs to 

adapt to the moving surface. This method is reasonably easy to implement, accurate and 
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not computationally expensive compared to other methods. However, in the case of the 

adapting mesh, the elements become ill-shaped when there are large translations and 

rotations, as is the case for a valve simulation. Re-meshing can be difficult and 

expensive to implement with these large deformations. This can lead to inaccuracies for 

the simulation.  

The second method is the non-boundary fitted method (or Eulerian method) in which 

the fluid and structure move independently from each other. In general, the Euler (fluid) 

mesh remains fixed in time and space, and must be coupled in some manner to the 

Lagrangian (structural) elements. The coupling essentially introduces a local body force 

at the Lagrangian grid point, which is interpolated to the Euler grid points and vice 

versa. The body forces cause the Lagrangian surface to deform (provided it is a 

deformable surface) and/or the fluid flow to be obstructed. A non-boundary fitted 

method, known as the Immersed Boundary Method (IBM), was proposed by Peskin 

[71] and successfully implemented by Boyce E Griffith [68]. The IBM uses the grid 

point velocities (local body forces) to couple the meshes [57]. Another non-boundary 

fitted method, known as the fictitious domain (FD) method, is similar to the IBM. The 

FD method uses Lagrange multipliers to couple the Eulerian (fluid) domain with the 

Lagrangian, structural, domain. This has been successfully implemented by De Hart et 

al. [72]. 

2.5.3 Summary of past studies 

Table 2-2 gives a summary of FSI research performed for both native and artificial heart 

valves. The table allows one to easily compare the various methods, software, materials, 

boundary conditions, validation techniques etc. used for FSI research within the field of 

heart valves. 

2.5.4 Validation techniques for FSI simulations 

The results from simulations are of little value unless they can be validated with 

experimental results. Several methods have been used to validate heart valve simulation. 

Some of the methods are visualisation of the leaflet motion, visualisation of the fluid 

flow field using particle image velocimetry (PIV) [73], [74] or laser Doppler 

anemometry (LDA) [75], [76], rapid valve opening, rapid valve closing and ejection 

times (RVOT, RVCT and ET respectively), comparison of  the simulated transient 

transvalvular pressure or velocity curves to experimental results, as indicated in Table 

2-2, and analysing the dynamic strain on the leaflets using dual camera stereo 

photogrammetry [77]. 

The two studies [75], [76] which validated simulations using the LDA and leaflet 

motion visualisation techniques were based on simplified models. Hence they did not 

validate actual aortic valve simulations. However the validation of the simplified model 

proved the efficacy of the software.  
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Table 2-2: Summary of previous fluid-structure interaction studies. 

Reference Year 
Valve 

geom. 
Solver Coupl. 

Leaflet 

model 

Mesh 

type 
Fluid model Pre-valv. BC 

Post-valv. 

BC 

Experimental 

validation 

Griffith et al. [68] 2011 Nat IBAMR‼ IBM NlinIso‡ 
Shell 

(quad) 
Incompr. Vent. PW Aort. PW VisLD, VW comp. 

Becker et al. [78] 2011 
Nat 

(1/6) 
LS Dyna ALE NlinAniso 

Shell 

(quad) 
NR Const. P Const. P NR 

Marom et al. [79] 2011 Nat 
Abaqus c/w 

FlowVision HPC 
EulM LinIso solid (hex) 

Newt., compr., 

NavSt 
Const. P Const. P NR 

Van Aswegen et al. 

[16] 
2009 BHV Dytran GFCM† LinIso 

Shell 

(quad) 
Newt. 

Transv. PW or 

VW 
Const. P 

VisLD, PW/VW 

comp. 

Astorino et al. [80] 2009 Nat NR* FD NlinIso 
Shell 

(quad) 
Incompr., NavSt Const. P Const. P NR 

Katayama et al. [81] 2008 Nat Own code ALE Aniso 
Shell 

(tri) 
Incompr., NavSt Vent. PW Aort. PWǂ NR 

Weinberg et al. [82] 2007 Nat LS Dyna OSM† NlinIso‡ solid (hex) NR Vent. PW Aort. PW 
VW comp., Leafl. 

edge displ. 

Ranga et al. [83] 2006 Nat LS-Dyna NR NR 
Shell 

(quad) 
NR 

Transv. PW or 

VW 
NR 

MRI VW comp, 

VisLD 

Carmody et al. [13] 2006 Nat LS DYNA ALE NlinIso 
Shell 

(quad) 
Newt. VW Const. P VisLD, PW comp. 

Morsi et al. [84] 2006 BHV Ansys c/w Flotran ALE LinIso solid (hex) Newt., incompr. VW Const. P 
Comp. with publ. 

Exp. data. 

van Loon et al. [57] 2005 BHV 
SEPRAN c/w HSL 

solver 
FD¥ Hyp 

solid 

(tet&hex) 
Newt., incompr. VW Const. P VisLD 

De Hart et al. [72] 2003 
SHV 

(1/6) 

SEPRAN c/w 

Fortran code 
FD LinIso solid (hex) Newt., incompr. Vent. PW Aort. PW 

VisLD, Leafl. 

stress 

NR -Not reported, Nat – Native, SHV -Stented heart valve, c/w - Coupled with, IBM -Immersed Boundary Method, GFCM -General Fast coupling Method, ALE - Arbitrary Lagrange Method , 

OSM -Operator splitting method, EulM -Eulerian Method, LinIso - Linear elastic Isotropic, Hyp - Hyperelastic (anisotropic), NlinIso -Nonlinear Isotropic, NlinAniso - Nonlinear anisotropic, 

NavSt - Navier-Stokes equations, PW - Pressure Waveform, VW - Velocity waveform, VisLD - Visualization of leaflet dynamics/deformation in vitro, * -The author does not report which solvers 

are used. A CFD solver is coupled with a structural solver using user defined functions (UDFs), † - A non-boundary fitted method. Method was named by the specific solver software used., ǂ - 

Derived from a 3 element windkessel model, ¥ - With adaptive meshing, ‡ - Isotropic elements were embedded with aligned fibers, ‼ -http://code.google.com/p/ibamr/ 
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PIV has gained popularity as it enables analysis, in 2-D or 3-D, of the vectors of 

particles in a fluid flow in real-life experiments. This is an extremely useful tool 

for analysing the validity of HV simulations as the velocity vectors from the 

simulation results can be compared to the experimental velocity vectors directly. 

This gives insight into the behaviour of the fluid flow through a HV. Two recent 

studies were found that implemented this technique. The first reported case was 

used to validate the fluid flow through a mechanical bi-leaflet prosthetic HV [73]. 

The results obtained from the study were highly accurate and a good correlation 

between the experimental velocity vectors and simulation velocity vectors was 

achieved at varying time steps. The second case was the flow of fluid through a 

bioprosthetic mitral valve into the left ventricle [74]. This study also achieved a 

good correlation between the experimental and simulation results.  

2.6 Summary of previous research at Stellenbosch University  

In 2008 and 2009, three Master‟s students from Stellenbosch University 

completed their theses which focused on the design of a BHV. Each thesis 

focused on a different aspect of the valve design. The three aspects were the 

structural design of a stent [15], the design of the tissue leaflets [14] and the 

dynamic simulation of the valve function [16]. Each thesis concluded with a 

number of recommendations for developing and improving on the research. This 

section discusses the contributions and recommendations. 

2.6.1 Structural design of a stent 

The structural design of the stent required an in-depth analysis of the materials, 

manufacturing methods, stent profile design, strength and fatigue characteristics 

of the design and leaflet attachment.  

The research determined that cobalt chrome is the material of choice for the stent 

due to its biocompatibility, superior tensile strength and higher Young‟s Modulus 

properties over stainless steel. Furthermore, it determined that seamless tubing is 

the ideal raw material for manufacturing the stent. However procurement of cobalt 

chrome tubing at the desired diameter was very expensive and so the stent was 

made from stainless steel.  

Several concepts were generated and two were chosen for the final design and 

testing. One concept was designed for an attachment of a curved leaflet shape and 

a second for a straight leaflet shape. The concepts were designed for an outer tube 

diameter of 9.5 mm with wall thickness 0.5 mm as appropriate for sheep implant 

trials. The diameter was limited by the manufacturing ability and therefore a small 

tube diameter had to be used for the design. The maximum diameter that the laser 

cutting equipment could accommodate was 10 mm. CHAPTER 3 of this thesis 

contains the details about the final design and the development of the stent. 
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2.6.2 Design of a tissue leaflet 

The research focused on the characteristics of tissue used for bioprosthetic valves. 

It was hypothesized that kangaroo pericardium tissue is superior to the common 

tissues used for bioprostheses, such as bovine or porcine, due to the following 

reasons: 

 The haemodynamic properties of Kangaroo tissue encourage host cells to 

grow into the tissue and strengthen it.  

 Although kangaroo tissue is thinner than bovine or porcine tissue, it 

exhibits similar strength. 

A biaxial tester was designed to measure the nonlinear, orthotropic material 

stiffness properties of the tissues and compare them. The biaxial tester was used to 

measure the stress and strain characteristics used for this thesis.  

The previous work also describes the method used for attaching the leaflets to the 

stent and using a thin Polyester woven tube to seal the valve. Specialised 

equipment was designed to aid in the manufacturing of the valve. The same 

procedure was used to manufacture the valves used in this thesis (Chapter 3). 

2.6.3 Dynamic simulation of the valve function 

The research focused on the simulation of leaflet opening and closing as an aid to 

designing a leaflet and to investigate valve function. Two methods, the ALE 

method and general fast coupling method, used in Dytran for FSI simulations 

were investigated. It was concluded that the general fast coupling method was 

better to use due to its ease of implementation without a compromise for accuracy.  

Further FSI simulations were performed for complete valves using the Euler 

method. The effect of geometrical characteristics of the valve was investigated 

which led to and compared to an optimized geometry. The results suggested that 

the geometrical variability significantly influenced haemodynamic behaviour. A 

straight and curved leaflet design was investigated to determine the best 

attachment method to the stent. No significant difference was found and the 

curved leaflet was chosen. Further investigations included an attempt to validate 

the simulations, analysing the effect of over and under dilation of the valve and an 

analysis of tissue thickness.  
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CHAPTER 3 

3 Valve development 

This chapter describes the development of an enlarged (23 mm & 26 mm) BHV. 

The BHV consists of the valve frame (stent) and leaflets. It is intended to be 

successfully implanted into the aortic valve position of sheep during the animal 

trials phase, and thereafter into humans for the human trials phase. 

3.1 Stent design 

3.1.1 Initial design 

Esterhuyse [15] designed a balloon expandable stent to have a 6 mm diameter in 

its crimped state, to fit through an 18 Fr sheath during delivery, and deploy to a 

diameter of 20 mm with an overall deployed length of 16 mm. He used an 

iterative process using finite element analysis (FEA) to design the stent. The stent 

was designed and manufactured from 9.5 mm 316L stainless steel tubing with a 

wall thickness of 0.5 mm. The final concept chosen for the valve is shown in 

Figure 3.1.  

(a) (b)  

Figure 3.1: CAD model image of (a) the prototype valve and (b) the frame design of the stent. 

[15] 

It was recommended that this concept be developed further by refining the 

geometric dimensions of the frame to reduce radial recoil, foreshortening and 

stress. It was also recommended that the stent be made from a cobalt chrome alloy 

as this material possesses superior tensile properties compared to stainless steel 

[85]. As explained by Esterhuyse [15], the stent undergoes three large 

deformation processes from manufacture to deployment:  

1. expanding the valve to the deployed diameter for leaflet attachment;  

2. crimping of the stent onto a balloon catheter and; 

3. balloon expansion of the stent into the aortic valve position.  
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The first expansion process is particularly problematic as the stent is manually 

expanded using a tapered steel rod. This introduces uneven expansion of the stent 

and deformation of the struts which is undesirable as it will affect the latter 

deformation processes and the attachment of the leaflets to the stent. 

3.1.2 Design requirements and recommendations 

The following design constraints are proposed for the stent based on the 

recommendations and shortfalls discussed: 

 The stent must be designed and manufactured at the desired deployed 

diameters of both 23 mm and 26 mm so as to eliminate the first expansion 

step. 

 The stent must be manufactured from cobalt chrome tubing. 

 In its crimped state, the outer diameter of the stent must be less than 

6.1 mm to allow the valve to fit through a 19 Fr introducer sheath.  

It is also recommended that: 

 The strut cross-section should be as square as possible to reduce the 

twisting of the struts experienced during the balloon expansion [86]. 

 The length of the stent should be increased in order to better accommodate 

the valve leaflets. 

3.1.3 Performance criteria 

The focus of this thesis is on the development of the valve and not purely on the 

stent frame design. It was therefore decided to keep the frame design the same, as 

recommended by Esterhuyse [15] and shown in Figure 3.1. Focus was placed on 

analysing the effect of the change in geometric dimension design parameters, and 

adjustment thereof, for improving the performance of the stent. Four design 

parameters were used to evaluate the most suitable geometric dimensions for the 

stent: the Von Mises stress, plastic strain, foreshortening and recoil.   

Foreshortening is the amount that the length of the stent decreases from a crimped 

state (Lcrimp) to an unloaded expanded state (Lfinal). The opposite (forelengthening) 

also occurs during crimping where the length of the stent will increase as the stent 

is crimped. Ideally the decrease and increase of the stent length, respectively, will 

be equal, if the stent is expanded to the diameter from which it was originally 

crimped. Hence only the foreshortening was taken into consideration for the 

analysis.  

Foreshortening is undesirable as it affects the uniform expansion required of the 

stent and deliverability of the valve into the correct position over the native valve.  

Furthermore, forelengthening may over stretch the leaflet tissue and sealing cuff. 
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The stress exerted on the tissue may lead to valve damage particularly where the 

leaflets are attached to the stent. This is unavoidable, however, as the design of 

the stent makes it impossible to eliminate foreshortening and forelengthening. It is 

necessary to design the stent so that these parameters are minimized. An index for 

foreshortening is calculated using Equation 3.1.  

                  
             

      
 (3.1) 

Recoil can be defined as the elastic spring-back of the stent when a load force 

applied to either crimp or expand the stent is removed. Longitudinal recoil is the 

change in length of the stent when the load on the stent is removed. Radial recoil 

is the difference between the loaded stent diameter (Dload) and the unloaded stent 

diameter (Dunload), normalized to the loaded stent diameter. Radial recoil is a 

primary concern for the stent design. It will have a crucial impact on the final 

crimped and deployed diameter of the stent. An index for radial recoil is 

calculated using Equation 3.2 below.  

                
             

     
 (3.2) 

3.1.4 Finite element analysis (FEA) 

Numerical simulations are commonly used in the design of stents and the analysis 

of their performance. However, FEA is challenging due to dynamic non-linearities 

(such as large deformations), non-linear material properties and contact 

requirements. For the problem at hand, the stent has to undergo large 

deformations during crimping and expansion, the material to be used, whether it is 

stainless steel or a cobalt chrome alloy, displays non-linear elastoplastic properties 

and, finally, contact must be implemented for self-contact of the stent and contact 

between the stent and crimper.  

To perform the numerical simulations, the implicit non-linear MSC.Marc solver 

was used to solve the FEA problem and MSC.Patran was used as the pre and post 

processor. 

3.1.4.1 Modelling the stent 

Due to the complexity of the problem it is advantageous to apply a few 

simplifications to the FEA model of the stent in order to decrease the 

computational effort (simulation time) required while not compromising the 

model‟s accuracy.  
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Two simplifications were applied to the stent model. The first simplification was 

to use symmetry to reduce the number of elements in the FE model. As a result, 

only one link was simulated instead of the entire stent. Each link (highlighted in 

Figure 3.2) of the stent was designed to be identical around the circumferential 

symmetry boundaries and symmetric about the radial plane. By applying 

appropriate boundary conditions the behaviour of the single link would be 

representative of every other link.  

 

Figure 3.2: CAD image of the stent highlighting a single link. 

The second simplification was implemented in the balloon expansion step.  

Balloons are typically manufactured from polyester polyethylene terephthalate 

which is non-compliant or low compliant. This means that the balloons can 

undergo large strains while still retaining their designed shape [87]. For 

simulation purposes the balloons are commonly modelled using a hyper-elastic 

Mooney-Rivlin material model [88]. Due to the large strains exhibited by the 

balloon during expansion, the elements in the simulated model become 

increasingly structurally unstable. Furthermore, Esterhuyse [15], although 

successfully implementing the balloon interaction with the stent, concluded that it 

does not accurately represent the true behaviour of the balloon. Considering the 

complications introduced by implementing the balloon and stent interaction and 

that it would significantly increase the computational effort, it was decided that, 

for the purpose of the analysis, modelling the balloon and stent interaction was not 

necessary. Hence the balloon expansion step was modelled by applying a uniform 

pressure to the inner surface of the stent. 

Creating the 3-D FE model of the stent for the simulation is a tedious process. 

Initially the stent must be modelled as a surface in a CAD program, such as 

Autodesk Inventor. The surface is then imported into a pre-processor, such as 

MSC.Patran, to create a mesh of uniform shell elements which are then extruded 

to create solid (brick) elements representing the stent link to be used for the FE 

simulation. As a result, this limited the number of simulations that were 

performed. Section 3.1.4.4 expands on this limitation. 

According to Esterhuyse [15], a sufficient mesh should have three elements along 

the width of the strut and five elements through the thickness. This equated to an 

average of 5600 solid elements and 8982 nodes per link. One simulation would 

Radial plane

Single link used for 

simulations

single link used 

for simulations radial plane 
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take on average 2.5 hours to run. The crimping of the stent was simulated using a 

semi-rigid cylindrical surface constructed on the outside of the solid elements. 

Figure 3.3 in Section 3.1.4.2 shows the final FE model of the link. 

The mechanical behaviour of the stent was simulated by applying a true stress-

true strain elastoplastic material model with isotropic hardening to the solid 

elements. L605 cobalt chrome alloy was used as the stent material for the 

simulations. Figure E-1 in APPENDIX E shows the engineering stress-strain 

graph used for the input to the FE material model. This was obtained from a 

medical device company, Disa Vascular, that specialises in designing and 

manufacturing coronary artery stents.  

3.1.4.2 Boundary conditions 

Displacement constraints were used to implement the symmetry conditions. The 

outer circumferential nodes, shown in Figure 3.3, were constrained in the 

circumferential direction and were only allowed to move in the radial and axial 

directions. The nodes along the radial plane, across which there is axial symmetry, 

were constrained in the circumferential and axial directions and hence only 

allowed to move in the radial direction. The tip of the stent, opposite the radial 

plane, was free to move in any direction.   

 

Figure 3.3: Image of the FE model for a single link in the stent showing the constrained 

nodes and elements across the width and thickness of the struts. 

Contact was defined between the nodes of the stent and the rigid cylinder during 

the crimping load step and the expansion load step. Contact during the expansion 

load step was defined so that the stent would be expanded to the correct desired 

deployed diameter. Self-contact was defined for the solid stent elements during 

crimping as it was likely that the struts would come into contact at small 

diameters.  

 

 

circumferential 

nodes constrained 

axial nodes 

constrained 
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3.1.4.3 Load steps 

The original 19 mm diameter stent underwent three large deformation steps 

during operation as previously explained. The new 23 mm stent was designed at 

the deployed diameter and hence undergoes only two large deformation load steps 

during operation: crimping and balloon expansion. Four load steps, illustrated in 

Figure E-2 of APPENDIX E, were defined for the simulations as follows: 

 Step i) (0-0.5s): crimping to 6 mm (large deformation load step) 

 Step ii) (0.5-1.0s): no load to allow crimping recoil 

 Step iii) (1.0-1.5s): expansion to deployed diameter (large deformation 

load step) 

 Step iv) (1.5-2s): no load to allow deployment recoil 

3.1.4.4 Design parameters 

Initial designs and simulations were performed to determine which dimensions 

were critical in the design and the respective ranges that should be evaluated. Four 

critical stent strut dimensions, shown in Figure 3.4, were chosen to analyse the 

effect of crimping and expansion on the stent performance: the strut width (SW), 

the strut thickness (ST), the link radius (LR) and finally the link length (LL).  

 

Figure 3.4: Image of the FEA stent showing the four critical stent strut dimensions 

The range of values analysed for each parameter is shown in Table 3-1. Typically, 

this type of analysis would best be done using a design of experiments approach. 

This would require a new surface to be modelled and meshed for changing a 

single parameter. Four parameters with four variables each would mean that 4
4
 = 

256 simulations should be performed. Considering the tedious process mentioned 

in Section 3.1.4.1 required to create new meshes for each simulation, analysing 

the full variability of all the parameters was deemed impractical. This coupled 

with the time constraints for manufacturing the stents meant that a simplified 

approach was followed.  

ST

SW

LL

LR
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The variables underlined in the first and second column of Table 3-1 were used as 

base variables. For analysis of each parameter, the rest of the parameters were 

fixed at the base variable values while the parameter being analysed was varied. 

Using the parameter LR as an example, the variables highlighted in green were 

kept constant while LR, highlighted in blue, was varied. Therefore, four 

simulations were performed for the variation of the LR parameter. A total of 16 

simulations would be performed which is a significant decrease from the 256 

simulations. 

Table 3-1: Table of parameters and respective variables used for the critical dimensions. 

Parameters Variables 

Strut Width (SW) (mm) 0.17 0.19 0.21 0.23 

Strut Thickness (ST) (mm) 0.35 0.4 0.45 0.5 

Link Radius (LR) (mm) 0.375 0.425 0.475 0.525 

Link Length (LL) (mm) 0.5 0.6 0.7 0.8 

Although this approach is highly simplified, it gave a trend as to how the different 

design parameters affected the performance parameters. These trends were taken 

into account to design the stents for the larger diameters.  

3.1.5 FEA results 

Figure 3.5 and Figure 3.6 show typical Von Mises stress and plastic strain plots, 

respectively, for one full cycle indicating each deformation step. The results were 

extracted from the element which had the highest peak value of stress or strain, 

respectively. The crimping step (i) shows a rapid increase in the true stress in the 

stent as it contracts and the links close. The highest stress value appears as a 

compressive stress at the link radius, when the stent is crimped to its smallest 

diameter.  

  

Figure 3.5: Plot of stress as a function of time showing a comparison between the link 

lengths. 
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When the load is released and the stent recoils (ii), the stress decreases. Pressure is 

applied to the inner surface during the deployment stage (iii) and the link begins 

to open. The link has to first overcome the internal compressive stress before 

rapidly increasing in radius (the stent increasing in diameter) and reaching a 

maximum tensile stress at the deployed diameter. The load on the stent is released 

(iv) causing recoil of the stent and a release of elastic stress in the material. A 

residual stress related to the plastic deformation remains in the stent. 

  

Figure 3.6: Plot of plastic strain as a function of time showing a comparison between the link 

lengths. 

Figure 3.7 to Figure 3.10 compare the influence of the design variables for each 

parameter on the performance parameters, respectively, for the entire four load 

steps which were simulated. Figure 3.7, as an example, shows how each of the 

performance parameters changes with respect to the base value, in this case 

0.19 mm, when varying the strut width design parameter between 0.17 mm and 

0.23 mm. The performance parameters monitored in Figure 3.7 are foreshortening 

(FS), radial recoil (Rec), peak plastic strain (PPStrn) and peak stress (PSts).   

 

Figure 3.7: Comparison of the effect of varying the strut width (0.17 mm – 0.23 mm) on the 

performance parameters. 
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Similarly, in Figure 3.8, Figure 3.9 and Figure 3.10, the strut thickness is varied 

between 0.35 mm and 0.5 mm, the link radius between 0.375 mm and 0.525 mm 

and the link length between 0.5 mm and 0.8 mm, respectively. 

 

Figure 3.8: Comparison of the effect of varying the strut thickness (0.35 mm – 0.5 mm) on 

the performance parameters.  

 

Figure 3.9: Comparison of the effect of varying the link radius (0.375 mm – 0.525 mm) on the 

performance parameters. 

 

Figure 3.10: Comparison of the effect of varying the link length (0.5 mm – 0.8 mm) on the 

performance parameters. 
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3.1.6 Discussion of the FEA results 

The results obtained from the simulations serve to gain an understanding of how 

the design parameters of the stent affect its performance. The stent was designed 

accordingly using the most appropriate value for each dimension. It is important 

to note that the ultimate tensile strength (UTS) of L605 CoCr is 1070 MPa and the 

fracture strain is 0.55 [46]. The maximum and minimum peak stress recorded 

from all the simulations was 896 MPa and 863 MPa respectively, which equates 

to a stress failure safety factor, with respect to the UTS, of 1.19 and 1.23, 

respectively. The variation of peak stresses was low when comparing the varying 

design parameters which suggest that the stress experienced by the stent is within 

reasonable limits for all variables. The results indicate that an increase in strut 

thickness, link radius and link length, and a decrease in strut width will lead to a 

decrease in stress of the structural members. 

The results, across all the design parameters, indicate that there is a very high 

peak plastic strain of the material. Table 3-2 shows the fracture strain safety factor 

(fracture strain/peak plastic strain) for the best and worst case of each design 

parameter. It is problematic when the peak plastic strain is above the fracture 

strain as cracks are likely to form at critical locations on the struts. These cracks 

will propagate through the strut during the cyclic loading experienced by the stent 

in vivo and cause failure of the stent frame. The high strain can be attributed to 

the large deformation experienced by the stent from deployed diameter to crimped 

diameter. This is unfortunately one of the drawbacks of the stent being 

manufactured at the deployed diameter. Further study would need to be performed 

to investigate the extent of the damage caused by the high strain and the impact on 

the fatigue life of the stent. The results indicate that the plastic strain decreases 

with a decrease in strut width and an increase in the link radius.  

Table 3-2: The best and worst case fracture strain safety factor for the design parameters. 

 SW ST LR LL 

Best case 1.12 0.98 1.22 1.02 

Worst case 0.79 0.94 0.98 0.91 

The highest peak radial recoil measured from the simulations was 18.8 %. This 

equates to an increase of diameter from 6 mm at its crimped state, with the 

crimping load still applied, to 7.13 mm in its recoiled state, the load being 

released. The results indicate that the recoil can be decreased by increasing the 

strut width and link length. However, as mentioned, the stress and strain increases 

with an increase of both these design parameters. Therefore a careful 

consideration must be made about the more critical performance parameter that 

will influence the choice of the strut width and link length. A compromise can be 

to crimp the stent to a diameter of 5 mm thereby having the stent recoil to a 

diameter less than 6.3 mm.  This, however, may increase the possibility of 

damaging the stent as crimping to a smaller diameter will place greater stress and 

strain on the struts. 
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The foreshortening of the stent is strongly influenced by the link length and strut 

radius. The foreshortening is primarily a function of the stent design. All the links 

are connected and therefore have to extend in the axial direction when crimped. A 

complete redesign of the stent is required to significantly reduce the 

foreshortening.  

3.1.7 Final design and manufacturing 

The final stent was designed based on the conclusions drawn from the FEA 

results. One major challenge was finding a company capable of manufacturing the 

stents at a reasonable cost. The main cost of stent fabrication was for the purchase 

of the extruded tubing. Tubing with diameters of 20 mm, 23 mm or 26 mm are not 

standard sizes for medical grade tubing. MeKo (a medical device manufacturing 

company from Germany) was able to manufacture the stent from L605 cobalt 

chrome; however the tubing which was required was out of stock. It would have 

taken a very long time to get new stock and it would have been very expensive, 

hence a compromise had to be made. The only available tubing, which was 

satisfactory, was a 316 LVM stainless steel, 23 mm outer diameter, tubing with 

0.55 mm wall thickness. The final stent was designed for a 23 mm diameter and 

0.5 mm wall thickness after electropolishing. Refer to APPENDIX B for a 

discussion of the electropolishing process developed for electropolishing the 

stents. 

3.2 Leaflet design 

The function of the leaflets is to allow uni-directional flow of blood through the 

aorta when the valve is open. The native aortic valve consists of three leaflets and 

is referred to as a tri-cuspid valve. The design of the artificial bioprosthetic valve 

is based on the native valve.  The geometry of the native aortic valve has been 

described by Thubrikar [54]  (Figure 3.11) and more recently by Labrosse et al. 

[89] of which both derived a set of analytical equations to describe the geometric 

criteria. Table 3-3 lists the definitions of the abbreviated symbols in Figure 3.11.  

Labrosse et al. suggested that the equations derived by Thubrikar were too 

conservative to accommodate the dimensional variability in normal native aortic 

valves [89]. The input (design) parameters for Labrosse et al.‟s equations were the 

valve height (H), radius of the commissure (Rc) and base (Rb), the leaflet free edge 

length (Lf) and the leaflet height (Lh). The output (performance) parameters were 

the coaptation height (Xs), the commissure height (Hs), the angles of the closed (α) 

and open (β) leaflet, and the free edge (Ω) in the open position.   
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(a) (b)  

Figure 3.11: Schematic describing (a) the native aortic valve and leaflets ([54]) and (b) a 

leaflet in the closed position (grey) and open position (white) (adapted from [54], [89]) 

Table 3-3: Definition of the abbreviated symbols of Figure 3.11. 

H = valve height 

hs = sinus height 

Hs = commissural height 

Ld = leaflet free edge length of the closed leaflet during diastole 

Ls = leaflet free edge length of the open leaflet during systole 

Rb = radius of the valve base 

Rc = radius of the valve commissures 

Xs = coaptation height at the centre  

α = angle of the closed leaflet 

β = angle of the open leaflet 

Ω = angle of the free edge in the open position 

  = leaflet flexion angle 

However for the purpose of the leaflet design, Thubrikar‟s equations, although 

older, are more suited to the requirements of the design parameters and the desired 

performance parameters. Furthermore his description and geometric relationships 

have been used by numerous other researchers in the design of prosthetic valve 

leaflets [13], [57] and hence can be used as a reasonable design method. The 

accompanying geometric relationships, Equations 3.3 to 3.8, were developed by 

Thubrikar to determine the optimum parameters for a prosthetic aortic valve.  

          
    

   
  
 

  (3.3) 
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According to Thubrikar, the optimal leaflet is one in which the least amount of 

energy is expended to open the leaflets. This means that the stresses will also be 

minimized and overall life of the valve is extended. Thubrikar also wanted to 

optimize the geometric criteria to ensure that appropriate sealing (coaptation, Xs > 

0.1Rb) was achieved by the leaflets in the closed position, dead space was 

minimized by using an appropriate height to diameter ratio, no folds were present 

in the leaflet and that the leaflet flexion (θ) was minimized to make the leaflets as 

energy efficient as possible [54]. Thubrikar found that the minimum height and 

the minimum flexion opposed each other. To ensure that the leaflets do not 

prolapse under systolic pressure, the angle α should be greater than 13° and Ld 

should be less than twice Lh [54]. 

For the design of the leaflets in this thesis it was not possible to use the optimized 

parameters proposed by Thubrikar due to a number of constraints. Firstly, the 

stent frame of the valve is straight and thus β was considered to be zero. Secondly, 

the stent height is fixed and hence the leaflet and commissure heights were 

constrained by the attachment line on the stent. However Thubrikar‟s equations 

were still useful in determining the performance parameters by using the 

constraints as a guide for the design parameters.  

While calculating the geometric criteria of the leaflets for a 23 mm and 26 mm 

diameter stent with a stent length of 16 mm, it was found that the performance 

parameters discussed for a correctly functioning valve were violated. Hence it was 

decided to increase the stent length to 18 mm to accommodate an appropriate 

leaflet design. The constrained design parameters are H, Hs and Rb, which is set 
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for the specific diameter being designed.  Table 3-4 gives a summary of the 

critical leaflet dimensions for a 23 mm and 26 mm diameter stented valve. A 

stencil (Figure 3.12) was fabricated based on these geometric dimensions and it 

was used to cut the leaflet shapes from the tissue. 

Table 3-4: Leaflet geometric dimensions (*performance parameters). 

Diameter H Hs Rb=Rc θ* Xs* Ls* Ld* 

23 15.07 5.96 11.5 64.52 2.33 24.09 27.2 

26 15.06 5.97 13 71.13 1.32 27.23 31.96 

 

Figure 3.12: Drawing of the stencils used to cut the leaflets for a 23mm and 26 mm valve. 

Another crucial part of the leaflet design process is the selection of the material 

from which the leaflets will be made. Common materials used for bioprosthetic 

valves are bovine tissue and porcine tissue [90]. The proposed material to be used 

for the leaflet is kangaroo pericardium (the outer lining of the heart). The 

properties of kangaroo tissue and its comparison to bovine and human tissue are 

discussed in more detail in Smuts‟ thesis [14]. One of the main advantages of 

using kangaroo tissue is that it is thinner than bovine and porcine tissue while 

displaying similar strength characteristics. The thinner tissue allows the valve to 

be crimped to a smaller diameter which will assist in the ease of delivery of the 

valve. It is also hypothesized that using thinner Kangaroo tissue for the leaflets, 

less energy will be required to open the leaflets and less energy will be lost by the 

leaflets during opening. The decreased energy loss will contribute to less chance 

of inflammatory response of the patient to the tissue. Furthermore the thin tissue is 

hypothesized to act as a scaffold onto which host cells will build and strengthen 

the leaflets over time hence extending the durability, and ultimately the correct 

functioning of the valve and life of the patient.  
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3.3 Summary 

This chapter discussed the development of an enlarged BHV for TAVI. FEA was 

used to analyse the effect that the variation of the design parameters would have 

on the performance parameters. The stent was designed to reduce the radial recoil, 

stress, plastic strain and foreshortening. This was accomplished by designing the 

stent with a maximum possible link radius, short link length, medium strut width 

and a larger strut thickness. A compromise was made for the manufacturing of the 

stent. It was manufactured from stainless steel with a diameter of 23 mm.  

The leaflets were designed using the equations from Thubrikar [54]. A 23 mm and 

26 mm stencil was designed and manufactured using the dimensions calculated 

from these equations.  
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CHAPTER 4 

4  Valve testing in the cardiac pulse duplicator (CPD) 

This chapter describes the testing of a 19 mm manufactured BHV in a cardiac 

pulse duplicator (CPD). The testing was intended to analyse the behaviour of the 

valve under physiological conditions and use the data to validate the valve 

simulations. Furthermore, the valve performance was compared between a resting 

heart rate and accelerated heart rate. This was done to find any correlations 

between the operating speeds and analyse the effects on the valve function. 

4.1 Experimental setup 

The BERG CPD, based on a design by Krynauw [91], was used for the BHV 

testing.  Refer to Figure E-3 in APPENDIX E for an image of the CPD. The CPD 

is a machine used to fatigue test aortic BHVs at accelerated heart rates of up to 

250 bpm. It is a closed loop system, which produces a pulsatile flow, representing 

the human cardiac cycle produced by the pumping action of the left ventricle.  

Positive displacement piston pumps are used to create the pulsating flow of fluid 

in the closed system. The pistons are driven using specially designed cams to 

achieve the desired flow. The cam shaft is driven using an electric motor 

controlled by a LabView® graphical user interface. The original CPD was 

designed to accommodate one valve in a single line. The aim of the CPD was to 

create similar pressures across the valve as would occur in human hearts. The 

CPD had to create a peak transvalvular pressure gradient of between 70 mmHg 

and 100 mmHg during diastole and between 4 mmHg and 15 mmHg during 

systole. It was therefore not a requirement to mimic the physiological conditions 

precisely. The CPD was modified to accommodate four valves to be tested 

simultaneously using four separate lines. Only one line was used for the tests 

described in this thesis. 

 Figure 4.1 shows a schematic of the test setup. The computational station (m) 

controls the CPD and records the data received from the digital acquisition unit 

(n) and the images received from the camera (b).  

The pre-valvular and post-valvular pressure taps, component (j) and (k), 

respectively, in Figure 4.1, measure what would be termed the ventricular and 

aortic pressure, respectively, of the cardiac cycle. Pressure transducers (supplier: 

WIKA, model: A-10) were used to record the pressure data. They are capable of 

measuring pressures in the range of 0 to 760 mmHg to within 4 mmHg at a 

sampling rate of 2 kHz. 
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Figure 4.1: Schematic of one line on the CPD. a – valve prosthesis, b – camera, c – 

compliance chamber, d – ball valve (resistance valve), e – fluid tank, f – heater element, g – 

temperature sensor, h – mitral valve, i – piston, j – pre-valvular pressure line, k – post-

valvular pressure line, l – light source, m – computational station, n – data acquisition unit. 

The compliance chamber (c), a 90 mm diameter tubular column filled with air and 

water, and the flow resistance valve (d), a 50 mm ball valve, were located 

between the aortic valve chamber and the fluid tank (e). The aortic valve chamber, 

compliance chamber and ball valve are connected using flexible pipes. The 

compliance and resistance of the closed system can be adjusted in order to achieve 

the desired physiological operating pressures. The compliance accounts for the 

elasticity of the artery walls and the resistance accounts for the resistance of the 

flow of blood in the body as it is forced through the capillaries. In general, the 

compliance controls the pressure difference between the post-valvular and pre-

valvular pressures. The resistance controls the overall pressure in the system. 

Tests were performed to determine the effects of the fluid levels in the compliance 

chamber and the change in resistance on the system. The optimal operating 

compliance chamber fluid level and resistance were subsequently determined 

from these tests. 

A mixture of 48 vol% glycerol and 52 vol% saline solution, with 0.01 vol% 

sodium azide disinfectant added, was used as the fluid within the CPD. This 

solution has a similar density (1.05 x 10
3
 kgm

-3
) and viscosity (3.57 x 10

-3
 Ns·m

-2
) 

to whole blood with a physiological hematocrit of 45 % at 37 
0
C [92]. The 

mixture was heated using two submersible 300W heaters (supplier: RS 

Components), connected to a network of five pumps (supplier: HT, model: HJ-

541) to ensure that the mixture was at a uniform temperature. The mixture 

bend 
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temperature was maintained at 37 
0
C using a Delta DTA PID controller with a 

RTD PT100 sensor which regulated the temperature to within 0.2 
0
C. 

A 0.3 megapixel digital high speed camera (b) (supplier: Point Grey, model: 

Grasshopper GRAS-03K2M/C) was used to capture the opening and closing of 

the leaflets. The camera is capable of capturing images at a rate of up to 348 fps 

(frames per second) at a resolution of 152 x 154 pixels. The camera is equipped 

with a KAI-0340D 1/3 inch image sensor and has a pixel size of 7.4 μm x 7.4 μm. 

The camera was mounted to a plate which was attached to the viewing chamber 

(refer to Figure E-4 (a) in APPENDIX E). A light source (l) was placed behind the 

camera to sufficiently illuminate the leaflets during image acquisition.  

A Doppler echocardiographic (supplier: SonoSite™, model: MicroMaxx®) array 

system using a 25 mm P17 cardiac transducer (probe) was used to measure the 

transient velocity through the valve. The echo probe was placed against the 

viewing chamber window aimed at the valve, pointing perpendicular to the flow 

of fluid through the valve (refer to Figure E-4 (b) in APPENDIX E). It was not 

possible to acquire velocity data at the same time as the images, due the fact that 

both measurement methods require access to the front of the viewing window. 

During the tests, the camera was removed from the chamber after the images had 

been successfully acquired. The tests were then repeated, under the same 

conditions used for the image acquisition, while the echocardiograph data was 

acquired. 

4.2 Valve manufacturing 

The valve was manufactured using the techniques described by Smuts [14]. A 

polyester sealing cuff (supplier: Bard Peripheral Vascular OEM, product: 

polyester tubular knit textile, 0.05 mm thick) was stitched onto the outside of an 

in-house electropolished (see APPENDIX B) L605 Cobalt Chrome stent, with a 

19 mm inner diameter, 0.35 mm wall thickness and 16 mm height. Leaflets made 

from kangaroo pericardium were hand stitched onto the stent and sealing cuff.  

The final manufactured prosthetic valve is shown in Figure 4.2. Table 4-1 

summarizes the critical dimensions measured for each of the three leaflets. The 

dimensions are compared to the ideal valve using the dimensions calculated by 

Smuts [14].  Twisting at the contact of the leaflets is observed, which occurs due 

to the long free edge length. 

 

Figure 4.2: Image of the valve used for the validation experiments. 
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Table 4-1: Table of the leaflet dimensions. 

Leaflet no. Ls (mm) H (mm) Hs (mm) 

1 22.0 13.6 6.1 

2 21.7 14.3 6.1 

3 21.1 14.2 6.2 

Ideal 19.89 13.2 5.13 

The kangaroo pericardium tissue was characterized, before manufacturing of the 

valve, using biaxial (measuring the stress-strain properties) and histological 

(measurement of the tissue thickness) tests. The histological tests showed that the 

sheet of tissue used for the leaflets varied in thickness between 0.23 mm and 0.28 

mm. The biaxial tests indicated that the tissue had a maximum stress value of 

0.909 Mpa at a strain value of 0.35.  

4.3 Experimental method and results 

The tests were performed at a resting physiological heart rate of 72 bpm and 

accelerated heart rate of 135 bpm. This corresponded to a measured systolic time 

of 335 ms and 183 ms with a cardiac output of 7.0 L/min and 12.8 L /min, 

respectively. The resistance and compliance were adjusted until a pressure curve 

resembling the physiological cardiac pressure cycle at 72 bpm was achieved. The 

compliance chamber fluid column was 603 mm above the valve, which equates to 

a volume of 3.837 litres, and the volume of air above the fluid was 0.425 litres. 

The resistance was controlled using a ball valve located after the compliance 

chamber.  The ball valve was closed to less than 10 % of its total cross-sectional 

area.  

The system was allowed to reach steady state before taking any measurements. 

The pressure data was recorded at 1 kHz for five seconds. Six cardiac cycles were 

captured and analysed for both the 72 bpm and 135 bpm tests. This enabled the 

opening and closing times of the valve to be averaged over six cycles. The raw 

pressure data, recorded using LabView®, was passed through a 6
th

 order low pass 

Butterworth filter, with a cut-off frequency of 15 Hz and zero phase shift, in 

Matlab® to filter out the electrical and vibration noise in the signal. Figure 4.3 

shows the pre-, post- and trans- vulvular pressure curves from the tests. 

The non-dimensionalized (normalized) time, t/T, where t = time and T = average 

cycle time , is termed the NDtime. The average cycle time for 72 bpm was 0.859 s 

and for 135 bpm it was 0.446 s. This allows for easier and more direct comparison 

between the heart rates. One full cycle for either case will have a NDtime of 1.  
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(a)  

(b)  

Figure 4.3: Filtered pressure data from the (a) 72 bpm and (b) 135 bpm tests. 

Table 4-2 summarizes the information extracted from the pressure data recorded 

for the resting and accelerated heart rate. The pressure ratio is the ratio between 

the maximum systolic and minimum diastolic pressures. A pressure ratio of 

120/80 mmHg is considered physiologically normal or healthy for a person at rest 

[93]. The systolic and diastolic transvalvular pressure gradient (STVPG and 

DTVPG, respectively) are the difference between the ventricular pressure and the 

aortic pressure when the valve is open and closed, respectively. 

Table 4-2: Summary of the data extracted from the pressure measurements. 

Heart rate 

(bpm) 

Pressure 

ratio 

Peak STVPG 

(mmHg) 

Peak 

DTVPG 

(mmHg) 

ET  

(s) 

Cycle time 

(s) 

72 132/36 28.03 103.06 0.324 0.859 

135 211/81 73.37 174.93 0.154 0.446 

The capturing of the images was synchronized with the recording of the pressure 

data.  This was achieved by sending a signal to the camera when the pressure 

recording was activated. The signal triggered the camera and the software began 

recording the images. Each image was time stamped. This allowed accurate post 

processing of the images with the pressure data. The images were captured, using 
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Point Grey image capture software, at a frame rate of 319 fps. Figure 4.4 and 

Figure 4.5 show the opening and closing images for the 72 bpm and 135 bpm test, 

respectively. The images have the corresponding time beneath them. The brackets 

contain the t/T value used to compare and correlate the two cases and to obtain an 

overall time frame in terms of one cycle. The zero value corresponds to the time 

when the valve begins to open for the respective heart rates. 

 

(a) 
       

t (ms) = 0 

t/T = (0) 

6.3 

(0.007) 

12.5 

(0.015) 

15.7 

(0.018) 

18.8 

(0.022) 

25.1 

(0.029) 

31.3 

(0.036) 

(b) 

       
t (ms) = 275.9 

t/T = (0.321) 

307.2 

(0.358) 

322.9 

(0.376) 

338.6 

(0.394) 

344.9 

(0.401) 

351.1 

(0.409) 

357.4 

(0.416) 

Figure 4.4: Image comparison for the (a) opening and (b) closing cycle of the 72 bpm case. 

(a) 

      

 

t (ms) = 0 

t/T = (0) 

6.2 

(0.014) 

9.3 

(0.021) 

12.4 

(0.028) 

15.5 

(0.035) 

18.5 

(0.042) 
 

(b) 

       

t (ms) =154.5 

t/T = (0.346) 

160.7 

(0.360) 

 

166.9 

(0.374) 

 

173.1 

(0.388) 

 

179.3 

(0.402) 

 

185.4 

(0.416) 

 

194.7 

(0.437) 

 

Figure 4.5: Image comparison for the (a) opening and (b) closing cycle of the 135 bpm case. 

The rapid valve opening time (RVOT) and rapid valve closing time (RVCT) were 

determined from the images of the valve opening and closing respectively.  Table 

4-3 summarizes the data extracted from the images. The mean value from five 

cycles followed by the standard deviation is recorded. 

Table 4-3: RVOT, RVCT, ET and cycle time of the experimental and simulated valve, 

reported as the mean ± std. deviation. 

Heart rate 

(bpm) 
RVOT (ms) RVCT (ms) ET (ms) Cycle time (ms) 

72 33.2 ± 4.25 63.3± 4.2 361.8 ± 4.7 859.4 ± 4.5 

135 16.1 ± 2.3 44.5 ± 9.3 196.6 ± 2.5 445.8 ± 2.6 
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RVOT was determined as the time from when opening was initiated to when the 

valve was fully open. RVCT was determined as the time from when rapid closing 

was initiated to when the valve was fully closed [83].  There is a period of slow 

valve closing (SVC) between being fully opened and the initiation of closure [94]. 

Due to this SVC there can be some ambiguity about when exactly the rapid 

closure initiates. The ejection time (ET) is determined as the time interval 

between the initiation of opening and the fully closed valve. The cycle time was 

determined from the time between the beginning of valve opening of two 

respective cycles. 

Figure 4.6 correlates the opening and closing times with the pressure curves for 

one full cycle. The vertical dot-dashed lines represent either the start or end of the 

opening and closing of the valve. Note that for the 135 bpm case in Figure 4.6 (b), 

the initiation of closing does not coincide with the crossing of the ventricle pre-

valvular pressure below the post-valvular pressure. This is discussed further in 

Section 4.4.1.  

(a) (b)  

Figure 4.6: One full cycle indicating the valve opening and closing times for the (a) 72 bpm 

case and (b) 135 bpm case. 

After the images were captured, the camera was replaced with the Doppler 

echocardiograph probe and the test was repeated, under the same conditions. The 

probe was placed in contact with the valve chamber window, aligned parallel to 

the oncoming flow. Transient velocity measurements of the fluid flow were taken 

using the continuous wave Doppler mode. Table 4-4 summarizes the data 

obtained from several measurements. The values reported in the table are the min-

max values that were measured over five cycles. 

Table 4-4: Summary of the data extracted from the Doppler echocardiograph. 

Heart rate 

(bpm) 

Peak STVPG 

(mmHg) 

Mean STVPG 

(mmHg) 

Peak velocity 

(cm/s) 

Mean velocity 

(cm/s) 

72 33.5–39.2 - 289.5–313.0 - 

135 85.9-98.6 33.6-44.1 463.3-496.6 289.8-332.0 

The following parameters were used for all readings: fractional echo readout 

using 70-100 % of the full echo; flip angle, 0°; bandwidth, in the range of 5.2-41.7 

kHz, velocity sensitivity, 200 cms
-1

 along all 3 spatial directions; fractional field 
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of view, (300-340 x 225-240) mm
2
; slab thickness, 83.2-96 mm; matrix, 256 x 

144 x 32; and spatial resolution, (1.17-1.33 x 1.56-1.67 x 2.60-3.00) mm
3
. Figure 

4.7 shows an example of the continuous wave (CW) Doppler echocardiogram 

captured for the transient velocity through the valve.   

(a) (b)  

Figure 4.7: Doppler echocardiograph image of the transient velocity through the valve for (a) 

72 bpm and (b) 135 bpm. 

The peak systolic pressure gradient is calculated using the simplified Bernoulli 

equation [95]: 

                 (4.1) 

where   is the peak velocity in m/s. Using the Doppler echocardiograph data is a 

typical method of testing for damaged valves, however, the value for the STVPG 

is only an estimate.  

4.4 Discussion 

A hand stitched, 19 mm diameter valve was tested in the CPD at heart rates of 

72 bpm and 135 bpm. The pressure, valve opening and closing high speed images 

and velocity from the Doppler echocardiograph were recorded, analysed and 

compared. The pressure waveform produced by the CPD was repeatable, as 

shown in Figure 4.3, and comparable to physiological pressure waveforms for the 

72 bpm case. The 135 bpm case had arrhythmic systolic and diastolic function. 

This is within expectation due to the higher flow rate and small valve diameter. 

4.4.1 Pressure 

The pressure waveforms are clearly different for the two different heart rate 

studies, as seen in Figure 4.3 (a) and (b). The cycle period, reported as the 

normalized time, coincides for both cases; however the systolic period for the 

72 bpm case is longer, with a NDtime of 0.373, compared with the 135 bpm case 

systole 

forward 

flow 

back flow 

diastole 
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of 0.340. This indicates that the increase in heart rate affects the physics of the 

flow and functioning of the valve.   

The pressure graph indicates that systole lasted for 335 ms while the images 

indicate that systole lasted for 359.9 ms (taken as the time of valve opening to 

time of valve closure i.e. ET). The velocity echocardiograph Doppler image 

indicates that systole lasted for 337 ms which is in close agreement with the 

pressure data. The difference in the systolic time extracted from the images can be 

explained. This is due to the time it takes the valve to close. As indicated in Figure 

4.6 (a) and (b), the valve only starts closing when the pre-valvular pressure 

decreases below the post-valvular pressure, or after in the case of the 135 bpm 

heart rate. This may be due to the straight stent behind the leaflet which prevents 

the formation of vortices behind the leaflet. Thus, the reverse flow alone closes 

the leaflets, which means that closing is initiated later and the closing time is 

longer than the native valve leaflets [96][18].  

For the benchmark case, taken at 72 bpm, a pressure ratio of 132/36 with a peak 

STVPG of 28 mmHg and a peak DTVPG of 90 mmHg were recorded. This does 

not represent a healthy “at rest” physiological pressure, however it is not 

completely abnormal. This type of pressure could represent a pre-hypertensive 

individual [93]. The respective pressures recorded for the 135 bpm case are more 

or less doubled.  The peak STVPG of 73 mmHg and peak DTVPG of 175 mmHg 

are of particular concern. These pressures are abnormally high and may cause 

significant damage to the valve apart from fatigue. The CPD is intended to operate 

at 250 bpm. The pressures experienced at that rate would be overly high unless 

the compliance chamber and resistance were significantly reduced.  

There is a spike in the pressure waveform at the beginning of systole for both the 

72 bpm and 135 bpm cases, seen in Figure 4.3 (a) and (b). The spike is less 

noticeable with the 72 bpm case. The transvalvular pressure decreases from a 

peak of approximately 28 mmHg to between 4 mmHg and 9 mmHg which is more 

normal. The pressure spike for the 135 bpm case is more prominent and a higher 

pressure is recorded. The transvalvular pressure decreases from a peak of 

approximately 73 mmHg and drops below zero to -7.5 mmHg and then peaks 

again at 6.3 mmHg before the initiation of diastole. This pressure spike causes the 

valve to snap open against the stent wall causing a greater force and enhancing 

fatigue damage. In reality, the pressure spike and peak value recorded is often a 

result of a stenotic valve caused by calcification or valve damage. However, the 

images clearly show that the valve fully opens with minimal resistance to flow. In 

the case of the CPD tests, the pressure spike is most likely a result of other 

physics arising from the CPD structure and fluid flow rather than an issue with the 

prosthetic valve. Possible causes are the vibration of the structure, incorrect 

compliance and resistance settings, the small diameter of the pipes and the bends 

in the pipe before and after the valve. 
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There is a noted difference between the ET calculated from the pressure curves 

and that calculated from the images. The ET is calculated between when the pre-

valvular pressure rises above the post-valvular pressure and its final decline below 

the post-valvular pressure. The time of opening and closing of the valve do not 

correspond to these exact times. There are a number of reasons for this. The 

determination of the start of closing using the images is up to the author‟s 

discretion and inconsistencies may have occurred when synchronizing the images 

and the pressure data. This may account for the slight deviation.  However this 

deviation is within reasonable limits and is therefore a plausible phenomenon. 

Figure 4.6 indicates the times of the leaflets opening and closing on the pressure 

plots of one cycle. A good correlation of the 72 bpm case can be seen. The valve 

initiates opening shortly after the pre-valvular pressure rises above the post-

valvular pressure and is fully open when the STVPG peaks. Likewise, the closing 

initiates at the time when the prevalvular pressure decreases below the post-

valvular pressure and closes before the peak DTVPG.  The 135 bpm case does not 

correlate as closely. The opening correlates well with the pre-valvular pressure 

rising above the post-valvular pressure. However, the closing initiates well after 

the prevalvular pressure has decreased below the post-valvular pressure. It 

corresponds with the peak post-valvular pressure. The reason for this is unclear 

and may need further investigation. One explanation might be that the accelerated 

heart rate introduces unusual pressure and valve function in the CPD. 

4.4.2 Doppler echocardiography 

The Doppler echocardiograph images, in Figure 4.7, were obtained using CW 

Doppler. This measures the maximum velocity along a straight line of sight. The 

peak velocity recorded for the 72 bpm case ranged from (289.5 to 313.0) cm/s. 

This is substantially higher than physiologically normal velocities of 135 ± 35 

cm/s for a healthy heart valve [18]. However the most likely reason for the high 

velocity can be attributed to the small diameter, in comparison with the average 

native valve, and the high pressure spike occurring across the valve as explained 

in the previous sub-section.  

The shape of the velocity curve, in Figure 4.7, is similar in both cases. The 

velocity accelerates quickly, within the first third of the systolic phase, to the peak 

velocity and then declines at a slower rate after the peak is reached. There is a 

slight bit of back flow while the valve is closing. A peak velocity range from 

(463.3 to 496.6) cm/s was recorded for the 135 bpm case. This is expected due to 

the increased flow rate through the valve.  

The STVPG estimated by the Doppler echocardiogram ranged from 33.5 mmHg 

to 39.2 mmHg and 85.9 mmHg to 98.6 mmHg for the 72 bpm and 135 bpm cases, 

respectively. These values are over 16 % and 14 % higher, respectively, than the 

transvalvular pressures recorded with the pressure sensors. This difference is not 

of too much concern. The value is an estimation of the STVPG using the peak 
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velocity. This coupled with the fact that filtering the signal reduces the peak 

pressure can explain this difference. 

4.4.3 Leaflet kinematics 

The images in Figure 4.4 and Figure 4.5 correlate the opening and closing 

kinematics, respectively, of the 72 bpm and 135 bpm cases. The ejection time 

lasts for an NDtime of 0.416 and 0.437, respectively, which is approximately 

44 % of the cycle. The 135 bpm case lasts slightly longer than the 72 bpm case 

with respect to the cycle time. This difference can be considered negligible and 

therefore affirms that the CPD is capable of producing repeatable results even 

when scaling of the heart rate occurs. This is above the normal systolic time of 

1/3
rd

 of the full cycle but is within reasonable limits. 

The opening of the 72 bpm case is symmetrical with all the leaflets opening with 

the same motion at the same time. Before the start of opening, the closed leaflets 

are twisted about the centre axis of the valve. This is due to the long free edge 

length. This affects the opening motion as it can be seen in the image the leaflets 

have to overcome the twisted state and a fold remains along the middle of the 

leaflet during the remainder of opening. This may increase the RVOT. The 

opening for the 135 bpm case is not as clear. The rapid valve opening is too quick 

for the high speed camera to capture the kinematics. It must be noted that the 

opening does not correlate well. The leaflets at NDtime 0.02 for the 72 bpm case 

are half open while at the same NDtime the leaflets for the 135 bpm case are still 

to break free from each other. The RVOT of 33.2 ms, for the 72 bpm case, is 

within similar values recorded by previous studies which are summarized, along 

with the current experimental data, in Table 4-5. The RVOT is within the range 

reported by the previous studies which is a good indication that the valve opens 

quickly enough and with minimal obstruction to the flow.  

The RVOT of 16.1 ms, for the 135 bpm case, is within a reasonable value 

considering the increased flow rate through the valve. The closest comparison that 

can be made is with Leyh et al. [97] and De Paulis [98] et al. who reported a 

RVOT of approximately 23 ms and 24 ms for a heart rate of 96 bpm and 107 bpm 

respectively. From these values, it is reasonable to assume that the RVOT 

determined for the current study is in accordance with physiological function. 

The leaflet kinematics has a much closer correlation during closing. The leaflets 

close asymmetrically with two of the leaflets closing quicker than the third. This 

is less apparent for the 135 bpm case. The closure contact point of the leaflets is 

displaced from the central axis. This means that two of the leaflets experience 

greater strain and stress than the third. This leads to quicker fatigue damage and 

an increased potential of tearing at the commissure edges for the leaflet(s) that has 

been overstretched. Another observation is the folding in the leaflets during 

closure, particularly for the 135 bpm case. The folding adds to the stress on the 

leaflet and ultimately fatigue. 
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Table 4-5: Comparison of experimental measurements with previous characterization 

studies of native valves. NR= not reported. 

Study 

Heart 

rate 

(bpm) 

Valve 

geom. 

Valve 

diam. 

(mm) 

Peak 

systolic 

velocity  

(cm/s) 

RVOT 

(ms) 

RVCT 

(ms) 

ET 

(ms) 

Peak 

STVPG 

(mmHg) 

Cardiac 

output 

(L/min) 

Leyh et 

al. [97] 
57–96 Nat. 28,30 NR 

23±9.5 

 – 

57.5±11.1 

31.5±8.8 

 – 

58.5±10.0 

254±54 

- 

329±63 

3.8±2.0 

- 

5.4±1.4 

6.2–6.4 

De 

Paulis et 

al. [98] 

61–107 Nat. 20–25 NR 

24.1±8.6 

 – 

31.6±9.3 

27.5±5.2 

– 

31.6±6.0 

219.1±29.2 

–

298.3±47.2 

5.7±1.8 

- 

10.0±5 

6.7–8.5 

Aybek 

et al. 

[99] 

NR Nat. NR NR 

22±6.0 

– 

46±10.0 

23±10.0 

– 

47±14.0 

NR 

6.3±3.7 

– 

9.8±4.0 

NR 

Ranga 

et al. 

[83] 

NR Nat. 24 
110.0–

130.0 
70.0±27.0 92.0±23.0 321.0±23.0 5.2–7.2

‡
 NR 

Current 

72 

BHV 19 

289.5–

313.0 
33.2 ± 4.25 63.3± 4.2 360.5±3.6 

33.5–39.2 

(28.03)† 
7 

135 
463.3–

496.6 
16.1 ± 2.3 44.5 ± 9.3 190.1±1.5 

85.9–98.6 

(73.37)
†
 

13.1 

‡ Estimated from the peak velocity range, † Averaged value based on pressure transducer measurements. 

The RVCT of 63.3 ms, for the 72 bpm case, is longer than the recorded RVCTs in 

Table 4-5, except for the values reported by Ranga et al. [83]. This indicates that 

the valve does close quickly enough and prevents excessive backflow. The 

increased closing time may be affected by the design of the chamber and pipes 

which affects the backflow. The valve closes tightly, without any gaps in the 

centre, preventing leakage through the valve. This is confirmed by the Doppler 

echocardiogram. There is a slight backflow during the valve closure but then no 

backflow for the remainder of diastole. The RVCT, for the 135 bpm, of 44.5 ms is 

also slower than what would be expected the native valve. The slower closing can 

be attributed to the lack of vortex formation behind the leaflets in the BHV as 

previously explained. 

4.4.4 Further tests 

It was intended to originally step the heart rate up to 200 bpm, since the CPD is 

required to operate at heart rates at and above 200 bpm. This was attempted for a 

short period of time before stopping the tests. The pressures recorded at this 

accelerated heart rate were very high in the region of 500 mmHg for the pre-

valvular pressure, with a DTVPG of 350 mmHg. These types of pressures are far 

too high for the valve to handle. Inevitably the valve was damaged from the test 
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and deemed unusable. However it did provide some useful insights into the 

location of damage and thus the likely location that the highest stress occurs. 

Figure 4.8 (a) and (b) show the damage to the valve leaflets. 

(a)  (b)  

Figure 4.8: Images of valve damage. 

The damage is due to tearing, and not fatigue of the leaflets. The leaflets have torn 

on the side, close to the commissure edge, and at the belly (the central region of 

the leaflet), close to the base of the leaflet attachment. This indicates that the 

leaflets experience the greatest stress close to the commissures and at the belly of 

the leaflet during diastole.  

4.5 Summary 

A 19 mm in-house manufactured BHV was tested in a CPD designed for fatigue 

testing. The CPD compliance and resistance was adjusted to perform as close as 

possible to a physiologically normal cardiac cycle at a resting heart rate. A 

pressure ratio similar to a pre-hypertensive individual was achieved and 

considered reasonable for the tests. The valve was tested successfully at resting 

and accelerated heart rates of 72 bpm and 135 bpm, respectively. It was also 

tested at a heart rate of 200 bpm, but this caused failure of the valve. Pressure 

measurements, high speed images and CW Doppler echocardiograph 

measurements were recorded for each case. The high speed images were 

synchronized with the pressure measurements. The Doppler echocardiograph 

measurements were recorded under the same conditions, after the images had 

been captured. 

The tests showed a good correlation between the two cases when normalising the 

time. The velocities through the valve are higher than expected physiologically 

normal values. This is attributed to the small valve diameter and higher flow rates 

of 7 L/min and 12 L/min. The RVOT and RVCT are within reasonable values. 

The closing kinematics of the leaflets is asymmetric and indicates increased stress 

which may lead to valve damage. Valve damage is most likely to occur at the base 

of the belly of the leaflet and close to the commissure edges. 
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CHAPTER 5 

5 FSI validation study 

This chapter describes the attempt made to experimentally validate the FSI 

simulation of a BHV during systole using the MSC.Dytran solver. Doppler 

echocardiography, pre- and post-valvular pressure measurements and qualitative 

leaflet motion visualization were chosen to characterize the flow through a BHV 

and validate the simulations. The valve geometry, simulation initialization, flow 

boundary conditions and material properties were acquired from the experimental 

data discussed in CHAPTER 4. The test case of 72 bpm was chosen for the 

validation study since the quality of the data was better than the data obtained 

from the test case of 135 bpm. The fundamental boundary conditions and methods 

used for the simulations are discussed in APPENDIX A. 

5.1 FE model 

Previous validation studies for the simulation of the aortic heart valve have been 

done using simplified experiments [75], validated using a two dimensional 

simulation model, and experiments using an artificial valve in a CPD machine 

[13], [83]. In the case of the artificial valve, an ideally symmetric, three 

dimensional valve was simulated. This study takes a slightly novel approach by 

simulating the full valve model incorporating the unsymmetrical leaflet 

dimensions measured from the experimental valve. The asymmetry of the leaflets 

and of the effects of the leaflets interacting with each other, particularly during 

valve closure, can be captured. The dimensions recorded in Table 4-1, from 

Section 4.2 of CHAPTER 4, were used (as shown in Figure 5.1 (a)), to produce 

the finite element model shown in Figure 5.1 (b).  

 

(a)               (b)  

Figure 5.1: (a) A schematic of the leaflet in the open position and (b) the FE model of the 

valve in the initial closed state. 

leaflet 1 

leaflet 2 

leaflet 3 

Hs=6.1 mm 

Ls = 21.1 mm 

H=14.2 mm 

Ls = 21.7 mm 

H=14.3 mm 

Ls = 21.8 mm 

H=13.6 mm 

Hs=6.1 mm 

Hs=6.2 mm 
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Unlike the FEA model discussed in Section A.2, of APPENDIX A, symmetry was 

not assumed. The FE model was created as similar to the experimental valve as 

possible. The leaflets were created as a surface in the open position and closed 

using the process explained in APPENDIX C, Section C.1. The prescribed 

dimensions: the leaflet height (H), free edge length (Ls) and commissural height 

(Hs), are shown in Figure 5.1 (a).  

Due to the complexity of the experimental setup a number of simplifications and 

assumptions were made for the simulations. The model did not incorporate the 

bend in the pipe leading up to the valve in the CPD (see Figure 4.1). This was 

considered to be a reasonable simplification as the pressure and velocity 

measurements were recorded after the bend. The FE model consisted of a straight 

rigid outer cylinder with the leaflets situated in the middle of the cylinder; the 

base of the valve and top of the commissures located 5 mm from the inflow and 

outflow surfaces, respectively.  

5.2 Boundary conditions 

No-slip boundary conditions were applied to all surface elements. The flow 

through the valve was driven using a transient velocity curve derived from the 

Doppler echocardiograph image (Figure 5.2), of one 72 bpm cycle, from the 

experiment.  

(a)  (b)   

Figure 5.2: (a) Modified Doppler image of the transient velocity used to derive the boundary 

condition for the simulations. (b) The derived velocity curve mapped to the Doppler image. 

A grid was constructed over the echocardiograph image and a normalized time 

scale set up. The average cycle time calculated from the image data was 859.4 ms. 

The horizontal and vertical axes consisted of 34 and 43 equally spaced grid lines, 

respectively. Each vertical grid line space corresponded to a velocity increase of 

7.89 cm/s per grid line. Matlab‟s Piecewise Cubic Hermite Interpolating 

Polynomial  function was used to create a good fit to the data.  This allowed the 

data points to be discretised into smaller time intervals. This is important for the 
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solver as large time intervals between data points causes instabilities in the 

simulations.  

The green dots on the images represent the data points extracted for the forward 

fluid flow and the blue dots represent the data points for the reverse fluid flow. 

Figure 5.2 (b) shows the graphed data points on top of the image. This shows a 

good representation of the velocity curve extracted from the data points. The 

transient curve was prescribed to the pre-valvular flow boundary as a plug flow. A 

constant pressure of 10 kPa was prescribed at the post-valvular flow boundary. 

This value corresponds to a normal diastolic pressure ratio of 75 mmHg. 

5.3 Material properties 

The fluid was modelled as a Newtonian fluid and the flow was considered 

laminar. These are acceptable assumptions and have been adopted by several 

previous FSI studies performed for a heart valve [13], [57], [70], [72], [84]. The 

leaflet material was modelled as a linear isotropic material with an average 

thickness of 0.25 mm, and an elastic modulus of 3 MPa.  Ideally, the elastic 

modulus should be obtained from experimental results. Biaxial tests were 

performed on a piece of the tissue by colleagues within the BERG at Stellenbosch 

University. However, the tests did not produce accurate, usable data. A reasonable 

value for the elastic modulus was determined from running simulations comparing 

the effect of varying the elastic modulus on the leaflet function. See APPENDIX 

C, Section C.3, for a comprehensive analysis supporting this decision. 

5.4 Method 

The simulations were performed on the Stellenbosch HPC using eight CPUs on a 

single node. The total number of Lagrangian shell elements used in the model was 

        elements, of which 1860 elements were used for each of the leaflets. 

The fluid elements consisted of         solid Eulerian elements. This 

corresponded to a 0.5 mm square element as established using Euler mesh 

independence tests in APPENDIX C, Section C.2.  The leaflets were meshed 

using an isomesher in order to achieve a good mesh quality and to have the same 

orientation for all of the elements.  A damping factor of 0.005 was used for the 

simulation. This is a relatively high value for the simulations; however it was 

necessary to avoid instabilities which would otherwise cause the simulation to 

crash. 

5.5 Results comparison 

The results from the experiment and the simulation were processed and are 

reported in this section. The experiment was conducted at a physiological resting 

heart rate of 72 bpm. The pre- and post-valvular pressure recordings were 

synchronized with the high speed image capturing over a period of 5 s. Data for 

six complete cycles of diastole and systole were obtained. Data collected for the 
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first cycle were chosen for initialization and validation of the simulation. Only the 

systolic cycle was simulated for the valve. 

As previously mentioned, the methods used to validate the simulations are leaflet 

motion visualization or kinematics, transvalvular pressure gradient and RVOT, 

RVCT and ET. Figure 5.3 shows the transvalvular pressure comparison between 

the experimental and simulated results. The experimental transvalvular pressure, 

measured using pressure transducers as explained in CHAPTER 4 Section 4.1, 

does not start at zero. This is because the pressures correspond to the time the 

valve starts to open.  The experimental and simulated peak systolic transvalvular 

pressure gradient (STVPG) occurs at roughly the same time, within the first 0.05 s 

of the systolic cycle. 

 

Figure 5.3: Comparison of the experimental and simulated transvalvular pressure gradient 

curves. 

Table 5-1 summarizes the results obtained for the experimental and simulated 

valve for one systolic cycle.  

Table 5-1: Table recording the RVOT, RVCT, ET and cycle time of the experimental and 

simulated valve. 

 RVOT (ms) RVCT (ms) 
ET  

(ms) 

Cycle time 

(ms) 

Peak 

STVPG 

(mmHg) 

Experiment 33.2 ± 4.25 63.3± 4.2 361.8 ± 4.7 859.4 ± 4.5 26.7 

Simulation 40 88 378 - 23.36 

Relative 

difference 
17 % 28.1 % 8.5 % - 12.5 % 
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In comparison to the pressure transducer measurements, the calculated peak 

STVPG recorded from the Doppler echocardiography was between 33.5 mmHg 

and 39.2 mmHg.  

Figure 5.5 compares the opening and closing images of the experimental and 

simulated valve. The time at which each image was taken is written in the upper 

left corner of the respective images. The time is recorded in milliseconds. The 

opening image times correlate closely, however the closing images do not. The 

simulated closing images are out of sync by 20 ms with the experiment. This was 

done so that the final image of the closed valve for both the experiment and 

simulation correspond in terms of leaflet position and not time. This is explained 

by the length of the simulated ejection time which is almost 20 ms longer than the 

experiment. 

Figure 5.4 shows the Von Mises stress distribution in the leaflets when the valve 

is open and when the valve is closed. This can be used to predict where majority 

of the stress occurs in the leaflets and possible failure areas. It should be noted 

that these stress values have not been confirmed and therefore the images should 

only be used to indicate relative stress distributions in the valve. 

 

Figure 5.4: Image of the leaflet stresses in the open and closed position. 

5.6 Discussion 

There are several methods that have been used previously to validate valve 

models. PIV traces the velocity of particles in the fluid. This method has been 

used to validate mitral valve FSI simulations [74] and mechanical valve models 

[73]. According to the author‟s knowledge, it is yet to be used to validate a 

complete model of the native or bioprosthetic aortic valve. The transvalvular 

pressure gradient across the valve or the transient flow rate through the valve can 

be compared to the simulations which use a pressure or flow rate input boundary 

condition, respectively, to drive the flow through the valve. Visualization of the 

valve using high speed imaging is used to compare the opening and closing of the 

leaflets during systole.  

Von Mises 

stress (Pa) 

open closed 
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Figure 5.5: Cinematographic comparison of the (a) opening and (b) closing cycle of the 

experimental (left) and simulated (right) valve (the corresponding time is recorded, in 

milliseconds, in the upper left corner of each valve image). 

 

(a) (b) 
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The image comparison allows the kinematics of the experimental valve and 

simulated valve to be correlated. The images also enable accurate measurement of 

the RVOT, RVCT and ET. Valve kinematics and pressure or velocity 

comparisons are the most widely used techniques for the validation of 

simulations. 

The methods chosen to validate the simulations in this thesis are visualization of 

the leaflet opening and closing kinematics and the transvalvular pressure gradient 

comparison across the valve. The possibility of using PIV was explored but not 

pursued for several reasons. The CPD was not optically accessible, the expense to 

modify this was high, and there was a high safety risk involved with the 

experiments.  

It must be noted that validation of flexible leaflet heart valve simulations is 

exceptionally difficult. The methods used for this validation may not be 

considered to be a thorough validation however they were the best choice 

considering the resources available. To the author‟s knowledge, there has not been 

a reported case of a complete validation study to date. There have been some 

studies which have been very close but there still remains a sense of uncertainty in 

the validation of heart valve kinematics, leaflet stresses and interaction with the 

fluid flow.  

The transient transvalvular pressure wave, seen in Figure 5.3, for the experiment 

and simulation were plotted on the same set of axes to show how they correlate. 

Both show that the pressure rises during opening up to the peak pressure which is 

the STVPG. The STVPG from the simulations was 23.36 mmHg and from the 

experiment was 26.7 mmHg. This is a 12.5 % difference between the simulation 

and experiment. This peak occurs at roughly the same time of 31 ms, which is 

approximately the time that the valve is almost fully open. The pressure spike may 

be attributed to the quick acceleration of the flow through the valve at the 

beginning of systole.  

The pressure then decreases to a physiologically normal STVPG, of between 2 

and 7 mmHg, as the flow is no longer obstructed by the leaflets. The transvalvular 

pressure gradient from the simulation remains lower than the experiment but has 

the same trend. The pressure then dips below zero, rises to a peak, lower than 

peak STVPG, and decreases to the DTVPG as the valve closes. The pressure 

curves indicate that the experimental valve closes earlier in the systolic cycle 

compared to the simulated valve. This is in agreement with the ETs of 361.8 ms 

and 378 ms, respectively, recorded in Table 5-1. 

The transvalvular pressure gradient results from the simulation correlates 

reasonably well, qualitatively, with the experimental results up to 0.3 s, 

approximately 80 % of the systolic cycle, as seen in Figure 5.3. Although the 

pressure from the simulation is more erratic, which can be attributed to the coarse 

discretisation of the velocity data points, it has a similar trend to the experiment. 
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The average root mean square (rms) error value calculated between the 

experimental and the simulation STVPG, in Figure 5.3, for this period was 

13.8 mmHg. This is considered to be within an acceptable margin of error. The 

rms error value is used to quantitatively evaluate the agreement between the 

experimental results and the simulation results. However, this is used to confirm 

whether the results are within realistic values and not to validate the simulations 

as an absolute. The large error value can be explained due to the limitations 

experienced with both the experiment and the simulation.  The pressure results 

therefore indicate that the simulation follows the same trend as the experiment and 

is within reason to consider that the simulation is a valid means to investigate the 

valve dynamics. 

The results do not correlate well after 0.3 s. The pressure from the experiment 

starts to decrease earlier than the simulation and shows a more gradual decline. 

The average rms error calculated for the full systolic cycle was 51.3 mmHg. This 

is a much larger value than for the first 80 % of the systolic cycle. This is partially 

explained by the difference in ETs but is most likely influenced by the damping 

factor used in the simulations. The increase in the damping factor primarily 

affects the closure of the valve [16]. The affect is that the leaflets take longer to 

close due to a high damping coefficient and therefore have a longer ET i.e. the 

simulated leaflets fully close later than the experiment. As seen in Figure 5.3, this 

affects the time that the pressure rapidly decreases. The large difference between 

the correlating data points, due to the extended simulation ET, explains the large 

rms error value. This does not, therefore, cause a concern for the validity of the 

simulations. 

It must also be noted that the pressure wave exhibits strange behaviour in both the 

experiment and the simulation between 0.17 s and 0.3 s. The pressure dips below 

zero before peaking again. The reason for this cannot fully be explained and 

requires further investigation with CPD tests.   

The RVOT, RVCT and ET for the simulated valve were determined using the 

same method described in CHAPTER 4, Section 4.3 and are reported in Table 

5-1. The results indicate that the RVOT and ET of the simulated valve correlate 

well with the experiment. The RVOT and ET for the simulation are longer than 

the experiment by less than 18 % and 9 %, respectively. This is a reasonable 

margin of error considering the short duration of the RVOT and is therefore 

considered to be an acceptable correlation. However, the difference in the RVCT 

is a concern with a 28 % longer closing time. This may again be attributed to the 

damping factor as explained for the pressure. Moreover, another likely cause of 

the difference is the input velocity curve for the simulations. Further simulations 

indicated that a slight variation in the velocity curve had a significant influence on 

the valve dynamics, particular during closure.  

Figure 5.5 shows the kinematic opening and closing comparison between the 

experimental and simulated valve. The valve opens relatively symmetrically in 
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both the experiment and the simulations. At the beginning of rapid valve opening 

the closed valve leaflets are twisted about the axial plane due to the leaflet free 

edge length (LFEL) being longer than ideal. For leaflets with an ideal LFEL, the 

middle of the free edge would meet at the centre of the valve and open smoothly 

with less energy expenditure. The longer LFEL causes the leaflets to open in a 

deformed manner. This is consistent in both cases. The simulated valve takes less 

than 7 ms longer to fully open. 

During the valve closing stage there is a period of SVC followed by RVC. This 

makes determining the initiation of the RVC ambiguous. The closing of the valve 

is asymmetrical in both cases, although more so for the experiment. This may be 

due to the bend in the CPD before the valve. The asymmetrical closing of the 

simulated valve may be attributed to the difference in the leaflet dimensions, 

leaflet interaction and different Euler domains for each leaflet. Both cases show 

that two leaflets close quicker than the third leaflet which means they extend 

further in order to close. This would place greater strain on the two leaflets which 

may lead to leaflet fatigue damage much sooner than the third leaflet. Once the 

leaflets have closed onto each other the flow is stopped and the point at which the 

leaflets meet is displaced back to the centre of the valve in the twisted position.  

The images of the leaflet stress in the open and closed position, respectively of 

Figure 5.4, serve as a qualitative comparison only. The author does not presume to 

suggest that the stresses recorded from the simulation are the actual stresses 

expected in the leaflets. The stress pattern indicates that the maximum stress 

occurs along the suture line during most of systole and close to the commissures, 

extending towards the belly of the leaflet during diastole. This is in a similar 

location to where the tears occurred in one of the test valves (Figure 4.8, Section 

4.4.4). Moreover, it is in agreement with the type of leaflet failure described by 

[66]. This is further evidence that the simulation results correlate closely, within 

reason, to reality. 

It must be noted that the distortion of the elements along the commissures in 

Figure 5.4, for the closed position, is due to large stresses and forces. The 

elements have to conform to the shape of the closed leaflet which naturally bulges 

at the centre and stretches along the sides when it is closed by the back pressure. 

The elements near the commissure become skewed and the large forces cause the 

elements to fail (most likely due to hourglassing effects). This occurs at the very 

end of the simulation and therefore does not impact the rest of the results. The 

non-distorted elements remain uninfluenced by the distorted elements as does the 

resulting stress in the elements. 
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5.7 Summary 

In summary, the CPD test at a heart rate of 72 bpm was used for the validation 

study. There were many factors impacting the experimental results which were 

not accounted for in the simulation. Despite this, there was an acceptable 

qualitative correlation between the results from the experiment and those from the 

simulation. 

The geometrical asymmetry of the valve was modelled and simulated using the 

derived transient velocity curve, from the experiment, to initiate flow through the 

valve. The valve kinematics, RVOTs, RVCTs and ETs correlated well within 

acceptable margins. The transvalvular pressure gradient from the simulations, 

though more erratic and lower, showed a good trend with the experimental 

transvalvular pressure gradient. The quantitative results indicate that the values 

are within reasonable agreement. The leaflet stress patterns gave some insight into 

the location of high stresses experienced by the leaflets and therefore failure 

locations. This was in agreement with results from the literature and tears in a 

valve tested in the CPD. The simulations, using the commercial solver Dytran, 

can therefore be considered a valid means of evaluating the valve performance. 

The simulations are highly sensitive to the shape of the boundary inflow curve. 

This is especially evident when there are sharp changes in the velocity during the 

cycle. The results can be improved if a more accurate velocity profile is acquired.  
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CHAPTER 6 

6 FSI Comparison studies for valve design 

The chapter focuses on the simulated results for different material models for the 

leaflets, the effect of changing the valve diameter on valve function, and the effect 

of leaflet free edge length on valve function and leaflet stress. The discussions of 

the results are preceded by an explanation of the general flow boundary 

conditions, the calculation of opening and closing times and the velocity vectors 

at the commissures. This provides necessary information for the discussion of the 

results. 

This research follows on from the work done by van Aswegen [16]. His research 

focused on simulating systolic flow through optimized leaflet geometries, 

comparison of straight leaflet geometry to curved leaflet geometry to aid with the 

valve design and the effect of valve dilation on the valve function. The design of 

the leaflet geometry for the current valve is far from optimal. This is due to the 

necessity to design the leaflet according to the limits of the stent frame. All of the 

simulations in this study use the current leaflet geometry. 

6.1 General flow boundary conditions and initialization 

The transient flow rate curve in Figure 6.1 was used to specify a boundary flow 

condition. The curve represents a typical, idealized, physiological flow rate for a 

heart rate of 80 bpm (adapted from [100], [101]).  

 

Figure 6.1: Flow rate curve used for the flow boundary condition. 

Each beat produces a stroke volume of 69.4 ml which equates to a cardiac output 

of 5.55 L/min. The flow rate was converted to a transient velocity curve, based on 

the valve diameter, and prescribed to the pre-valvular flow boundary to initiate 

and drive the flow through the valve for each study. This was applied as a plug 
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flow. A constant pressure of 10 kPa was applied to the post-valvular flow 

boundary. All Euler elements were initialized to 10 kPa at the start of the 

simulation.  

The fluid was modelled as an incompressible, viscous fluid with a density of 

1000 kg/m
3
 and a viscosity of 3.57 x 10

-3
 Ns·m

-2
. This is similar to whole blood 

with a physiological hematocrit of 45 % at 37 
0
C [92] and in agreement with 

previous FSI studies [13], [72], [102], [103]. No-slip boundary conditions were 

applied at the walls of the rigid stent surface and the leaflet surfaces. APPENDIX 

A discusses the general boundary conditions, methods and model set up 

implemented for the simulations. 

6.2 Calculation of opening and closing times 

The calculation of the leaflet opening and closing times has been approached 

using a different method to the approach used in the validation study in 

CHAPTER 5. In the validation study, the RVOT and RVCT were determined by 

visualization of the images. This was a rudimentary method but it was the only 

option for the tests as only the images from the CPD provided information on the 

opening and closing times. However, the simulations allow the measurement of 

the tip displacement.  

This chapter uses the tip displacement to calculate the leaflet RVOT and RVCT. 

The leaflets often had different closing dynamics. The RVOT and RVCT was 

determined for each leaflet and then averaged to provide a final value. This 

provides a more quantifiable measurement which can be used to compare the 

simulations.  

It must be noted that a large difference, greater than 40 %, exists between the 

RVCT determined by the visualisation technique and the RVCT determined using 

the tip displacement. This is due to a period of SVC before the valve rapidly 

closes. It was difficult to determine this SVC by visualization and differentiate 

when the SVC ends and RVC begins. The visualization method therefore included 

the SVC period in the RVCT whereas the tip displacement method does not.  

6.3 Velocity vectors at the commissures 

It is necessary to explain the flow close to the commissures before looking at the 

results and the discussion of the comparison studies. This will also prepare the 

reader for the discussion and some images that may otherwise have been 

confusing. A common occurrence with the simulations [81], and flow through a 

trileaflet valve in general [18], is flow re-circulating (formation of vortices) 

around the back of the leaflet. It has already been mentioned in CHAPTER 2 that 

flow behind the leaflets of the native valve facilitates in closing. This recirculation 

of the flow is facilitated further by the sinus. 
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In the case of a stented valve, upon which this thesis is focused, the sinus often 

does not facilitate with recirculation of the flow behind the leaflets. This is 

particularly evident in the simulations. A rigid cylinder is used as the boundary to 

the flow. When the leaflet opens during systole, it is often forced flat against the 

stent, at the middle of the leaflet, and curves away from the stent near the 

commissures. Figure 6.2 (a) shows the valve with the velocity vectors near the 

leaflets (the rigid cylinder has not been included for clarity purposes). It can be 

seen that the fluid generally flows straight through the valve without interference. 

There is no recirculation at the middle of the valve. There is, however, some 

recirculation near the commissures as seen in the zoomed image (Figure 6.2 (b)).  

(a)  (b)  

Figure 6.2: Velocity vectors during the middle of systole for (a) the whole valve, showing the 

zoom area, and (b) the zoomed in area near the commissures. 

The recirculation of the flow behind the leaflet at the commissures influences the 

closing of the valve. When the flow through the valve begins to decelerate, this 

recirculation increases and causes the valve to start closing at the sides of the 

leaflet near the commissures. This partly explains the slow valve closing observed 

before the valve rapidly closes. There is still minimal flow re-circulating around 

the back of the middle part of the leaflet. Only when the flow completely changes 

direction, to flow towards the pre-valvular flow boundary, does the leaflet start to 

rapidly close. At this point the sides of the leaflet have closed more than the 

middle of the leaflet. This gives the „pinching‟ shape of the leaflet and also causes 

some bending in the leaflet as it closes. 

 This is the general observation from the simulations. The discussion of the 

comparison studies will expand on this observation using figures similar to Figure 

6.2 (b). 

re-circulating flow 

(formation of vortices) 
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6.4 Comparison of leaflet material models 

Dytran has limited shell element material models for the application of heart valve 

leaflet tissue. The tissue used for the leaflets has nonlinear anisotropic properties 

which are complicated and difficult to model. Dytran‟s linear isotropic (LinIso), 

piecewise linear elastoplastic, which will be called nonlinear isotropic (NLinIso), 

and orthotropic (LinOrtho) material models were investigated. The valve function 

was studied to determine which material model is most appropriate for the FSI 

studies. 

Van Aswegen [16] performed a similar material sensitivity study. However, the 

simulations he performed were structural or “dry” simulations and not FSI 

simulations. The interaction of the fluid with the leaflet elements was not taken 

into account. It was believed that this has a significant influence on the leaflet 

behaviour.  

6.4.1 Material model descriptions 

The tissue used for the leaflets of the BHV originates from kangaroo pericardium. 

The mechanical properties of the tissue are non-linear and anisotropic [14]. 

Ideally the leaflet should be modelled as such; however, Dytran does not support a 

material model which is non-linear and anisotropic for shell elements. The closest 

model to this was a LinOrtho or a piece-wise isotropic model. The simple 

alternative was to use a LinIso material model. The LinIso model has been used in 

several past studies and is considered a reasonable simplification for FSI studies 

[72], [84]. Introducing complicated material models creates instabilities in the 

solver and increases the processing memory and time required for the solver to 

run the analysis. However, if the more complicated models produce more reliable 

results, then it is crucial to use that model for further simulations.  

Biaxial tests were performed on a square piece of kangaroo tissue by Smuts [14]. 

The tests gave the stress and strain relationship for two perpendicular directions, 

representing the circumferential (S11) and radial (S22) orientations. Multiple 

biaxial tests were performed for different tissue thicknesses. Due to the complex 

nature of the tests and the material, only a few tests produced reasonable data 

which could be used for the material model. The data from two tests were 

considered for the material model study. The first was from 0.22 mm thick tissue 

and the second was from 0.13 mm thick tissue. Simulations were performed using 

both sets of data. Unfortunately the 0.22 mm thick tissue data did not produce 

good results with the simulation due to low stress values. The simulations 

performed using the 0.13 mm thick tissue were analysed and are discussed further 

in this section. 

The stress and strain relationship, reported by Smuts [14], for the 0.13 mm thick 

piece of kangaroo tissue is shown in Figure 6.3, for the S11, S22 orientations and 

the average between them (Savg).  
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Figure 6.3: Stress and strain data used for the leaflet material model. 

Three different linear fits were originally considered for the isotropic model:  

1. The initial gradient of the curve  

2. The average linear fit through the nonlinear curve 

3. The line through the maximum data point and the origin 

After comparing the models, the average linear fit (graphed in Figure 6.3) was 

considered the most appropriate choice. The first fit, to the initial gradient, 

produced a very low Young‟s modulus, between 0.3 MPa and 1 MPa, which 

created under-stiffened leaflets and caused instabilities in the simulation during 

the opening phase. The third fit, through the maximum point, produced a very 

high value, over 9 MPa, for the Young‟s modulus which created over-stiffened 

leaflets for the S11 direction. The final properties used for the material 

comparison are recorded in Table 6-1. The Young‟s modulus for the 

circumferential direction is denoted by E11 and for the radial direction by E22. 

Only one of the LinIso cases (the S11 direction) is presented in this section. The 

effect that changing the leaflet Young‟s modulus has on the valve function is 

discussed in APPENDIX C, section C.3. The leaflets stiffen with a higher 

Young‟s modulus. Large Young‟s modulus values, greater than 6 MPa, restrict the 

opening and closing of the leaflets unrealistically. This section is concerned with 

the different material models implemented for the leaflet.  

Table 6-1: Summary of the material properties used for material comparison simulations 

Material E11 (MPa) E22 (MPa) 

Linear isotropic 5.44 5.44 

Linear orthotropic 5.44 1.67 

Non-linear isotropic Savg curve Savg curve 
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The boundary conditions and initialization of the simulation are discussed and 

described in APPENDIX A and Section 6.1 in this chapter. A transient velocity 

curve, derived from the flow rate curve of Figure 6.1, for a 19 mm valve was 

prescribed at the pre-valvular flow boundary. A damping factor of 0.003 was used 

for the simulations. 

6.4.2 Results and discussion 

Figure 6.4 (a) to (c), (i) through (viii), show the leaflet dynamics for the three 

material models during the opening and closing phase of systole. There are clearly 

differences in both the opening (i-iii) and the closing (iv-viii) dynamics. The 

effect of the material model on the leaflet dynamics can immediately be seen 

during the opening phase. All three cases open symmetrically and with similar 

RVOTs (Table 6-2), however, the orifice shape and leaflet stress distribution 

(Figure 6.5) differs.  

 0 ms   25 ms  150 ms  250 ms 270 ms 280 ms 283 ms 295 ms 

a 

     

b 

c 

 (i) (ii) (iii) (iv) (v) (vi) (vii) (viii) 

Figure 6.4: Leaflet opening and closing dynamics for the (a) linear isotropic material model, 

(b) linear orthotropic material model and (c) nonlinear isotropic material model. 

Table 6-2: Summary of the influence of material models on valve dynamics 

Material model RVOT (ms) RVCT (ms) ET (ms) Peak STVPG (mmHg) 

Linear isotropic 45.1 24.4 279.2 5.67 

Linear orthotropic 42.0 - - 5.99 

Nonlinear isotropic 40.3 - - 86.19 

The LinOrtho leaflet model exhibits features similar to those which have been 

observed during CPD tests of the valve. The leaflets crease towards the centre 

during opening. This creasing also occurs along the leaflet circumference 

throughout the systolic cycle as can be seen from Figure 6.5 of the stress 

distribution in the leaflets. The leaflet appears to flap within the flow. This 

phenomenon has been seen in the real valve leaflets during CPD tests, but to a 

lesser extent. The flapping in the simulations can be attributed to the different 

Young‟s moduli prescribed in the circumferential and radial directions. These 
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features indicate that the material model corresponds with realistic leaflet 

behaviour.  

  
beginning of 

systole 

middel of 

systole 

end of systole 

 

 

(a) 

         

(b) 

(c) 

Figure 6.5: Leaflet stress (Von Mises) distribution for (a) LinIso, (b) LinOrtho and (c) 

NLinIso at three different times during systole. 

However, there is cause for concern with this material model. The elements along 

the free edge of the leaflet form a jagged, rather than a smooth profile. This is 

particularly evident close to the commissures and during valve closing. The 

elements show greater signs of distorting compared to the other material models 

and this causes the simulation to crash before valve closure. Moreover, the 

flexibility of the leaflet in the radial direction for the LinOrtho model causes the 

leaflets to fold over outwards, particularly at the top near the free edge where 

there is less support. This hinders the efficient closure of the valve and contributes 

to the distortion of the elements. The concerns may be resolved by refining the 

mesh or using higher Young‟s modulus values, but is not guaranteed. This 

material model was not used for further studies.  

The valve closing for the LinOrtho model is very different to the closing observed 

with the LinIso model and what was explained in Section 6.3. The sides of the 

leaflet do not start closing before the middle of the leaflet. Instead, the whole 

leaflet begins closing at the same time and closes together throughout RVC. This 

also causes the bending or folding of the leaflet. The reason for this can be 

explained using Figure 6.6 (c). There is no recirculation of the flow behind the 

leaflets during systole because the whole leaflet is flat against the stent wall. The 

sides of the leaflets do not facilitate in the closing because the recirculation occurs 

Von Mises 

stress (Pa) 
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around the whole leaflet. The streamlines shown in Figure D-2 (a) and (b) of 

APPENDIX D illustrate, more clearly, the flow behind the leaflets during RVC. 

The NLinIso model exhibits similar closing and flow features which can be seen 

in Figure 6.6(b) of the velocity vectors and Figure D-2 (a) and (b). This explains, 

to an extent, the abnormal closing of the leaflets. 

(a)  (b)  (c)  

Figure 6.6: Velocity vectors during the middle of systole at the commissures of the (a) LinIso, 

(b) NLinIso and (c) LinOrtho material models. 

The NLinIso model has a smooth and symmetric leaflet opening with a RVOT of 

40.3 ms. This is the quickest RVOT compared to the other material models. This 

is due to the low stiffness for a low strain value. The leaflets open flat against the 

wall of the stent which hinders the flow around the back of the leaflets and hence 

the closing of the leaflets. The leaflets fail to completely close. They fold over 

outwards and do not fold inwards at any time. Moreover, the stress distribution 

and the pressure recorded at the pre-valvular boundary are concerning. The 

pressure follows the same trend as the LinIso and LinOrtho models until 

approximately 40 ms when the pressure begins to fluctuate heavily, as shown in 

Figure 6.7.  

 

Figure 6.7: Material model comparison transvalvular pressure gradient measured at the pre-

valvular flow boundary. 
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This is abnormal for the simulations. Furthermore the stress distribution is 

irregular during the simulation as seen in Figure 6.5 (c). The reason for the 

abnormal pressure fluctuation and stress distribution is unknown. This indicates 

that the NLinIso model is unreliable and causes unpredictable instabilities in the 

simulation. The elements do not appear to have distorted and the flow appears to 

be normal. This material model was not used for further studies. 

The LinIso model has a smooth and symmetric leaflet opening with a RVOT of 

45.1 ms. This is the only model whose leaflets fully close at the end of systole. 

Figure 6.6 (a) shows the recirculation of the flow behind the leaflets near the 

commissures which facilitates in the closing dynamics observed in Figure 6.4 (a) 

and Figure D-2 of APPENDIX D. The leaflet closure is smooth but asymmetric. 

One of the leaflets closes slower than the other two. This is interesting considering 

the geometric symmetry of the leaflets. The asymmetric closing may be attributed 

to the interaction between the leaflets, the re-circulating flow and the leaflet Euler 

domains which have different geometric constructions. This may cause 

unpredictable and asymmetric fluid flow behind the leaflets. There is a period of 

SVC from 0.19 s to 0.25 s. RVC is then initiated with a RVCT of 24.4 ms. The 

stress distribution is more regular but also higher than the LinOrtho and NlinIso 

models. This is due to the relatively high Young‟s modulus. The transvalvular 

pressure gradient is similar to the LinOrtho model but has a slightly lower, less 

than 5.5 %, peak STVPG. This material model exhibits greater stability and good 

leaflet dynamics. It was therefore chosen to be used for further FSI studies. 

As already mentioned, Dytran has limited material models available. It does not 

contain a material model that can accurately resemble the nonlinear anisotropic 

behaviour of the tissue. There are aspects in each of the material models 

investigated which together describe the leaflet dynamics well. The most stable 

material model, the LinIso model, was chosen. Further research and investigation 

is required to find a way of accurately modelling the material. The possibility of a 

user-defined material model was not explored due to time constraints. This can be 

a topic for future work. 

6.5 Comparison of leaflet free edge length 

Simulations were conducted to gain insight into the possible effects of having a 

longer LFEL. The geometry of the leaflets of the final manufactured valve was 

different from the designed valve. A common occurrence was that the free edge 

length was much longer than designed.  

Manufacturing of the BHVs is highly dependent on the skill of the person making 

the valve. The leaflets were designed to operate with an ideal geometry; however, 

they are often not manufactured to the ideal specifications. The stencil used to cut 

out the leaflet shape was designed to accommodate the stitching area hence the 

stencil free edge length is longer than the specification for the leaflet. It is the 
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manufacturer‟s responsibility to achieve the correct final free edge length of the 

valve leaflets. 

6.5.1 Background 

Two 19 mm diameter valve models were created for the LFEL comparison. The 

valves were created in the open position and closed using the same technique 

described in Section 6.2. They were created with the same leaflet height and 

commissure height but different LFEL.  

The manufactured valve leaflets were designed with an ideal LFEL, Ls, for 

systole. This length ensured the smooth operation of the valve and optimized 

opening and closing function without leakage. The calculations also gave a LFEL 

for diastole, Ld, which was longer than in systole. The manufacturer of the valve 

is given a guideline that the valve should be manufactured within these two limits. 

The ideal valve, Figure 6.8 (a, i), has an ideal free edge length of 19.5 mm, 

equivalent to the Ls measurement, and the lengthened leaflet Figure 6.8 (b, i) has a 

LFEL of 21.9 mm, equivalent to the Ld measurement. 

The boundary conditions, velocity plug flow curve and fluid material are the same 

as the material comparison section. The leaflet material was modelled as a linear 

isotropic material with a Young‟s modulus of 3 MPa and a thickness of 0.3 mm. 

This was determined after performing stiffness tests as discussed in APPENDIX 

C, Section C.3. 

6.5.2 Results and discussion 

The valve opening and closing images (Figure 6.8), velocity vectors (Figure 6.9), 

the transvalvular pressure (Figure 6.11) and the summary of the RVOT, RVCT, 

ET and peak STVPG (Table 6-3) are reported for comparison.  

 0 ms 35 ms 65 ms 150 ms 275 ms 285 ms 293 ms 301 ms 

a 

 
(i) (ii) 

 
(iii) 

 
(iv) 

 
(v) 

 
(vi) 

 
(vii) 

 
(viii) 

 

b 

Figure 6.8: Valve opening and closing comparison for a LFEL of (a) Ls and (b) Ld. 

The opening and closing images in Figure 6.8 show that the leaflets open 

symmetrically for both cases. Very little resistance can be seen in the Ls case as it 

opens. The leaflets from the Ld case are initially twisted about the valve central 

axis because of the longer LFEL. They have to therefore overcome the twisting 

while opening. This causes the leaflets to open with greater resistance. The valve 

Stellenbosch University  http://scholar.sun.ac.za



68 

 

with the LFEL Ld takes over 20 ms longer to open and over 30 ms longer to close 

than the LFEL Ls. This implies that more fluid will flow back into the left 

ventricle because of the reverse flow and the longer time it takes to close. 

Table 6-3: Summary of leaflet opening and closing times for the leaflet length comparison. 

19 mm valve 

LFEL 
RVOT (ms) RVCT (ms) ET (ms) 

Peak STVPG 

(mmHg) 

Ls (19.5 mm) 61.7 37.4 289 8.42 

Ld (21.9 mm) 85.0 68.1 296 8.73 

The leaflets from the Ls case form a near circular orifice during ejection and are 

slightly displaced away from the stent wall. The Ld case does not form a circular 

orifice because the LFEL is too long and the leaflets are forced flat against the 

stent wall. The recirculation of flow, behind the leaflets, at the commissures is 

similar in both cases as illustrated in Figure 6.9. There is more recirculation of the 

flow for the LFEL Ls, even at the middle of the leaflet, which can be seen in the 

sequential images of Figure D-4 in APPENDIX D. Closing is slightly asymmetric 

due to the interaction of the leaflets and flow recirculation. However the 

asymmetry is less than was seen for the validation case in CHAPTER 5. This is 

because the leaflets are geometrically symmetric. The asymmetry is introduced 

due to the leaflet interaction and the asymmetric flow. 

(a)  (b)  

Figure 6.9: Velocity vectors during the middle of systole, at the commissures of the (a) Ls and 

(b) Ld LFEL cases. 

The stress distribution of the leaflets is not shown but is similar in both cases. The 

leaflets are stressed most when the valve is closed and the leaflets bulge at the 

centre. The maximum stress recorded in the leaflets when the valve is closed was 

1.14 MPa and 1.30 MPa for the LFEL Ls and Ld, respectively. The maximum 

stress (Figure 6.10) in the leaflets with LFEL Ld is also higher throughout systole 

compared to the leaflets with LFEL Ls. The higher stress can also be seen in the 

sequential images in Figure D-4 of APPENDIX D. This indicates that a leaflet 

with a longer free edge length compared to the ideal LFEL, Ls, will experience a 

higher stress every cycle. This can lead to accelerated wear. Considering that the 
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valve goes through at least 60 cycles every minute (which equates to over 31 

million cycles every year), even a small increase in stress can have a large 

influence on the wear and ultimately the fatigue life of the leaflets. A stress 

concentration occurs at the commissure and extends along the side towards the 

bulge when the valve is closed. This may indicate the region that the leaflets are 

likely to wear. The blood haemodynamic have not been taken into account. The 

attachment of a host‟s cells to the leaflets may improve their fatigue life. 

 

Figure 6.10: Maximum Von Mises stress in the leaflets for the LFEL comparison study. 

 

Figure 6.11: Transvalvular pressure plot for the 19 mm valve LFEL cases. 

The plot of the transvalvular pressure, in Figure 6.11, for the Ls and Ld case 

reveals three insights into the valve function. The first is the opening phase of 
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systole. The pressure for the Ld case is slightly higher than the Ls case. This is in 

line with expectations as the valve with a longer free edge length is expected to 

provide greater resistance to opening. The higher pressure and the longer RVO 

confirm this. The pressure difference is only 0.7 mmHg which can be considered 

a negligible effect on the valve function. The resistance to opening is not going to 

cause significant problems with the fluid flow. 

The second insight is that the pressure for the Ls case is higher than the Ld case 

during ejection. This seems counterintuitive at first glance. However this is 

explained by the effective orifice area (EOA) of each case during ejection. The 

EOA is commonly used to determine the severity of a stenotic valve. It is 

determined from the transvalvular pressure gradient (TPG) across the valve. The 

smaller the EOA, the higher the TPG [104]: 

        
 

 
   
    
  

 

    
 

 

     
 
  (6.1) 

where   is the fluid density,   is the flow rate and       is the cross-sectional 

area of the left ventricular outflow tract. The EOA for the Ld case is larger than 

the Ls case as can be seen in Figure 6.8 (iv). This occurs because the valve with 

the longer LFEL gets forced flat against the stent wall. This is not necessarily 

better. The shorter LFEL does not open flat against the wall but rather forms a 

more circular orifice. It is more likely that there will be re-circulating flow behind 

the leaflets which is hypothesized to facilitate in the closing of the valve. If the 

leaflets are flat against the wall then less flow would re-circulate and may cause 

resistance to closing of the valve. 

Thirdly, the pressure at the end of systole decreases earlier for the Ls case. This is 

due to the earlier closing of the valve for the Ls case. This emphasizes the fact that 

the longer leaflets have a greater resistance to closing.  

The results indicate that a longer LFEL will not cause a significant impairment to 

the hemodynamic function or opening and closing dynamics of the valve. 

However, there is a concern with the higher stress that occurs for a longer LFEL. 

It is therefore recommended that care is taken to manufacture the valve leaflets 

with a LFEL as close to the ideal, designed length, Ls as possible.   

6.6 Comparison of valve diameters 

This section analyses and compares the performance of the valve as the diameter 

is increased. The 19 mm diameter valve was designed for sheep that have a 

smaller aortic annulus than humans. 23 mm and 26 mm diameter valves were 

developed for human sized aortic annuli. Simulations were performed to 
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determine the effects, if any, that an increase in the valve diameter would have on 

the valve performance.  

6.6.1 Background 

Table 6-4 contains a summary of the valves and the material properties for the 

leaflets, which is the same as the previous simulations in this chapter. The 

geometric dimensions of the valves are derived from the designed valve of 

CHAPTER 3, Section 3.2. One third of the model was created and revolved to 

form the full valve, hence there was geometric symmetry.  

Table 6-4: Summary of the valve geometry and the leaflet material properties. 

 19 mm valve 23 mm valve 26 mm valve 

LFEL (mm) 19.9 24.0 27.1 

Height (mm) 13.2 15.1 15.1 

Commissure length (mm) 5.1 6.0 6.0 

Inner diameter (mm) 19 23 26 

Young’s modulus (MPa) 3 

Poisson’s ratio 0.3 

Density (kg/m3) 1000 

The pre-valvular boundary flow condition was the derived from the flow rate 

curve in Section 6.1. The purpose was to keep the flow through the valve the 

same. Thus the velocity curves prescribed for each of the three cases were 

different in magnitude but identical in shape and duration. Simulations were also 

performed for the same velocity boundary flow of the 19 mm case. The complete 

results have not been included. Only the summary of the valve performance has 

been included for a comparison to the flow rate cases. The same general boundary 

conditions as recorded in APPENDIX A were used for the simulations. 

6.6.2 Results and discussion 

Figure 6.12 compares the leaflet opening and closing dynamics for the 19 mm, 

23 mm and 26 mm valve diameters. The leaflets open symmetrically in all three 

cases, with the same behaviour. The RVOTs for the 19 mm, 23 mm and 26 mm 

valves are 61.7 ms, 78.2 ms and 89.0 ms, respectively. The decreased velocity 

input and increased leaflet surface area and volume account for the increasing 

RVOT with the increasing diameter.  

The fluid flow through the valve is also very similar for all three cases. There is 

recirculation of the flow behind the leaflet near the commissures as shown by the 

velocity vectors in Figure 6.13. There may be slightly more recirculation for the 

26 mm valve compared to the other two, but it is not clear what, if any, influence 
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this has on the valve function, whether positive or negative. Figure D-5, of 

APPENDIX D, shows the sequential images from opening to closing of the valves 

illustrating the flow streamlines and stress distribution on the leaflets.  

 0 ms 50 ms 150 ms 280 ms 290 ms 293 ms 298 ms 301 ms 

 

a 

    

 

b 

 

c 

 (i) (ii) (iii) (iv) (v) (vi) (vii) (viii) 

Figure 6.12: Valve opening and closing comparison of a (a) 19 mm, (b) 23 mm and (c) 26 mm 

diameter valve. 

 (a) (b) (c)  

Figure 6.13: Velocity vectors during the middle of systole at the commissures of the (a) 

19 mm, (b) 23 mm and (c) 26 mm valves. 

There are subtle differences in the closing dynamics of the three cases. The 

closing is asymmetric. The leaflets close with a twisting motion and one leaflet 

closes slower than the other two. This is attributed to the leaflet interactions with 

each other, the recirculation of the flow behind the leaflets and the asymmetry of 

the leaflet Euler domains. The 19 mm valve closes the quickest with a RVCT of 

37.4 ms. The 23 mm valve closes in 60.5 ms. The reason for the longer RVOT is 

due mainly to the fact that the leaflets start closing earlier as indicated in Figure 

6.14. The 23 mm reaches the fully closed state only 5 ms after the 19 mm valve. 

The 26 mm valve does not fully close within the prescribed time but following the 

trend, it can be assumed that it will close within 10 ms of the 19 mm valve. 

Despite the longer RVCT as the diameter increases, there is not a significant 

difference in the valve closing to suggest that a particular diameter performs better 

or worse than another.  

The transvalvular pressure, in Figure 6.14, shows a trend of decreasing pressure 

with an increase in diameter. Thubrikar [54] reports that a (23-26) mm BHV will 
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have a peak STVPG of approximately ±7 mmHg for a cardiac output of 5 L/min. 

The simulated peak STVPG within the 23 mm and the 26 mm valves was 5.69 

mmHg and 4.44 mmHg, respectively. This falls within the range of Thubrikar‟s 

approximation and indicates that the increase in valve diameter has a positive 

impact on valve hemodynamic function.  

 

Figure 6.14: Transvalvular pressure recorded at the pre-valvular flow boundary. 

Table 6-5 summarises the RVOT, RVCT, ET and peak STVPG values simulated 

for the different valve diameters analysed. 

Table 6-5: Summary of the valve function for a constant flow rate boundary condition. 

Flow rate case RVOT (ms) RVCT (ms) ET (ms) 
Peak STVPG 

(mmHg) 

19 mm 61.7 37.4 288.6 8.42 

23 mm 78.2 60.5 291 5.69 

26 mm 89.0 >57.9 >285.1 4.44 

Additional simulations were performed using the same transient velocity curve, as 

opposed to the same transient flow rate curve, boundary flow condition for each 

case. This was done to facilitate a direct comparison between the different 

simulations performed. It was not necessary to include the full set of results for 

this set of simulations. Table 6-6 summarizes the valve performance for these 

simulations.  
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Table 6-6: Summary of the valve function for the same transient velocity curve BC. 

Valve 

diam. 

RVOT 

(ms) 

RVCT 

(ms) 

Time of valve 

closure (s) 

Max stress 

(MPa) 

ET 

(ms) 

Peak STVPG 

(mmHg) 

19 mm 61.7 37.4 0.293 1.14 288.6 8.42 

23 mm 65.0 46.3 0.291 2.30 286.3 7.48 

26 mm 64.1 50.4 0.285 3.76 280.3 8.37 

The RVOT and RVCT are longer for the 23 mm and 26 mm valves and the peak 

STVPG is lower. This appears to follow a similar trend to the simulations 

performed for the same transient flow rate curve. This is not the case, however, as 

the 26 mm valve closes 8 ms earlier than the 19 mm valve, while the 23 mm valve 

closes 2 ms earlier. This is a favourable feature of the larger diameter valve 

because there will be less reverse flow into the left ventricle. The 23 mm valve 

has a longer opening time and a lower peak STVPG than the 26 mm valve, which 

is contrary to expectations and cannot be fully explained. 

The maximum stress in the leaflets, when the valve is closed, increases with the 

increase in diameter (the maximum stress increases by more than 1 MPa from 

19 mm to 23 mm and from 23 mm to 26 mm). This indicates that the leaflets of 

the 26 mm and 23 mm valves experience greater strain during diastole compared 

to the 19 mm valve.  The increase in strain is expected with an increase in 

diameter. This is due to the increased leaflet surface area and less support for the 

centre of the leaflets (the distance between the coaptation point and the 

commissures is greater with a larger diameter). The maximum stress in the leaflets 

of the 19 mm, 23 mm and 26 mm valves do not differ by much during systole as 

indicated by Figure 6.15.  

 

Figure 6.15: Maximum leaflet Von Mises stress during systole for the valve diameter 

comparison study. 
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The performance of the 23 mm and 26 mm valves compared to the 19 mm valve 

indicate better performance under the given flow rate conditions (Figure 6.1). 

Granted this is primarily due to the decrease in velocity through the valve for a 

larger diameter. But even at the same velocity, the valve performs equally well 

with the 19 mm valve diameter. The larger diameter valves close sooner than the 

19 mm valve. The biggest difference is the increase of stress in the leaflet, which 

is directly related to strain, as the diameter increases. Considering that this is 

expected to occur based on the larger leaflet surface area, it is not a concern. 

6.7 Summary 

FSI simulations were conducted to compare material models, leaflet length and 

valve diameter on valve performance. The same boundary condition parameters 

were used for all of the comparison studies.  

The material model comparison study indicated that the LinIso material model 

was the most stable material model. The LinOrtho model showed similar leaflet 

dynamics observed in the experimentally tested valve, however, the elements did 

not behave well along the LFEL and caused instabilities. The NLinIso model 

created instabilities in the simulation shortly after beginning. Further investigation 

is required to understand the reason for this. The LinIso model was chosen to be 

used for further comparison and validation studies. There is opportunity for future 

work to be done on developing a material model which can better represent the 

properties of the leaflet tissue.  

The leaflet length comparison indicated that the longer LFEL caused greater 

resistance to opening and closing. The leaflet opened up flat against the stent wall 

which may cause problems with the closing of the leaflets and may cause leaflet 

wear because of repeated leaflet contact with the stent. This could be attributed to 

recirculation being restricted with a longer LFEL. However, the valve performed 

reasonably well and would function competently in the native aortic valve 

position. The longer LFEL reported a higher stress compared to the ideal LFEL. 

This can cause accelerated wear of the leaflets. It is recommended that the leaflets 

are manufactured with a LFEL as close to the designed, Ls, length as possible. 

The different valve diameters that were simulated indicated improved valve 

performance as the diameter was increased. The larger leaflets did not impair the 

opening or closing dynamics or hemodynamic function of the valve. The pressure 

drop across the valve decreased with the increase in diameter which is favourable 

for the functioning of the heart. The simulations did show that the strain on the 

leaflets during diastole increases with increasing diameter.  
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CHAPTER 7 

7 Conclusion and recommendations 

This chapter contains the conclusions drawn from the research conducted on a 

balloon expandable BHV for TAVI. Following the conclusions are 

recommendations for future work in the field of valve development and FSI 

studies. 

7.1 Conclusion 

Each chapter contains a brief summary of the key elements researched and the 

outcomes of the research. As discussed at the beginning of this thesis, the main 

objective of the research was to develop a BHV for human implantations. Several 

sub-objectives were stated to achieve this. 

The first sub-objective of electropolishing the cobalt chrome stent was achieved 

but was not included as a main chapter in this thesis. It has been included in 

APPENDIX B. A suitable electropolishing process was developed which 

produced a sufficiently smooth surface. The method used to determine the 

electropolishing parameters was crude but effective. Neither an optimum 

electropolishing process nor an optimum surface was achieved. This is acceptable 

as it was not the intention to optimize them. However the author acknowledges 

the need for optimizing the electropolishing process. The effect of material 

removal is of particular interest. It was noted that electropolishing must be kept in 

mind during the design stages of the stent because of the material removal by the 

electropolishing process. 

The second sub-objective was to develop a valve, consisting of a stent and 

leaflets, which was capable of being implanted into humans. The existing valve 

was 19 mm in diameter, designed to be implanted into sheep. The development of 

the valve consisted of enlarging the existing design to 23 mm and 26 mm valves. 

FE methods were used to investigate the stent performance affected by a change 

in the design parameters. The results helped to determine the final design of the 

stent. The results indicated that a large foreshortening of the stent remains an issue 

to be overcome. This is inherent to the design of the stent. The stent must undergo 

redesigning to mitigate the foreshortening. The effect of foreshortening on leaflet 

damage is not easily determined and further investigation is needed to determine 

whether foreshortening is indeed an issue or not. However, the valve operates well 

despite this undesired feature.  

The proposed design changes of the stent were: design and manufacture the stent 

at the deployed diameter from cobalt chrome alloy and extend the length of the 

stent. A company, called Meko, manufactured the stent at the deployed diameter.  
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Unfortunately due to expense and time constraints, it was necessary to 

manufacture the stent from stainless steel instead of cobalt chrome. This does not 

have a negative impact on the studies conducted and the stent performed as 

expected and required. The only negative factor was that the stent was slightly 

stiffer than what was hoped. The length of the stent was increased from 16 mm to 

18 mm to accommodate the leaflet design.  

The leaflets were designed using Thubrikar‟s equations. The calculations were 

used to design a stencil from which a leaflet can be cut. Three leaflets were cut 

and sutured together. The leaflets were sutured to the stent to create a working 

valve. The manufacturing techniques described by Smuts [14] were used during 

manufacturing of the valve. This can be reproduced for future valves.  

The third sub-objective was to test the valve hemodynamic performance in the 

CPD. This was performed using heart rates of 72 bpm and 135 bpm. The higher 

heart rates produced very large, abnormal, pressures. The valve operates well and 

exhibits good opening and closing dynamics and hemodynamic function at 

72 bpm. The valve opened symmetrically but closed asymmetrically which caused 

added strain on the leaflets from a visual perspective. During testing of the valve, 

the CPD was found to contain many flaws. The main area of concern is that 

pressure spikes exist in the system during operation which is amplified at 

accelerated heart rates. This will have a significant influence on fatigue testing.  

The fourth sub-objective was to conduct FSI simulation studies on the valve. This 

was intended to aid in the design of the valve and ended up being a large focus of 

the thesis. APPENDIX A was devoted to the simulation set up and the limitations 

experienced using the commercial software, Dytran. This exhibited the complex 

nature of the FSI simulations and the implementation thereof. A general fast 

coupling approach was adopted to reduce the memory usage and the processing 

time. This limited the Euler domain mesh to hexahedral elements which were 

aligned with the coordinate system within a rectangular box. Despite the 

limitations and the many unknowns, it was possible to perform a number of 

studies of the valve using FSI including the validation thereof.  

The validation study was conducted using a CPD fatigue tester. The compliance 

and resistance parameters were adjusted to achieve physiological conditions. The 

original plan was to use the pressure measurements as the boundary flow 

conditions. Limitations with the software restricted this and a velocity had to be 

used to drive the flow through the valve. The velocity was measured using 

Doppler echocardiography. The velocity curve was derived from the Doppler 

echocardiograph. The velocity curve has a significant influence on the valve 

dynamics and a slight change in the velocity curve can change the dynamics. 

Considering this amongst many other issues with the CPD, a reasonable validation 

of the FSI simulations was achieved. Valve visualization, dynamics and 

transvalvular pressure comparison was used for the validation.  
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Comparison studies of the material model, LFEL and valve diameters were 

performed after satisfactory validation of the FSI simulations. The studies were 

conducted using a one-third rotated full valve model which required a large 

amount of CPU memory and long processing times. This was done to capture the 

asymmetry introduced by leaflet interaction and fluid flow. The author does 

acknowledge, however, that it would have been wise to conduct some of the 

studies using a one third or even a one sixth model, particularly in cases where 

capturing the asymmetry was not entirely necessary.  

The main conclusions drawn from the FSI comparison studies were: 

 The LinOrtho material model exhibited similar leaflet behaviour to the 

real artificial valve but the LinIso material model was to be used for the 

FSI studies due to its stability. 

 A longer LFEL, within reason, does not significantly impair the valve 

hemodynamics or leaflet dynamics. It will therefore function as required 

in the heart. The only concern is the higher stress which may accelerate 

the wear on the valve and decrease the fatigue life. 

 The valve will function equally well at enlarged diameters of 23 mm and 

26 mm, if not better. The larger diameter valves experience greater strain 

during diastole. This will not impair the function of the valve but may 

influence the fatigue life of the leaflets.   

In conclusion, the main objective was achieved in part only. The valve was 

developed to the point of being able to implant the valve into humans in theory 

only. The project did not reach the stage of human implants as problems were 

experienced with the animal trials. The 19 mm valves were too small for the sheep 

aortic valve annulus and would slip out of position after deployment. The newly 

developed 23 mm diameter valve was therefore used for the latest set of sheep 

implants. Furthermore, a large focus of this thesis was on the study of FSI 

simulations. FSI simulations were intended to aid in the design of the valve and 

understanding of flow through the valve. Conducting the FSI simulations using 

MSC.Dytran was more challenging than anticipated. Many problems were 

encountered with the software which led to focusing on the FSI methods, 

modelling and implementation in greater detail. This thesis has contributed to 

taking a few of steps closer to successful sheep trials leading towards future 

human implants. 

7.2 Recommendations 

The author believes that it may be beneficial to design a stent which caters for the 

design of an optimal leaflet as opposed to designing a stent and trying to fit a 

leaflet to the stent design. One idea is represented in Figure 7.1. The commissure 

length and valve height are not bound by the stent. Furthermore, this design has 

the potential to reduce the foreshortening, recoil and crimp diameter of the valve. 
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(a) (b)  

Figure 7.1: a) recommended stent profile b) assembled valve. 

Further investigation is required to be confident with the results obtained from the 

FSI simulations. A more comprehensive validation is recommended using PIV. It 

is recommended that a simplified model, such as a single rectangular leaflet in a 

rectangular box, be used. The reader is referred to the validation studies 

performed by Falahatpisheh [74], Guivier-curien et al. [73] and Dumont et al. 

[76]. 

Further investigation is required for the FSI modelling and simulation method. It 

is recommended that the Euler mesh be constructed as a cylinder and not a box. If 

computing time were not an issue then it is recommended to investigate the 

implementation of the normal general coupling method as opposed to the fast 

coupling method. This may provide more flexibility and fewer limitations. Along 

with this, a material model closely resembling the leaflet material properties must 

be investigated.  

Two recommendations made previously were to design a delivery system for the 

valve and a stamp to cut the leaflet shape. This is still relevant as no delivery 

system has been designed to date and manufacturing of the leaflet using a stencil 

is tedious and introduces too many flaws. 

There is still a significant amount of work required on the CPD. The bend before 

the valve chamber should be straightened. The valve chamber needs to be 

enlarged to accommodate the larger BHV diameters. It is recommended that real 

time flow measurement be added to the system. This can be used to measure flow 

through the valve as well as regurgitation volumes. This is useful for measuring 

the efficiency of the valve. Furthermore, it can also be used for future, more 

accurate, validation studies.  Other challenges that need attention are the system 

vibration, the compliance and resistance settings, the capability of variable stroke 

volumes, uniform rotation of the cam shaft and reduction of the pressure at 

accelerated heart rates above 200 bpm. 

Long term fatigue testing of the valve is still required in order to get approval for 

future human trials. To the author‟s knowledge, no successful long term fatigue 

tests have been conducted to date. 
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APPENDIX A: Fluid structure interaction simulation methods, 
boundary conditions, modelling and limitations  

This section describes the way the FSI simulations were created and performed. It 

will familiarize the reader with the software used, the processes implemented for 

setting up the FE model for the simulation, problems encountered with performing 

the simulations and how the problems were overcome.  

MSC.Patran 2010.1.2 was used as the pre-processor to set up the FE model and 

parameters. The results were then analysed using Ensight 9.2 standard.  

A.1. An introduction to the Dytran solver 

Dytran is a commercial package used to simulate real life problems which require 

an explicit solution. Explicit solutions are required for problems with material 

nonlinearity, large geometric nonlinearity, material and geometric nonlinearity in 

combination with large displacements and where the physics demands a small 

time step. It is commonly used to simulate the interaction of fluid with structures 

such as in sloshing of water in a tank, contained explosions, air bag inflation and 

motor vehicle accidents [105]. The first reported use of Dytran being used for 

modelling a heart valve was done by Van Aswegen [106] of Stellenbosch 

University. 

Dytran is an explicit FE solver and uses small time integrals to solve a given 

problem. Hence it is used to simulate very short transient problems. Dytran uses a 

FE formulation based on the technology of MSC.Dyna for the Langrangian 

(structural) solver and a finite volume formulation based on the technology of 

MSC.Pisces for the Eulerian (fluid) solver. The interaction between the 

Langrangian and Eulerian solvers are defined using either an ALE or a general 

coupling method [107]. The difference between the two methods has been 

discussed in CHAPTER 2. The general coupling method operates the same way as 

the non-boundary fitted method discussed. 

The general coupling method is the preferred method for simulating the heart 

valve using the Dytran solver [16]. The fluid is made up of an Eulerian mesh, 

consisting of solid Euler elements. The mesh remains fixed while the mass, 

momentum and energy of the fluid material flows from one element to the next as 

depicted in Figure A-1 [107]. The structural surface is made up of a Lagrangian 

mesh, consisting of shell or solid elements. The Lagrange mesh acts as a boundary 

to the flow of the fluid material. The Lagrange mesh must form a closed volume 

referred to as the coupling surface. The Euler and Lagrange meshes are 

completely separate from one another. Interaction between the fluid and the 

structure occurs when an Eulerian mesh is coupled with a corresponding 

Lagrangian mesh. The closed volume formed by the coupling surface must 

intersect at least one Euler element otherwise the coupling surface is not 
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recognized by the Eulerian mesh. A coupled pair will be referred to as the 

Eulerian domain associated with a coupling surface. 

 

Figure A-1: Schematic showing the Euler and Lagrange meshes, the flow of the fluid 

material and the closed Lagrange surface. 

Many problems require multiple couples where fluid material flows through a 

couple surface from one Euler domain into another Euler domain. Surfaces can be 

closed using dummy elements which do not take part in the calculations and may 

allow interaction of fluid between multiple couples. These dummy elements can 

form a hole between two Euler domains. 

A.2. Modelling the valve and Euler domain 

Surface modelling was used to create the initial valve geometry in Autodesk 

Inventor 2010. The surfaces were imported into MSC.Patran 2010 and meshed 

using quadrilateral Key-Hoff and dummy shell elements.  The dummy elements 

were used to close the coupling surfaces and create a closed volume. The Key-

Hoff formulation performs better than other element formulations under large 

strains though more computationally expensive. 

Several studies[72], [82], [84], [108] simulated the valve using solid elements. 

This enabled the implementation of improved material models, leaflet formation 

and variation of leaflet thickness. This provided a more accurate representation of 

the native valve.  Although the leaflets for the current BHV are considered to have 

a uniform thickness, solid elements would eliminate the requirements of multiple 

couples.  This would simplify the implementation of the fluid structure interaction 

and provide better insight to the flow behind the leaflets. This was attempted 

using two methods in Dytran without success. This limitation is discussed further 

in Section A.6.1.  

For this study, shell elements are adequate as there is minimal variation in the 

thickness of the kangaroo tissue. However, for the implementation with Dytran, 

using shell elements requires the use of multiple couple and Euler domains. This 

creates additional problems for the solver, having to solve for the flow between 

multiple domains, and for post processing of the results.   

flow of fluid couple surface 

Euler mesh 

Lagrange 

mesh 
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The ideal position to model the leaflets of the valve is in the stress free state. The 

leaflets have been modelled in either the open [61], [109], [110] or closed [19], 

[78], [108] resting positions in past research. Neither the closed nor the open 

position can be considered to be in a stress free state [109]. However, it makes 

sense to model the valve in the closed resting position as this is the position of the 

valve at the beginning of systole. The leaflets were assumed to be stress free in 

this closed resting position. To know what this resting position may look like, a 

manufactured artificial valve was observed. The observed position was modelled 

as accurately as possible. Figure A-2 shows the comparison between the 

manufactured valve and the FE model.  

 

Figure A-2: Comparison of the manufactured valve leaflets in the closed resting position to 

the FE model. 

Constructing the leaflet in the closed position using surfaces is a difficult task. 

Furthermore, problems were encountered when attempting to mesh the surfaces. 

An alternative method was therefore implemented to create a FE mesh of the 

valve in the closed position. The leaflet was created as a surface in the open 

position and meshed using isometric quadrilateral elements. This enabled a 

smooth mesh to be created. A pre-FSI simulation was performed to close the open 

valve FE model. A uniform pressure was applied to the outer surfaces of the 

leaflets. The closed FE model was then used in the FSI model in the unstressed 

state. APPENDIX C, Section C.1, describes, in further detail, the process of 

closing the open leaflets. The closed position of the FE valve mesh from the pre-

simulation was used to set up the FSI simulations. 

Figure A-3 shows one third of the FE model. There are six surfaces for each third 

of the model as labelled in the figure: the pre-valvular flow boundary, post-

valvular flow boundary, stent wall, leaflet back, leaflet and the leaflet hole. The 

leaflet back forms part of the stent wall. It has been distinguished apart from the 

stent wall because it also formed part of the closed couple surface of the leaflet.  

.  
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Figure A-3: Schematic of a third of the valve model showing the surfaces defined. 

Solid Euler elements were generated from within Dytran to form the Euler 

domain. This way allowed easy modification of the mesh density and position. 

The limitation was that only a box shape which aligned with the coordinate axes 

could be generated. The coordinate, size and number of elements in each of the x, 

y and z directions were defined in the input file. The Euler domain had to 

completely cover the surfaces which consisted of the respective coupling surfaces 

described in APPENDIX C, Section C.2. Mesh independence tests revealed that 

an element size of 0.5x0.5x0.5 mm was sufficient for the FSI simulations. 

A.3. Numerical method 

As described in the previous section, the general coupling method was 

implemented for the FSI simulations. Dytran‟s fast coupling algorithm was used 

to solve the FSI problem. This algorithm uses knowledge of the Euler mesh 

geometry to speed up the analysis. The algorithm typically has a 50–90 % 

reduction in simulation time compared to the normal general coupling algorithm. 

The requirement for using this algorithm is that the Euler mesh must be aligned 

with the basic coordinate system axes [107].  

The governing equations of motion used to solve the structural problem are as 

follows: 

               
    (A-1) 

Where  ,   and   are the mass, damping and stiffness matrices of the system, 

respectively,   ,    and    are the acceleration, velocity and displacement at the current 

time step  , respectively and   
   

 is the vector of externally applied loads at the current 

post-valvular flow boundary 

leaflet back 

pre-valvular flow boundary 

leaflet hole 

leaflet 

stent wall 
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time step  . A Reimann-based, explicit Euler method was used to solve the 

governing fluid mass and momentum equations: 

 
    

    
 
      

     
   (A-2) 

 
      

    
 
        

     
 
    

     
     

 

   
 
   
   

 
   

   
 
 

 
   
   
   

  (A-3) 

Where   is the spatial displacement,   is the fluid density, p is the pressure, u is 

the fluid velocity, t is the time, f is the vector of body forces,   is the viscosity and 

    is the Kronecker delta tensor. The system of equations is closed by solving the 

simple bulk modulus (     ) fluid equation of state: 

         
 

  
    (A-4) 

For a detailed description of the complete numerical approach used by Dytran to 

solve the fluid-structure interaction please refer to the Dytran theory manual 

[107]. 

A global damping coefficient, called vdamping, was introduced into the 

simulations. This was necessary to keep the solution from becoming unstable. 

This damping coefficient is based on a mass-spring-damper system and is applied 

to the equation of motion (Equation A-5) The updated velocity derived from the 

equation of motion is expressed as follows: 

   
      

   

   
  
      

  

   
 
    
      

 

  
  (A-5) 

where   is the damping coefficient,     
  and     

  are the external and internal 

forces acting on the body at the current time step and   is the mass of the body. 

Care had to be taken when using global damping as it can interfere with the 

solution path. The lowest possible damping coefficient value should be used to 

avoid this interference.  
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A.4. Solution method 

The flow through the valve was considered to be laminar, incompressible. 

Although the peak velocity through the valve is considered to cause turbulent 

behaviour, it has been argued that the flow remains laminar due to the short 

duration of the peak velocity [103]. This has been adopted by majority, if not all, 

FSI simulations of trileaflet heart valves. The fluid was modelled as a Newtonian 

fluid. 

A complete FE valve model was used for simulations as opposed to a one third or 

one sixth of the valve. Symmetry was assumed for creating the FE structure of the 

valve. However, symmetry is not assumed during the opening and closing despite 

the symmetry of the structure. Asymmetry is particularly evident during closure of 

the valve. The asymmetry is caused by the interaction of the leaflets with each 

other and the alteration of the flow due to this interaction. 

The FE model, material models, boundary conditions and solution parameters 

were set up using MSC.Patran 2010. The information was translated to input files 

for the FSI solver MSC.Dytran 2010. The files required slight modification before 

executing them in Dytran. The simulations were executed using the High-

Performance Computing (HPC) facility at Stellenbosch. They were run on 8 CPUs 

using parallel processing for the FE solver. Dytran‟s parallel processing 

implementation for the fluid solver was released in the latest version but still has 

problems and did not run correctly. The typical solution time was between 150 – 

350 hours. 

A.5. General boundary conditions, initialization and material 
properties 

In order for flow to occur through the Euler domain it had to be bounded by a 

closed volume consisting of structural, Lagrangian elements referred to as 

coupling surfaces. Four coupling surfaces (Figure A-4) were defined for the full 

valve model: the three leaflet couples and the valve (main flow) couple. Each 

leaflet couple formed a closed coupling surface using the leaflet, leaflet back and 

the leaflet hole surfaces. The valve couple formed a closed coupling surface using 

the pre-valvular flow boundary, post-valvular flow boundary, stent wall and 

leaflet back surfaces. In total there were four Euler domains coupled with four 

closed volumes. 

.  
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Figure A-4: Schematic of the coupled Eulerian domains with the respective couple surfaces. 

The pre-valvular flow boundary, post-valvular flow boundary and leaflet hole 

surfaces consisted of dummy elements. The dummy elements do not have any 

material properties prescribed to them and are used to close coupling surfaces and 

define boundary flow conditions. The pre-valvular and post-valvular flow 

boundaries are used to close the main flow coupling surface and allow the 

boundary flow conditions to be applied to them. The leaflet hole was used to close 

the leaflet coupling surface.  It was defined as a completely porous surface 

through which the fluid can flow from the main flow Euler domain to the leaflet 

Euler domain and vice versa. The elements which form the leaflet back and the 

stent wall are defined as rigid elements with the properties of the stent. The leaflet 

properties and material model will be discussed for the individual simulation 

cases. 

The literature suggests that majority of FSI simulation studies used a pressure 

boundary condition (or pressure „sinks‟), at opposite ends of the valve model, to 

initiate flow through the valve [68], [72], [82], [83], [108]. Physiologically 

representative transient pressure waveforms are prescribed at the flow boundaries: 

ventricular and aortic pressure at the pre-valvular and post-valvular flow 

boundaries, respectively, or transvalvular pressure at the pre-valvular flow 

boundary with a constant pressure at the post-valvular flow boundary. This was 

considered to be the best representation of the physiological conditions.  

The pressure type of boundary condition was originally intended to be used, and 

was in fact implemented, for the simulations in this thesis. It was only during 

attempts to validate the simulations using experiments that problems arose. These 

are discussed further in Section A.6.3.  

main flow 

couple pair 

leaflet 3 

couple pair 
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To overcome this problem, a transient velocity curve was prescribed at the pre-

valvular flow boundary as the alternative. A constant pressure of 10 kPa was 

applied to the output surface. It is not wrong to use a pressure of 0 kPa, but as 

explained by Van Aswegen [16], a 10 kPa pressure was preferred. Moreover, this 

is close to the pressure at which the ventricular pressure equals the aortic pressure 

at the beginning of systole. The pressure “seen” at the pre-valvular flow boundary 

would essentially be the pressure that would occur across the valve. This is also 

referred to as the transvalvular pressure gradient. All Euler elements were 

initialized to 10 kPa for the beginning of the simulation.  

Besides the interaction between the fluid and the structure, there is also interaction 

between the FE structures themselves: leaflet on leaflet, leaflet on stent and leaflet 

contact with itself. It was therefore essential to implement contact conditions 

between the structural elements. Three contact algorithms were defined: master-

slave node contact between each leaflet and their corresponding leaflet back, 

master-slave node contact between each adjacent leaflet and self-contact for each 

leaflet. The Dytran user‟s manual [111] contains the theory for the contact 

algorithms. 

A.6. Problems/limitations encountered using the software 

The author decided it was necessary to include a section on the limitations 

experienced while attempting FSI simulations using Dytran. The limitations had a 

significant influence on the way the simulations were modelled, set up and 

performed. Furthermore, it influenced what was analysed/investigated using the 

FSI simulations and the results obtained.  

Simulating the flow of blood through the heart valve is one of the most 

complicated problems to attempt. This is further complicated, and restricted, by 

using a commercial product which has not been specifically coded to deal with 

such problems. The limitations stretch across almost every area from material 

definitions, to the coupling methods, to the boundary conditions and more. 

However, only the most influential limitations will be discussed in this section. 

Further struggles will be expounded on in the discussion of the various results 

from the simulations.  

A.6.1. Modelling the valve using solid elements 

Dytran uses a strongly coupled immersed boundary algorithm to solve FSI 

problems. As discussed in Section A.1, this means that the fluid mesh and 

structural mesh are completely separate. The structural mesh is free to move 

within the fluid mesh without requiring the fluid mesh to move/adapt to the new 

displacement. The requirement, however, is that the structure must intersect at 

least one Euler element. Using a solid FE mesh for a thin structure, such as in the 

case of a thin tissue for the leaflet, requires a very small Euler element size. 
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Dytran calculates the step size so that it is smaller than the time taken for a stress 

wave to cross the smallest element: 

      
  

   
 (A-6) 

where    is the distance across the element,   is the velocity of the fluid and   is 

the speed of sound. This, coupled with the extremely large number of elements 

required for such a small element size, results in long convergence times and 

excessively computationally expensive simulations.  

Attempts were made to simulate a simplified model, a flexible baffle in a box, 

using solid Lagrangian elements. This is the same problem used by Van Aswegen 

[16] to determine the best coupling method to use for the simulations. The 

simulations crashed because of the lack of computational memory. This simply 

proved that it was infeasible to model the leaflets using solid elements with the 

resources available at the time. Essentially this meant that the original shell 

element leaflet, used by Van Aswegen [16], had to be implemented for the 

simulations. Van Aswegen [16] also reported issues with this method due to the 

multiple coupling regions required using shell elements, coarse meshes and other 

instabilities. 

A.6.2. Need for damping of the system 

Instabilities were encountered during the first attempts of simulating a simplified 

FSI problem of a flexible baffle obstructing the flow in a rectangular tube. The 

instabilities were amplified for the heart valve simulations. This was due to mesh 

skewness, large deformations of the leaflet during opening and closing, contact 

between leaflets and fluid mesh instabilities. All these factors led to the structural 

shell elements distorting and exploding, causing the simulation to crash. This is 

commonly referred to as hourglassing effects.  

Several methods were used to solve this problem: the element size for the leaflet 

was reduced to create a smoother mesh with a reduced skewness factor, the Euler 

element size for the fluid mesh was reduced and, finally, hourglass and global 

damping factors were introduced into the simulation. As previously mentioned, 

the global damping factor can influence the solution path of the problem which 

will affect the results. The influence of the global damping factor was reported by 

Van Aswegen [16]. The damping effect was confirmed by the author‟s own 

investigation. As reported in specific simulation cases in CHAPTER 5 and 6, the 

lowest necessary damping factor, needed to ensure a stable solution, should be 

used. 
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A.6.3. Pressure flow boundary condition 

Two problems were encountered when prescribing a pressure boundary condition 

at both ends of the valve model. The first was that the viscosity of the fluid could 

not be incorporated in the simulation. The second was that the velocities produced 

from the simulation were abnormally higher than what was considered to be in the 

range expected. This was discovered while attempting to validate the simulations 

using experimental data. A simplified model of fluid flow through a tube was 

conducted to confirm the results. Admittedly, this should have been picked up, or 

at least tested, early on in the study but unfortunately was overlooked. The 

simulation of the simplified model is reported in APPENDIX C, Section C.4. This 

confirmed the suspicions that prescribing a pressure boundary condition at both 

ends produces nonphysical behaviour of the flow.  

This is an issue with the code used in Dytran. Through correspondence with the 

Dytran support team, it was found that the solver converts the pressure into a 

theoretical velocity which it uses to drive the flow through the valve. Please refer 

to the Dytran user manual [111] for an in depth explanation of how it 

accomplishes this. This conversion created instabilities in the flow and hence the 

abnormally high velocity through the valve.  It was therefore decided that the 

simulations would have to progress using a transient velocity waveform 

prescribed at the pre-valvular flow boundary to enforce fluid flow through the 

valve. 

A.6.4. Fast coupling mesh requirements 

A prominent limitation of the fast coupling method is that the mesh had to be 

aligned with the coordinate system axes. This meant that the Euler domain was 

meshed as a rectangular mesh. The mesh was inefficient as many of the elements 

lay outside of the couple region and therefore did not take part in the simulation 

but affected the run time of the simulations. This however was a minor limitation.  

The major limitation was that the couple surface is cylindrical while the Euler 

domain was rectangular. The couple surface intersected the Euler elements 

essentially cutting them into smaller elements. The solver had to accommodate 

this by merging the cut elements with other elements if they were small enough to 

do so. This was also applicable for the leaflet coupling surface. During the 

opening cycle, the leaflets would intersect different Euler elements at the different 

time steps. The crucial time when problems would occur was during the fully 

open stage. As shown in Figure A-5 the closed couple surface barely covers one 

Euler element completely at the top. No Euler elements are completely covered by 

the closed couple surface towards the base of the leaflet. This can create issues in 

the stability of the simulation. If the closed volume does not cover at least one 

Euler element then the closed volume is not recognized. If the mesh is too coarse 

or the leaflet is pushed too close to the stent wall then the closed volume formed 

by the leaflet would not be recognized. 

Stellenbosch University  http://scholar.sun.ac.za



101 

 

This problem was primarily solved by refining the Euler mesh so that the closed 

volume did cover at least one element. However, refining the mesh increases the 

simulation time and it did not completely resolve the problem. It is recommended 

that future simulations use a more congruent mesh which will form a better fit 

with the closed volumes. 

 

Figure A-5: Image of an Euler mesh section and open leaflet. 

A.7. Summary 

This section described the methods used for simulating the fluid structure 

interaction between a tri-leaflet prosthetic heart valve and the fluid flowing 

through the valve. The limitations and problems encountered during the attempted 

simulations were discussed. The limitations of the software had a significant 

impact on the analysis of the heart valve. Further work and improvements need to 

happen in order to implement more complex models and analysis. 

The simulations were able to continue using a transient velocity curve to drive the 

flow through the flow.  

structural mesh does 

not cover at least one 

Euler element 

Euler elements 

leaflet in the open position 
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APPENDIX B: Electropolishing 

B.1. Introduction 

At the commencement of this Master‟s thesis several Cobalt chrome material 

stents had been manufactured. The stents were manufactured by Disa Vascular 

using a laser cutting process to cut the stents from a length of tubing with an outer 

diameter of 9.5 mm and wall thickness 0.35 mm. This process produces a rough 

surface finish with sharp edges which pose a risk of rupturing the balloon when 

expanding the stent from a crimped state, cutting the sutures during manufacture 

and operation and damaging the leaflets when they open during systole.  

Apart from the potential damage to the balloon, leaflets and sutures, the surface 

quality of stents has a significant influence on biocompatibility. The extent of 

protein attachment to an artificial surface is influenced by surface roughness as it 

determines the contact area of the stent with the artery. As such, the surface 

properties of the stent determine post stent implantation complications like 

thrombogenicity and tissue reaction i.e., the nature of the metal surface is crucial 

to blood compatibility [53][112].  

The literature indicates that annealing, acid pickling, etching and electropolishing 

all have an influence on the stent surface smoothness [112]. However, the 

annealing, etching and acid pickling processes are not sufficient to produce 

adequate surface smoothness on their own but rather aid the electropolishing 

process. It was thus decided at this stage to focus primarily on the electropolishing 

process.  

The stent is immersed in an electrolyte solution, which carries a direct current, 

and metal dissolution takes place from the anode (the stent) and towards the 

cathode [113]. The following parameters can be used to control the 

electropolishing process [113]:  

 Potential and current density 

 Electrolyte composition (concentration and preparation) 

 Electrolyte temperature 

 Processing time  

 Hydrodynamics (agitation, cell configuration and geometry) 

 The alloy surface 

B.2. Experimental setup 

Figure B-1 shows the setup used for the electropolishing. A 12 volt DC power 

supply was used to control the voltage and current density. The positive terminal 

was connected to the cathode (stainless steel tube) immersed in the electrolyte and 

the negative terminal was connected to the anode (stent). The beaker containing 

an electrolyte solution was placed on a heater cum magnetic stirrer plate which 
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controlled the temperature and agitation of the electrolyte. A 12 mm magnet 

capsule, not seen in the figure, was placed in the solution at the bottom of the 

beaker to agitate the electrolyte solution. The temperature was monitored using a 

digital multi-meter (supplier: Major Tech, model: MT 1883) capable of measuring 

temperatures from -20 °C to 760 °C. A retort stand was used to hold the stent and 

lower it into the solution for the stipulated processing time. Titanium wire, due to 

its inert nature, was used to connect the stent to the negative lead.  

 

Figure B-1: Experimental setup for electropolishing 

B.3. Method 

The aim of the experiments was to produce a repeatable method which can be 

used to electropolish cobalt chrome stents. The aim was not to produce an 

optimally electropolished surface. The surface must be sufficiently smooth, 

enough to reduce the problems associated with an unpolished stent.  

The electrolyte solution for electropolishing was obtained from Disa Vascular. 

They kindly donated the solution they use in their process for electropolishing the 

cobalt chrome coronary artery stents which they manufacture. The solution is 

proprietary and can therefore not be documented. In general, the solution consists 

of a mixture of sulphuric acid, hydrochloric acid, glycerol, phosphoric acid and 

de-ionised water. They furthermore recommended a temperature of 85 °C for the 

electrolyte solution and a potential ranging between 2.5 V and 15 V [114]. 
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Considering Disa Vascular‟s experience with electropolishing stents, it was 

decided to adhere to their recommendations. 

Two sets of experiments were conducted. Firstly, experiments were performed 

using samples, 5 mm in width, cut from the tubular rod used to manufacture the 

stents. The aim of the first set of experiments was to find a suitable potential 

which would produce a sufficiently smooth surface. Secondly, experiments were 

performed using a sample of the manufactured stents. The aim of the second set of 

experiments was to determine a suitable processing time to sufficiently polish the 

stent. The amount of material removed from the struts was analysed. This was 

used in conjunction with the surface smoothness to determine the most 

appropriate submersion time. 

B.4. Results and discussion 

For the first set of experiments, five tests were performed using potentials of 

2.5 V, 5 V, 7.5V, 10 V and 15 V for the different tests. The processing time, 

electrolyte temperature and agitation were kept constant for all the tests at 5 min, 

85±2 °C and a value of 4, respectively. The surface of the samples was analysed 

using an electron microscope before and after electropolishing. The images are 

compared in Figure B-2. The samples from the 2.5 V, 7.5 V, 10 V and 15 V tests 

have a very grainy surface. This is due to previous attempts at electropolishing the 

samples using an electrolyte solution which was prepared in house. The attempts 

produced a bad quality surface. The samples were recycled for the tests with the 

new electrolyte solution. 

Every test case produced an improvement in the surface quality. It is difficult to 

determine precisely which potential produces the best quality surface. The surface 

quality differs for all the samples before electropolishing but the quality was not 

qualitatively quantified. The surface quality improvement was done by inspection 

through a microscope. The tests with potentials of 7.5 V, 10 V and 15 V had many 

valleys and hills in the surface despite having a smooth texture. The tests with a 

potential of 2.5 V and 5 V produce a smooth surface with fewer hills and valleys. 

Although the surface is not completely smooth, the quality can be improved by 

changing the processing time. 

The geometry of the stent is very different from the samples. This may have a 

significant influence on the quality of the electropolishing. Though all the tests 

showed an improvement in surface quality, a potential of 5 V was chosen to be 

used for the second set of experiments. Processing times of 3.75 min, 5 min, 

7.5 min and 15 min were used for the tests. The electrolyte was kept at a constant 

temperature of 85±2 °C and agitation value of 4. The images before and after 

electropolishing are compared in Figure B-3. 

A good quality electropolished surface is one which exhibits a smooth, brilliant 

luster and reflectivity [115]. All the tests produced an improved surface quality 
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for the stents. The processing time which produced the best surface quality, as 

determined by inspection, was 7.5 min. A processing time of 15 min started to 

produce pitting in the surface. All test cases produced a sufficient surface quality 

for the aim of the experiments.  

It must be noted that the longer the processing time, the greater the material 

removal. Table B-1 summarises the material removal from the stent strut. The 

strut thicknesses and strut widths were averaged from several measurements at 

equidistant locations on the stent. The strut thickness decreased by 24 μm to 

48 μm and the strut width decreased by 19 μm to 39 μm. This equates to a 

reduction of 6.5 % to 13.1 % and 9.5 % to 19.5 %, respectively.  

This can have a significant influence on the stent radial and fatigue strength, 

especially after the crimping and expansion processes. A significant change in 

radial stiffness was noticed while handling the stents before and after 

electropolishing. In future, the stents must be designed with electropolishing in 

mind. An in depth study is required to determine the optimal electropolishing 

parameters and material removal. This was beyond the scope of this thesis. 

Table B-1: Summary of the average strut thickness and width before and after 

electropolishing. NR – not recorded. 

 Before After Difference 

Time 

(min) 

Strut 

thickness 

(μm) 

Strut width 

(μm) 

Strut 

thickness 

(μm) 

Strut width 

(μm) 

Strut 

thickness 

(μm) 

Strut 

width 

(μm) 

3.75 364 20 340 181 24 19 

5 371 200 332 172 39 28 

7.5 375 200 335 168 40 32 

10 366 200 318 170 48 30 

15 NR 200 353 161 NR 39 

B.5. Summary 

Crude electropolishing experiments were performed on cobalt chrome samples 

and stents. A repeatable electropolishing process was produced. A suitable surface 

quality of the stent surface was achieved. A concern with the radial strength of the 

stents after electropolishing was noted. This was due to the material removal from 

electropolishing. It is recommended that future stent designs be made with 

electropolishing in mind. The thickness and width of the struts must be designed 

slightly thicker than the final product. 
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Figure B-2: Before and after images of the sample surface using 100x magnification. 
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Figure B-3: Before and after images of the stent strut surface at 200x magnification. 
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APPENDIX C: Simulation tests and applications 

C.1. Constructing the closed position of the leaflets 

It is difficult to accurately create the leaflet surface in the closed position and then 

create a smooth, uniform FE mesh of the leaflet surface. After numerous attempts 

at creating and meshing the leaflets in the closed position with unsatisfying 

results, an alternative approach was considered. 

The leaflets were created as a surface in the open position using the valve height, 

LFEL and commissure length as the design criteria. This approach proved to 

produce a smooth, isometric FE mesh which could then be closed using FE 

simulations. The simulations are purely structural simulations although Dytran 

was used as the solver.  

A linear isotropic material with Young‟s modulus of 3 MPa, Poisson‟s ratio of 0.3 

and thickness 0.3 mm was applied to the leaflets. A damping factor of 0.005 was 

required to keep the simulation stable. A range of pressures were tested to find the 

lowest pressure required to close the leaflets without overstraining them. A 

constant pressure of 500 Pa was finally applied to all the leaflet elements. Master-

node contact was prescribed between each of the leaflets with a contact thickness 

of 0.3 mm. The contact thickness is required so that there is a gap between the 

nodes of each of the leaflets once in the closed position. This is necessary when 

creating the FSI model as the couple surfaces have to be closed thus the nodes 

have to be equivalenced for each leaflet couple. This would be very difficult, if 

not impossible, if there were no gap between the leaflet nodes when they are 

closed. It should be noted that this gap can be closed during the subsequent FSI 

simulations, thus simulating a fully closed valve with no leaks. Figure C-1 shows 

the closing of the leaflet FE mesh in preparation for the FSI model set up. 

 

(a) (b) (c)  

Figure C-1: The FE mesh of the leaflets in the (a) open, (b) closing and (c) closed position.
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C.2. Euler mesh independence tests 

C.2.1. Simulation test set up 

Euler mesh independent tests were performed using a one third model of the 

valve. The boundary conditions were set up in the same way as described in 

APPENDIX A except for the pre-valvular boundary. The tests were performed 

using a pressure boundary condition prescribed at the pre-valvular and post-

valvular flow boundaries. Although it was decided that the pressure BC was 

unreliable, for the case presented here it was acceptable as it was an analysis of 

the Euler mesh and not the valve function or flow through the valve specifically. 

The pressure shown in Figure C-2 was prescribed to the pre-valvular and post-

valvular flow boundaries, respectively. The fluid had a density of 1000 kg/m
3
. 

The leaflet material was modelled as a LinIso material (refer to CHAPTER 6) 

with a Young‟s modulus of 0.3 MPa, Poisson‟s ratio of 0.3 and thickness of 

0.3 mm. A damping factor of 0.003 was used to keep the simulation stable.  

 

Figure C-2: Pressure prescribed at the pre-valvular and post-valvular flow boundaries. 

Only the Euler mesh was modified for the seven cases that were simulated. Table 

C-1 summarizes the Euler mesh density for each of the cases. The element size 

was determined according to the geometry of the Euler box. The dimension of the 

box was multiplied by the Euler box fraction to determine the number of elements 

in a particular direction. For instance, taking the first case as an example, a box 

with geometry (12x16x24) mm would give an Euler density of (3x4x6) elements, 

where each element is a square box with dimensions of 4 mm on each side. Figure 

C-3 shows a top view of the Euler box mesh size, with respect to the leaflet, for 

the seven cases. 
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Table C-1:  Summary of the simulation data. 

Case 
Euler box 

fraction 

Element size 

(mm) 
No. of elements Valve open Valve closure 

1 ¼ 4 150 Yes No 

2 ½ 2 1080 Yes Yes 

3 1 1 7722 Yes Yes 

4 1.5 0.67 25056 Yes Yes 

5 2 0.5 60984 Yes Yes 

6 2.5 0.4 112320 Yes Yes 

7 3 0.33 198720 Yes Yes 

 

 

 

Figure C-3: Euler mesh size for cases 1 to 7. 

C.2.2. Results and discussion 

The velocity and opening characteristics for each case were analysed. The peak 

velocity (Figure C-4), RVOT and RVCT (Figure C-5) were plotted to demonstrate 

the convergence of the results. The only case that failed before the completion of 

the simulation was case 1; hence no RVCT has been recorded. The peak velocity, 

RVOT and RVCT indicate that cases 5, 6 and 7 produce similar results. The peak 

velocity converges from a velocity of roughly 3 m/s to roughly 1.65 m/s. A 

similar trend in the convergence of the RVOT and RVCT can be seen in Figure 

C-5.  

case 1 case 2 case 3 case 4 

case 5 case 6 case 7 
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Increasing the Euler mesh density beyond case 5 would not produce significantly 

better results. Furthermore, there is a significant increase in the solution time with 

an increase in the Euler mesh density. The simulation time difference between 

case 5 and case 7 was more than 15 hours i.e. case 5 took over 1.3 times longer 

than case 7. This time difference will only increase when modelling the complete 

valve. The element size that was used for the rest of the simulations was therefore 

0.5 mm. 

 

Figure C-4: Peak velocity comparison for cases 1 to 7. 

 

Figure C-5: RVOT and RVCT of the leaflet for cases 1 to 7. 

C.2.3. Summary 

A mesh independence test was performed using a one-third valve model. The 

results indicate that peak velocity convergence is reached with an element size of 

0.5 mm. This element size was used for the simulations performed for all of the 

studies in this thesis. 

  

0

0.5

1

1.5

2

2.5

3

3.5

0 100000 200000

p
e
a

k
 v

e
lo

c
it

y
 (
m

/s
)

number of elements

150

1080

7722

25056

60984

112320

198720

0

20

40

60

80

100

120

150 1080 7722 25056 60984 112320 198720

ti
m

e
 (
m

s)

number of elements

RVOT

RVCT

Stellenbosch University  http://scholar.sun.ac.za



112 

 

C.3. Stiffness simulations 

C.3.1. Introduction 

Simulation tests were performed to determine the most appropriate combination 

of Young‟s modulus and leaflet thickness. Both these properties determine the 

stiffness of the leaflet which affects the opening and closing of the valve and the 

extent of stenosis during systole. Although a study was performed on the material 

model, it was decided to use a standard isotropic material model for the further 

comparison studies.  

Three material thicknesses and three Young‟s modulus values were analysed. The 

range of Young‟s modulus values were chosen from within the range measured 

from biaxial tests on the kangaroo tissue. The range of thickness values were 

chosen from within the range of material thicknesses acquired from the kangaroo 

tissue. Nine simulations were conducted in total. The transvalvular pressure, 

maximum leaflet stress (Von Mises), RVOT and RVCT were analysed to 

determine the relationship between thickness and Young‟s modulus, if any exists, 

and to choose an appropriate combination for the comparison studies. The 

transvalvular pressure is an indication of the valve resistance or stenosis.  

A transient velocity, Figure C-6, was prescribed at the pre-valvular flow 

boundary. A pressure of 10 kPa was prescribed at the post-valvular flow 

boundary. A damping factor of 0.002 was used for all the simulations. 

 

Figure C-6: Transient velocity prescribed at the pre-valvular flow boundary. 

C.3.2. Results and discussion 

The RVOT and RVCT, Figure C-7, and the peak transvalvular pressure, Figure 

C-8, for the stiffness simulations were compared. The results have been 

summarized in Table C-2. A comparison of the leaflet dynamics during opening 

and closing can be seen in Figure C-9. Simulations with material thicknesses (T) 

of (0.15, 0.3 and 0.5) mm and Young‟s modulus (E) values of (1, 3 and 5) MPa 

were performed. Two of the simulations, T = 0.15 mm, E = 0.1 MPa and 

T = 0.3 mm, E = 0.1 MPa, crashed before the simulation completed. The 
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simulations crashed because the leaflet elements were not stiff enough and failed 

due to hourglassing effects. This caused the FE mesh to warp and explode.  

Table C-2: Summary of the results from the stiffness simulations. * - Leaflet elements failed. 

T 

(mm) 

E 

(Mpa) 

Opened 

completely 

RVOT 

(ms) 
Closed 

RVCT 

(ms) 

Peak STVPG 

(mmHg) 

0.15 1 * 
 

- 
 

5.7 

0.15 3 yes 30.3 yes 60 6.1 

0.15 5 yes 31.5 yes 88 6.9 

0.3 1 yes 32.3 yes 72 6.7 

0.3 3 yes 42.5 yes 94 9.2 

0.3 5 yes 46.3 no - 10.9 

0.5 1 yes 43.6 no - 9.5 

0.5 3 yes 62.9 no - 17.4 

0.5 5 no 76.3 no - 25.7 

 

 

Figure C-7: Comparison of the RVOT and RVCT for the stiffness simulations 

 

 

Figure C-8: Comparison of the peak transvalvular pressure for the stiffness simulations. 
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The following observations were made from the results: 

 The most obvious trend observed was that the stiffness, and hence the 

stenosis, of the leaflet increases with an increase in T and/or E. 

 The RVOT for a low T is not affected by the change in E. However, as 

T increases, the influence of a change in E on the RVOT is greater.  

 T has a significant influence on RVOT which increases by over 35 %, 

40 % and 46 % for E values of (1, 3 and 5) MPa, respectively, with an 

increase in T of 0.15 mm. 

 The leaflets closed in only four of the cases within the systolic time 

period, though some of the closures were not complete. The leaflets 

which did not close were considered too stiff to use for further studies. 

 Of the four cases, an increase of 2 MPa for E causes an increase of 

over 30 % in RVCT. An increase T by 0.15 mm causes an increase of 

over 55 % in RVCT.  

 There is an increase in the peak STVPG as T an E increase. There 

appears to be an exponential increase in the peak STVPG with an 

increase of T while the increase in E produces a linear increase in peak 

STVPG. 

 Most of the cases are within the expected limit of a peak STVPG 

between 5 mmHg and 10 mmHg. The peak STVPG gives an indication 

of the amount of stenosis/stiffness that the leaflets exhibit. The higher 

the STVPG, the greater the level of stenosis. The effective orifice area, 

in systole, decreases with an increasing stiffness/stenosis. The level of 

stenosis can be seen in the valve dynamics, Figure C-9. 

 The leaflets open in a symmetrical manner for all cases. The leaflets of 

cases T0.15 E3, T0.15 E5 and T0.3 E1 open flat against the wall of the 

stent during systole. The valve dynamics for T = 0.5 mm are strange 

and cannot be fully explained. The combination which had the best 

valve dynamics was T = 0.3 mm and E = 3 MPa. 

From the above observations, the properties that were chosen for the comparison 

studies were a T of 0.3 mm and E of 3 MPa. These properties proved to show the 

best valve dynamics and to be within the peak STVPG limit as well as having a 

reasonable RVOT and RVCT which agrees with values reported in the literature 

and reported for the CPD tests in CHAPTER 4.  
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Figure C-9: Valve dynamics for the stiffness comparison. 
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C.4. Pipe flow 

C.4.1. Introduction 

Several studies use a pressure boundary condition (BC) at the pre-valvular and 

post-valvular surfaces. The pressure sinks at the pre-valvular flow boundary and 

post-valvular flow boundary represent transient, physiological, ventricular and 

aortic pressure curves respectively. These pressure sinks cause flow of fluid 

through the valve. The author determined that this method of applying the BCs to 

cause flow through the valve was the most appropriate method.  

Dytran allowed this type of BC when tested with a one-third FE model of the 

valve. After further investigation, it was found that there were several problems 

with this despite the earlier success of implementation: 

 The solver was unable to implement viscosity in the simulations.  

 A pressure BC caused strange behaviour in the fluid. 

C.4.2. The test problem theory, simulation results and discussion 

A simple test problem from the Dytran example manual was modified and 

performed to check the validity of the pressure BC. Firstly though, the example 

problem was replicated to ensure that the model was correctly set up and gave the 

desired results. Flow through a straight pipe, with diameter 0.844 inch and length 

17.1 inches, was simulated using a constant 200 inch/s velocity prescribed to the 

inflow boundary. A constant pressure of 0 psi was prescribed at the outflow 

boundary. The pressure difference across the pipe causes a flow through the pipe 

and is coupled to the flow rate by Poiseuille‟s law [116]:  

   
   

   
   (C-1) 

where   is the volumetric flow rate which is defined by: 

        (C-2) 

and   is the radius of the pipe,    is the length of the pipe,   is the dynamic 

viscosity and   is the inflow velocity. Substituting the volumetric flow rate in 

Equation C-3 allows the calculation of the pressure drop over the pipe, given a 

specific inflow velocity: 
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  (C-3) 

Using the above equations, the pressure drop in the pipe is calculated to be 

153.6 psi. Table C-3 summarises the model and BCs for the simulation. Using an 

initial velocity BC at the inflow and constant pressure BC at the outflow, yields 

the following dynamic flow results. 

Table C-3: Summary of the pipe flow model and BCs. 

Item Value 

Pipe diameter 0.844 inch 

Pipe length 17.1 inch 

Fluid viscosity 0.001 lb.s/inch
2
 

Fluid density          lbf/inch
3
 

Velocity at inflow boundary 200 inch/s 

Pressure at outflow boundary 0 psi 

Figure C-10 and Figure C-11 show the pressure and velocity, respectively, at the 

inflow and outflow boundaries. The velocity is a negative purely due to the 

orientation of the axes in the model. The solution oscillates for a short while 

before reaching a steady state. The steady state pressure measured at the inflow 

boundary was 164.7 psi. This is close to the analytically calculated pressure of 

153.6 psi. The simulation reaches a reasonable steady state solution with a good 

correlation to the theoretical results. The centre line velocity measured at the 

outflow surface was 396 inch/s.  

   

Figure C-10: Pressure measured at the inflow (red, solid line) and prescribed at the outflow 

(blue, dotted line) boundaries for the velocity inflow boundary simulations. 
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Figure C-11: Centre line velocity prescribed at the inflow (red, solid line) and measured at 

the outflow (blue, dotted line) boundaries for the velocity inflow boundary simulations. 

C.4.3. The pressure boundary condition results and discussion 

The Dytran input file was then modified to test the pressure BC. The calculated 

pressure drop was prescribed, as a step, to the inflow boundary while the outflow 

boundary remained at 0 psi.  It was not possible to include viscosity in the 

simulation. The energy in the system would increase to extremely large values 

within the first few steps in the simulation causing it to crash. The problem was 

referred on to the developers, but no solution was found. The simulation was 

performed without viscosity. All other parameters remained the same.  

It was expected that the constant pressure drop prescribed across the pipe would 

enforce a constant flow and, consequently, a constant velocity through the pipe. 

Figure C-12 shows oscillating pressures measured at the inflow and outflow 

boundaries which had a pressure prescribed to them. This is strange because it 

does not remain at a constant value. One suggestion was that a shock wave is 

forming in the pipe due to the large step in the pressure causing pressure dips and 

spikes.  Figure C-13 shows that the velocity is constantly increasing and shows no 

signs of reaching a steady state. This too was suggested to be attributed to shock 

waves forming in the pipe.  

Further simulations were performed to test the theory. A lower pressure was 

prescribed at the inflow boundary. It was found that even prescribing this lower 

pressure resulted in the same behaviour. Considering that the step in pressure may 

have a significant impact on the solution, further simulations were performed by 

ramping up the pressure. 

The results from the simulation appear to behave in a more stable manner than the 

previous results. However, Figure C-14 shows that the measured pressure at the 

inflow boundary, which should be 153.6 psi, ramps up to 38 psi, remains constant 

for a short period and then decreases to -0.03 psi. This produces a velocity at both 

the inflow and outflow boundaries (Figure C-15) which ramps up to 35.8 inch/s 

and remains at a steady state. In consultation with colleagues as well as Dytran 
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support, a concrete reason for the strange behaviour could not be found. Further 

investigations would be required to solve the problems arising from the pressure 

BCs. Confidence in using the pressure BCs was lowered and as such a decision 

was made to use a velocity BC at the inflow. 

 

Figure C-12: Pressure measured at the inflow (red, solid line) and the outflow (blue, dotted 

line) boundaries for the step pressure inflow boundary simulations. 

 

 

Figure C-13: Centre line velocity measured at the inflow (red, solid line) and outflow (blue, 

dotted line) boundaries for the step pressure inflow boundary simulations. 
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Figure C-14: Pressure measured at the inflow (red, solid line) and the outflow (blue, dotted 

line) boundaries for the ramped pressure inflow boundary simulations. 

 

Figure C-15: Centre line velocity measured at the inflow (red, solid line) and outflow (blue, 

dotted line) boundaries for the ramped pressure inflow boundary simulations. 

C.4.4. Summary 
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which correlated well with the expected theoretical calculations. When a constant 
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indefinitely in the case of a step pressure applied to the boundary. The velocity 

reached a steady state solution when ramping the pressure however the velocity 
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These results, coupled with the fact that viscosity cannot be included when using a 
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APPENDIX D: Images from the FSI studies 

This section consists of sequential images of the systolic phase simulated for the 

FSI studies. The images were taken at 25 ms intervals unless otherwise stated for 

that particular image. Images with streamlines are captured on the left and 

corresponding images showing the velocity elevation are captured on the right. 

The two sets of images indicate the forward and backflow through the valve as 

well as the recirculation of flow around the back of the leaflets. 

D.1. Images for the material model study 

The velocity and stress legends in Figure D-1 were used for all the images of the 

material comparison study. The stream lines and the stress distribution in the 

leaflets are captured in Figure D-2 (a) and the velocity elevation above the leaflets 

is captured in Figure D-2 (b). The nonlinear isotropic (NLinIso), linear orthotropic 

(NlinOrtho) and linear isotropic (LinIso) material models are compared. 

 

Figure D-1: Legends for the material model comparison study. 

(a) (b)  

 

NLinIso LinOrtho LinIso NLinIso LinOrtho LinIso 
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Figure D-2: Sequential images of the systolic simulation for the material comparison study 

showing (a) the streamlines and (b) velocity elevation above the leaflets. 
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D.2. Images for the LFEL study 

The velocity and stress legends in Figure D-3 were used for all the images of the 

LFEL comparison study. The stream lines and the stress distribution in the leaflets 

is captured in Figure D-4 (a) and the velocity elevation above the leaflets is 

captured in Figure D-4 (b). 

 

Figure D-3: Legends for the LFEL comparison study. 

 

(a) (b)  

Ld Ls 
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Figure D-4: Sequential images of the systolic simulation for the LFEL comparison study 

showing (a) the streamlines and (b) velocity elevation above the leaflets. 

 

Time = 0.293 s 
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D.3. Images for the valve diameter study 

The same velocity and stress legends in Figure D-3 were used for all the images 

of the valve diameter comparison study. The stream lines and the stress 

distribution in the leaflets are captured in Figure D-5 (a) and the velocity elevation 

above the leaflets is captured in Figure D-5 (b). 

(a) (b)19 mm  23 mm 26 mm 19 mm  23 mm 26 mm 
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Figure D-5: Sequential images of the systolic simulation for the valve diameter comparison 

study showing (a) the streamlines and (b) velocity elevation above the leaflets. 

Time = 0.293 s 

Stellenbosch University  http://scholar.sun.ac.za



130 

 

APPENDIX E: Additional figures 

Additional figures which could not fit in the main text, but help to explain the 

concepts and arguments presented in the text, have been included in this appendix. 

Figure E-1 shows the stress-strain graph of L605 cobalt chrome. The figure is 

referred to in Section 3.1.4.1 on Page 22. 

 

Figure E-1: Stress-strain graph of L605 cobalt chrome [114]. 

Figure E-2 shows the simulated crimping and deployment load steps used for the 

FEA of the stent link. The figure is referred to in Section 3.1.4.3 on Page 25. Step 

1 is the crimping step, step 2 allows the stent to recoil when the crimping load is 

released, step 3 is the deployment step and step 4 allows the stent to recoil when 

the deployment load is released. 

  step (i) step (ii) step (iii) step (iv) 

 

     

Figure E-2: A perspective view of the four stent simulation load steps. 
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Figure E-3 shows a single line of the CPD which was used for the valve testing. 

The figure is referred to in Section 4.1 on Page 35. 

a)  b)  

Figure E-3: Images of the front (a) and back (b) views of the cardiac pulse duplicator. 

Figure E-4 (a) shows an image of the camera mounted onto the aortic valve 

chamber viewing window. Figure E-4 (b) shows an image of the cardiac probe 

held against the viewing window. The figure is referred to in Section 4.1 on Page 

35. 

(a) (b)  

Figure E-4: Image of (a) the camera and (b) the cardiac probe. 
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